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�2.1 	  Overview

In this chapter, the basic principles of magnetic reso-
nance imaging (MRI) and magnetic resonance spectros-
copy (MRS) (Sects. 2.2, 2.3, and 2.4), the technical com-
ponents of the MRI scanner (Sect. 2.5), and the basics of 
contrast agents and the application thereof (Sect. 2.6) are 
described. Furthermore, flow phenomena and MR angi-
ography (Sect. 2.7) as well as diffusion and tensor imag-
ing (Sect. 2.7) are elucidated. 

The basic physical principles of the nuclear magnetic 
resonance (NMR in medical literature: magnetic reso-
nance [MR]) can be understood in depth and in detail 
based on quantum mechanics. In Sect. 2.2, however, an-
other description is attempted that is almost physically 
exact and uses only a few simple arguments of quantum 
mechanics. In turn, the presentation will be more com-
plex, but still can be understood with only basic know-
ledge in physics. For this reason, this synopsis should 
precede the detailed description in the following sections 
to guide the reader.

MR examinations are possible if atomic nuclei of tis-
sue of interest possess a nuclear magnetic moment µ. 
Atomic nuclei with odd numbers of nucleons (here: pro-
tons, neutrons) do possess such magnetic moments. The 
nucleus of the hydrogen atom consisting of only one pro-
ton is the simplest atomic nucleus with an odd number 
of nucleons and thus has the biggest magnetic moment 
of all nuclei. Its natural abundance of almost 100% and 
its ubiquitous occurrence and the high mobility of water 
protons in living matter are further prepositions for using 
low-sensitivity NMR method for imaging in human sub-
jects. This low sensitivity compared with other imaging 
methods—e.g., positron emission tomography—cannot 
be emphasized enough. The sensitivity difference of this 
both methods is several orders of magnitude (~105–106). 
This fact has to be taken into account when magnetic res-
onance imaging is envisioned for specific probe imaging, 
nowadays known as molecular imaging.

In spite of the abovementioned low sensitivity of MR, 
proton imaging is possible in humans because of the high 
magnetic moment, ~ 100% abundance, high concentra-

�2.8.2 	  Physics of Diffusion  . . . . . . . . . . . . . . . . . . .   130

�2.8.2.1 	  Brownian Molecular Motion  . . . . . . . . . . .   130

�2.8.2.2 	  Diffusion Tensor  . . . . . . . . . . . . . . . . . . . . . .   132

�2.8.2.3 	  Diffusion Anisotropy  .. . . . . . . . . . . . . . . . .   134

�2.8.3 	  MR Measurement 
of Diffusion-Weighted Images  .. . . . . . . . .   136

�2.8.3.1 	  Diffusion Gradients 
and Diffusion Contrast  . . . . . . . . . . . . . . . .   136

�2.8.3.2 	  Pulse Sequences for Diffusion MRI  . . . . .   138

2.8.3.3 	  Artifacts in Diffusion MRI: 
Motion and Eddy Currents  .. . . . . . . . . . . .   140

�2.8.4 	  MR Measurement  
of Diffusion Tensor Data  .. . . . . . . . . . . . . .   141

�2.8.4.1 	  Diffusion Trace Imaging  .. . . . . . . . . . . . . .   141

�2.8.4.2 	  Basic Diffusion Tensor Imaging  .. . . . . . . .   141

�2.8.4.3 	  Optimizing Diffusion Tensor Imaging  .. .   143

�2.8.4.4 	  Beyond Diffusion Tensor Imaging  . . . . . .   144

�2.8.5 	  Visualization of Diffusion Tensor Data    	   145

�2.8.5.1 	  Scalar Diffusion Quantities  .. . . . . . . . . . . .   145

�2.8.5.2 	  Vector Diffusion Quantities  .. . . . . . . . . . .   145

�2.8.5.3 	  Full Tensor Visualization  .. . . . . . . . . . . . . .   146

�2.8.5.4 	  Fiber Tracking  . . . . . . . . . . . . . . . . . . . . . . . .   147

References  .. . . . . . . . . . . . . . . . . . . . . . . . . . .   149

�2.9 	  Risks and Safety Issues Related 
to MR Examinations  .. . . . . . . . . . . . . . . . .   153
G. Brix

�2.9.1 	  Safety Regulations and Operating 
Modes   .. . . . . . . . . . . . . . . . . . . . . . . . . . . . . .   153

�2.9.2 	  Static Magnetic Fields  .. . . . . . . . . . . . . . . . .   153

�2.9.2.1 	  Magnetic Properties of Matter  .. . . . . . . . .   153

�2.9.2.2 	  Biophysical Interaction Mechanisms  .. . .   154

�2.9.2.3 	  Biological Effects  .. . . . . . . . . . . . . . . . . . . . .   155

�2.9.2.4 	  Exposure Limits  .. . . . . . . . . . . . . . . . . . . . . .   156

�2.9.3 	  Time-Varying Magnetic Gradient Fields  	  156

�2.9.3.1 	  Electric Fields and Currents Induced 
by Time-Varying Magnetic Fields   . . . . . .   156

�2.9.3.2 	  Biophysical Interaction Mechanisms  .. . .   158

�2.9.3.3 	  Biological Effects  .. . . . . . . . . . . . . . . . . . . . .   158

�2.9.3.4 	  Exposure Limits  .. . . . . . . . . . . . . . . . . . . . . .   160

�2.9.4 	  Radiofrequency Electromagnetic Fields  	   161

�2.9.4.1 	  Biophysical Interaction Mechanisms  .. . .   161

�2.9.4.2 	  Biological Effects  .. . . . . . . . . . . . . . . . . . . . .   161

�2.9.4.3 	  Exposure Limits  .. . . . . . . . . . . . . . . . . . . . . .   163

�2.9.5 	  Special Safety Issues, Contraindications  	   164

References  .. . . . . . . . . . . . . . . . . . . . . . . . . . .   165

�2.1  Overview



2  Basics of Magnetic Resonance Imaging and Magnetic Resonance Spectroscopy�

tion, and high mobility of protons in tissue. The following 
consideration will be restricted to the hydrogen nuclei 
only.

The basis of the magnetic resonance imaging is a 
simple resonance phenomenon. In a magnetic field, free 
environmental magnetic moments of a specimen are not 
oriented at all; however, in an external magnetic field the 
magnetic moments are no longer randomly oriented. The 
application of an external magnetic field B0 forces the 
magnetic moments µ to align along the magnetic field. 
Due to basic physics principles, the orientation has two 
quantum states with respect to the external magnetic 
field: first the parallel, and second the antiparallel state, 
both of which have different magnetic energies Em, and 
its energy difference being ∆Em = γ · ħ · B0, and γ, ħ being 
the gyromagnetic ratio and Planck’s constant, respec-
tively. In thermal equilibrium, both states possess dif-
ferent occupation numbers, with the low-energy parallel 
state having higher probability of occupation than does 
the low-energy antiparallel state, resulting in a macro-
scopic and therefore measurable net magnetization par-
allel to the orientation of the external magnetic field. This 
thermal equilibrium state can be distorted by irradiation 
with alternating electromagnetic field having a radiation 
energy ERF identically to the energy-splitting ∆Em caused 
by the magnetic field, and the radiation energy being 
ERF = ħ · ω0, and ω0 being the resonance frequency of the 
spin system—the so-called Larmor frequency. Due to the 
resonant irradiation, the spin system takes up additional 
energy that can be dissipated only if the system is coupled 
to its microenvironment. This coupling strength is de-
scribed by the so-called T1 relaxation time (also known as 
longitudinal or spin-lattice relaxation time). An equiva-
lent for the coupling of the spins to each other is the 
T2 relaxation time (also known as transversal or spin-spin 
relaxation time). For tissues, typical T1 relaxation times 
for tissues are between 100 and 2,000 ms and T2 relax-
ation times between 10 and 1,000 ms.

MR imaging utilizing pulsed NMR—this means the 
alternating electromagnetic field, the so-called radiofre-
quency (RF) field—is applied only for a short period of 
time (in general, pulses are some milliseconds). The short 
RF pulse excites the spin system via a transmitter coil. 
After irradiation of the nuclear spin system, a receiver 
coil can detect a damped time-dependent signal with a 
frequency of ω0. This signal is called the free induction 
decay (FID). The damping of the signal is ruled by the 
T2 relaxation times, and the period by the strength of 
the external magnetic field (constant magnetic moment 
assumed). In practical terms, not only does the T2 relax-
ation time influence the damping of the signal, but also 
the technically related inhomogeneity of the external 
magnetic field. The signal damping caused by the inho-
mogeneity is called T2* relaxation time, and is in general 
much stronger than that caused by T2 relaxation times. 
Only special pulse sequences (e.g., spin-echo sequences) 

can eliminate the influence of the inhomogeneity of the 
external magnetic field and thus allow the measurement 
of the T2 relaxation times specific to the substance/tissue. 
The influence of T2 relaxation times is mainly limited to 
the amplitude of the signal.

Preposition for the image reconstruction (Sect. 2.3) is 
the exact information about the MR signal’s origin. This 
spatial information can be generated by space-dependent 
magnetic fields additionally applied along the three space 
coordinates. These space-dependent magnetic fields—
called magnetic field gradients—are small as compared 
with the main external field and are generated by special 
coils mounted in the bore of the magnet. Due to these ad-
ditional magnetic field gradients, the total magnetic field 
is slightly different in each volume element (voxel) and in 
turn, so is the resonance frequency of the spin system in 
each voxel. As a result, irradiation with a RF pulse of de-
fined frequency ω′ excites only those nuclei in such voxels 
where the Larmor frequency ω0 given by the field strength 
matches the resonance condition. Suitable changes of the 
field gradients allow moving a volume element in space, 
fulfilling this condition. Keeping in mind that the signal 
intensity of a volume element is given by the number of 
the spins in the volume element, the relaxation times of 
the tissue and the specific measurement parameters (e.g., 
pulse repetition time, echo time etc.), this signal intensity 
is assigned to the corresponding picture element (pixel). 
In this manner, the region of interest can be sampled by 
moving the volume element through space, and succes-
sively, an image with respect to pixels can be constructed. 
This method requires a long time to acquire images, as-
suming every experiment needs about 1 s to measure a 
voxel and a pixel, respectively. Thus, the measurement of 
an image 128 × 128 pixels will require more than 16,000 s 
to complete. Nowadays, 2D-, 3D-, and/or phase encod-
ing methods as well as half-Fourier methods are applied, 
allowing data acquisition times of minutes or even less. 
Special fast imaging techniques (e.g., FLASH, RARE, EPI 
sequences) allow further reduction of the acquisition 
time (cf. Sect. 2.4). 

In contrast to X-ray computed tomography, where the 
attenuation is governed purely by the electron density, as 
mentioned above, in MRI the signal intensity is a com-
plex function of the proton density and the T1, T2, and T2* 
relaxation times. Additionally, the signal intensity—and 
hence the image contrast—can be influenced by the mea-
surement parameters (e.g., echo time, repetition time) set 
at the scanner. The knowledge of these interrelations of 
the different parameters influencing the signal intensity 
and hence the image contrast is mandatory in interpret-
ing MR images correctly.

The MR scanner is a complex system (Sect. 2.5). Its 
main components are the magnet, the RF system, and the 
gradient coils. The entire system is controlled and super-
vised by a computer. The development of MR imaging 
was only possible after the development of Fourier trans-
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form NMR as well as fast computers calculating fast Fou-
rier transformations within minutes. The development of 
large-bore superconducting magnets of ≥ 0.3–1.5 T in the 
1980s accelerated the development and the application of 
MRI in clinical practice. Nowadays, 3-T scanners are in 
routine clinical use. Scanners with ≥ 7 T are installed and 
will further accelerate the development of MRI and MRS. 
Most of the magnets are made of solenoid coils. Other 
magnet types, like scanners with Helmholtz coils con-
figuration, give better access to the patients; however, are 
installed mostly for special purposes, e.g., in an operation 
suite. MR scanners with conventional resistivity magnets 
and fields smaller than 0.5 T are rarely used, except in 
countries with short supplies of helium or other restric-
tions that may not allow installation of a superconduct-
ing system.

The risk of side effects is assumed low if the magnetic 
fields are ≤ 1.5 T, except for the danger caused by ferro-
magnetic subjects accelerated into the magnet. Neverthe-
less, at fields of 1.5 T and even ≥ 3 T, the knowledge about 
side effects is rare, especially the long-term exposure due 
to high static magnetic fields, gradient fields, and RF 
fields to organisms. The problems concerning safety are 
extensively discussed in Sect. 2.9. 

In the early days of MRI, the simplicity and wide range 
with which to manipulate contrasts in MRI by changing 
the imaging parameters led to the conclusion that devel-
opment of MR contrast agents is dispensable. However, 
experience taught that contrast media significantly im-
prove MR diagnostics, not only in the central nervous 
system, but also in other diagnostic procedures. In con-
trary to X-ray contrast agents, where absorption is the 
dominating physical effect producing the contrast, MR 
contrast media are based on other principles. The para-
magnetic and/or super-paramagnetic properties of the 
contrast media influence the relaxation times of tissue, 
or change contrast by obliterating the signal of protons 
and thus increase contrast. Whereas in X-ray the con-
trast is proportional to the concentration of the contrast 
medium, in MR the dependency on the concentration is 
in general much stronger than linear —most often expo-
nential. MR-contrast media are described in Sect. 2.6.

The intrinsic sensitivity of NMR to motion was already 
observed early in the 1950s. In MR imaging, motion, in 
particular flow, is often recognized as artifacts. However, 
these phenomena can be used to measure flow and/or 

represent the vascular system. Two effects are used for 
these kinds of measurements, the time-of-flight phenom-
enon (or the wash-in/wash-out effect) or the spin-phase 
phenomenon. In time-of-flight measurements, moving 
spins are excited at one location (in the vessel), and de-
tection of the spins is performed downstream at another 
known location (slice). The delay time between excitation 
and detection can be used to calculate the flow veloc-
ity. Several modifications of the method exist (e.g., pre-
saturation, bolus tracking), and are used depending on 
the setup of the measurement and sequences used. The 
spin-phase phenomenon can be used for angiographic 
imaging as well. The phase of the transverse magnetiza-
tion of moving spins along a field gradient changes ac-
cording to the Larmor equation. These phase-shift effects 
are observed for flow in all directions. The phase changes 
are prone to different flow parameters (e.g., velocity, tur-
bulences, acceleration, etc.) and on the pulse sequences 
used. The signal variations produced by the two effects 
can be used to produce images of the vascular structures. 
Using phase-sensitive effects, magnitude subtraction is a 
common procedure: dephased and rephrased image are 
acquired sequentially and are subtracted. Using time-of-
flight effects, mostly maximum-intensity projection is 
used to construct images of the vasculature. The angio-
graphic techniques are described in detail Sect. 2.7.

Diffusion-weighted and -tensor imaging is a method 
applied first for clinical problems in brain, e.g. stroke, 
characterization of brain tumors, multiple sclerosis, etc. 
Molecules in gases and fluids undergo microscopic ran-
dom motions due to the thermal energy proportional to 
the temperature of the gas or fluid. If the molecules—in 
this context only water molecules are considered—are 
imbedded in a structure, for instance in tissues, the ran-
dom walk motion may be restricted by the cellular tis-
sue structure and hence reduce diffusion constants. If the 
structure of tissue has a preferred direction, diffusion will 
no longer isotropic; the diffusion will have higher com-
ponents in the preferred direction of tissue. This kind of 
diffusion is called anisotropic diffusion. In mathematical 
terms, the anisotropic diffusion can be represented by a 
tensor. The so-called apparent diffusion coefficient can 
be measured, and the anisotropy of the diffusion can be 
determined and contains information about the structure 
of tissue. The basics of diffusion imaging are elucidated 
in Sect. 2.8.

�2.1  Overview
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�2.2 	  Physical Basics

G. Brix

�2.2.1 	  Nuclear Spin and Magnetic Moment

All nuclei with an odd number of protons and/or neu-
trons possess in their ground state a non-zero angular 
momentum or nuclear spin I, which results from the in-
trinsic angular momentums and the orbital angular mo-
mentums of the constituent protons and neutrons. 

As with any other angular momentum at the atomic 
and nuclear level, the angular momentum vector I is 
quantized. This quantization is described by the follow-
ing fundamental postulates of quantum physics:
•	 Quantization of the magnitude: The magnitude (length) 

|I | of the angular momentum vector can only take the 
discrete values |I| = ħ I(I + 1), with ħ being the Planck’s 
constant (ħ = 1.05 × 10–34 Js) and I the spin quantum 
number, which is either integer or half-integer. 

•	 Quantization of the direction: The component Iz of the 
angular momentum vector I along the direction of an 
external magnetic field is quantized. For a given value 
of I, only the discrete values of Iz = mħ are admitted, 
where m is the magnetic quantum number which is 
limited to the values –I, –I + 1, . . . , I – 1, I. In total, 
there are thus only 2I + 1 orientations of the angular 
momentum vector I allowed.

Example: Figure 2.2.1 illustrates spin quantization in form of 
a vector diagram for a nucleus with the spin quantum num-
ber I = 3/2. In this case, there are 2I + 1 = 2 · 3/2 + 1 = 4 ori-
entations of the spin vector I with the magnitude (length) 

I(I+1)|I| 3/2 · (3/2+1) 15/4ћ ћ ћ  allowed.

Remark: The spin quantum number I is frequently referred to 
as “nuclear spin,” which means that the maximum (minimum) 
component of the vector I along the chosen axes is ħI (– ħI). 

The angular momentum I of an atomic nucleus is always 
related with a magnetic moment μ. This nuclear magne-
tism forms the basis of magnetic resonance.

Remark: An atomic nucleus can be imagined as a rotating, posi-
tively charged sphere (Fig. 2.2.2). The rotation of the charge re-
sults in a circular electric current, inducing a magnetic dipolar 
field. Both the direction and magnitude of the magnetic field are 
characterized by the magnetic moment μ. In the simple model 
considered, the vector μ is collinear with the mechanical angu-
lar momentum of the sphere. Surprisingly, in quantum physics 
this simple relationship is even valid when the angular momen-
tum is an inherent property of a particle (e.g., an electron or a 
nucleus) which is not associated with a mechanic rotation.

As shown by a large number of experiments, there is a 
linear relationship between the nuclear magnetic mo-
ment and the nuclear spin 

μ = γ I.	 (2.2.1)

The proportionality constant γ is denoted as gyromag-
netic ratio and is a characteristic property of a nuclide. 
Whereas all nuclei with I ≠ 0 can be used in principle for 
spectroscopic MR examinations, the nucleus of the hy-

Fig 2.2.1  Quantization of the nuclear spin. Vector diagram for 
a nucleus with the quantum numbers I = 3/2 and m = 1/2. The 
three other possible orientations of the spin vector I are drawn 
thinly

Fig 2.2.2  Magnetic moment of a charged sphere. In the classical 
model, the rotation of a charged particle, described by its angu-
lar momentum I, results in an electric current, which induces a 
magnetic dipolar field. Direction and magnitude of this field are 
described by the magnetic moment μ. The vector μ is directed 
collinear to the angular momentum I of the sphere (magneto-
mechanic parallelism)
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drogen atom, which has a spin quantum number of I =1/2, 
is almost exclusively used in MRI due to two reasons: 
•	 It is the most abundant nucleus in biological systems. 
•	 It has the largest gyromagnetic ratio of all stable nu-

clei. 

Table 2.2.1 summarizes MR-relevant properties of the 
most important nuclei in biological tissue.

�2.2.2 	  Nucleus in a Magnetic Field

�2.2.2.1 	 Quantum Mechanical Description

In the absence of a magnetic field, all allowed orienta-
tions of the magnetic moment μ = γ I are energetically 
equal. This corresponds to the well-known fact that a bar 
magnet can be positioned arbitrarily within the field-free 
space; its potential energy is independent of its orienta-
tion. However, if the nucleus is located in a homogenous 
static magnetic field with the magnetic flux density B 0  
(magnitude, B 0 = |B 0|) directed along the z-axis of a co-
ordinate system, the nucleus has the additional potential 
energy 

E = –μz B0 ,	 (2.2.2)

where μz is the z-component of the magnetic moment, 
which can only take the discrete values μz = γħm (with 

m = –I, –I + 1, … , I – 1, I). Consequently, there are 2I + 1 
equidistant energy levels, which are denoted as nuclear 
Zeeman levels (Fig. 2.2.3)

Em = –γħmB0.	 (2.2.3)

Remark: Numerous books use the magnetic field strength H 
instead of the magnetic flux density B. Within matter, however, 

Table 2.2.1  MR-relevant properties of nuclei which are important for biological MR examinations (Harris 1986 [3]) 

Isotope Spin quantum 
number l

Gyromagnetic 
ratio γ/107

(rad T–1 s–1)

Resonance 
frequency υ �
= ω/2π at B0 �

= 1T (MHz)

Natural 
abundance (%)

Relative MR 
sensitivity 
compared 
to 1H (%)

1H 1/2 26.752 42.577 99.985 100.0

2H 1 4.1066 6.536 0.015 0.96

12C 0 – – 98.89 –

13C 1/2 6.7283 10.708 1.11 1.59

14N 1 1.9338 3.078 99.63 0.10

15N 1/2 – 2.7120 4.316 0.37 0.10

160 0 – 99.76 – –

170 5/2 – 3.6279 5.774 0.04 2.91

180 0 – – 0.20 –

19F 1/2 25.181 40.077 100.0 83.34

23Na 3/2 7.0801 11.268 100.0 9.25

31P 1/2 10.841 17.254 100.0 6.63

Fig. 2.2.3  Nuclear Zeeman levels. Splitting of the energy levels 
of a nucleus with the spin quantum number I = 3/2 in an ex-
ternal magnetic field with the flux density B 0 . The energy dif-
ference between the four equidistant nuclear Zeeman levels is 
ΔE = ħω0 = γħB 0

�2.2  Physical Basics
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the B field represents the “real” magnetic field that interacts with 
the magnetic moments of the nuclei. The relation between the 
two magnetic field quantities is explained in Sect. 2.2.8.1.

When considering an isolated magnetic moment within 
a static magnetic field, one will find that transitions be-
tween the different energy levels are prohibited due to the 
law of energy conservation. Transitions can exclusively 
be induced by an additional time-dependent electromag-
netic RF field that interacts with the magnetic moment, 
the effect is known as magnetic resonance (MR). 

In MR, transitions are induced by a magnetic RF field 
B1(t) with the angular frequency ωRF, which is irradiated 
perpendicular to the direction of the static magnetic 
field B 0 . Such a time-dependent magnetic field, however, 
can only induce transitions fulfilling the selection rule 
∆m = ±1, i.e., transitions between neighboring energy 
levels. As a consequence, the energy ERF = ħωRF of a pho-
ton of the RF field must be identical with the energy dif-
ference ΔE = ħω0 = γħB 0  between two neighbored energy 
levels, which yields the resonance condition 

ωRF = ω0 = γB 0.	 (2.2.4)

Remarkably, Planck’s constant ħ does not occur in this 
fundamental equation of magnetic resonance. This indi-
cates that the basic principles of magnetic resonance can-

not only be described by quantum physics, but also by 
a classical approach, which is mediated by the intuitive 
semi-classical model described in the next section. 

�2.2.2.2 	 Semiclassical Description

In an external magnetic field, a cylindrical permanent 
magnet—characterized by a magnetic moment μ—ex-
periences a mechanical torque that tends to align the 
permanent magnet parallel to the external magnetic field 
and thus minimize the potential energy of the system. 
However, in the case that the permanent magnet rotates 
around its longitudinal axis and thus possesses an angu-
lar momentum (“magnetic gyroscope”), it cannot align 
parallel to the external field due to the conservation of 
the angular momentum. In this situation, it experiences 
a torque perpendicular to both the direction of the mag-
netic field and the angular momentum, which results in 
a rotation (precession) of the magnet on a cone about the 
direction of the external B 0  field (see Fig. 2.2.4b). The fre-
quency of this precession, the Larmor frequency, corre-
sponds to the resonance frequency ω0 given by Eq. 2.2.4.

Remark: The precession of a magnetic gyroscope in an external 
magnetic field can be illustrated by a mechanic analog. When a 
child’s spinning top is deflected so that its axis is not parallel to 

Fig 2.2.4  Analogy between an atomic nucleus and a top. a Pre-
cession of a rotating top in the gravitational field G of the earth. 
b Precession of a magnetic moment μ around the direction of 
a static magnetic field B 0. The fundamental difference between 

the top and the nucleus is that the nucleus possesses an intrinsic 
angular momentum I, whereas the angular momentum L of the 
top has to be initiated mechanically
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the direction of the gravitational field, it will continue rotating 
around its axis, but the axis itself will start rotating—the top pre-
cesses on a cone around the direction of the gravitational field 
(Fig. 2.2.4a). It should be mentioned, however, that the child’s 
top and the nucleus differ with regard to the fact that the child’s 
top has to be spun, whereas the nucleus possesses an intrinsic 
angular momentum.

The quantization of direction of the nuclear magnetic 
moment μ can be integrated into this classical descrip-
tion by limiting the angle between the field axis and the 
precession cone to the discrete values which relate to the 
2I + 1 orientations of the angular momentum I permit-
ted. For a spin-1/2 nucleus, this results in a double-pre-
cession cone as shown in Fig. 2.2.5. 

However, this semiclassical model is rendered ques-
tionable, because the classical concept of a continuous 
trajectory in space is hardly compatible with the quan-
tization of physical quantities. For instance, what would 
the trajectory of the vector μ look like when transitions 
between the various precession cones, reflecting discrete 
energy levels, are induced by an RF field, such as for a 
spin-1/2 nucleus, the transition from the lower to the up-
per precession cone (cf. Fig. 2.2.5)? Is it possible to assign 
to the vector μ a well-defined direction in space at any 
point in time, and would this direction change over time? 
If so, then this negates the postulate of discrete energy 
and angular momentum levels. This aporime can only be 
solved by a rigorous quantum mechanical treatment of 
the system. However, when considering only the mean 
values of physical quantities averaged over a large ensem-
ble of nuclei—which can only be measured in a real MR 
experiment—it becomes obvious that the models and 
laws of classical physics are valid. 

�2.2.3 	  Macroscopic Magnetization

In field-free space, the magnetic moments of nuclei in a 
macroscopic sample are randomly oriented due to their 
thermal motion and thus mutually compensate each 
other. In a homogeneous static magnetic field B 0, how-
ever, only 2I + 1 discrete orientations of the magnetic 
moments with respect to the direction of the external 
field are permitted, the energy levels of which differ ac-
cording Eq. 2.2.3. In thermal equilibrium, the popula-
tion of the 2I + 1 levels (spin states) is described by the 
Boltzmann statistic: The lower the energy Em = –γħB0m 
of a state with the magnetic moment μz = γħm in the z-
direction, the greater is the occupation number.

Example: Let us consider an ensemble of hydrogen nuclei in 
a static magnetic field of the flux density B0 = 1 T. According 
to the Boltzmann statistic, more nuclei will occupy the state of 
the lower energy (m = +1/2, µz parallel to B 0) than the state of 
the higher energy (m = –1/2, µz antiparallel to B 0) (Fig. 2.2.6). 

However, as compared with the thermal energy, the difference 
between the two energy levels is extremely small, so that the 
difference in the occupation numbers of the two levels is very 
small. At body temperature of 37°C, the difference in the oc-
cupation numbers with respect to the total number of spins is 
as low as 0.000003!

Fig 2.2.5  Double-precession cone for a nucleus with the nuclear 
spin quantum number I = 1/2. The two permitted spin states 
(precession cones) are characterized by the magnetic quantum 
numbers m = ±1/2

Fig 2.2.6  Origin of the nuclear magnetization. In thermal equi-
librium, the distribution of an ensemble of spin-1/2 nuclei on 
the two allowed precession cones is described by the Boltzmann 
statistic. The occupation number of the state of the lower energy 
(m = +1/2, µz parallel to B 0) is somewhat higher than that of the 
state of the higher energy (m = –1/2, µz antiparallel to B 0) which 
leads to macroscopic (bulk) magnetization M0

�2.2  Physical Basics
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Although the difference in the occupation numbers is ex-
tremely small, it results in a measurable bulk magnetic 
moment along the direction of the B 0 field due to the 
large number of nuclei in a macroscopic sample (“nuclear 
paramagnetism”). The macroscopic magnetization in 
thermal equilibrium is described by the magnetization 
vector M0, which is defined as the vector sum of the nu-
clear magnetic moments per unit volume V. The magni-
tude of the equilibrium magnetization M0 is given by 

M0 |M 0|
1 N
V

I(I+1)
3kT

B0
2 2

V

N

i
i=1

µz
y

(    )
ħ 	 (2.2.5)

where N is the total number of nuclei in the sample, T the 
absolute temperature of the sample, and k Boltzmann’s 
constant (k = 1.38 · 10–23 J/K). The ratio ρ = N/V is called 
spin density. As both the body temperature and the spin 
density cannot be altered in living beings, the equilib-
rium magnetization M0 can only be increased according 
to Eq. 2.2.5 by increasing the magnetic flux density B0. 

�2.2.4 	  Dynamic of Magnetization I: 
Resonance Excitation

The equilibrium state of a spin system can be disturbed 
by a magnetic RF field B 1(t) with a frequency ωRF equal 
to the Larmor frequency ω0, which tilts the magnetiza-
tion M. Whereas a nuclear magnetic moment μ can only 
take 2I + 1 discrete orientations relative to the static 
magnetic field B 0 (quantization of direction), the macro-
scopic magnetization M can take any direction in space 
and change it steadily.

The action of a magnetic RF field B 1(t), which rotates 
with the Larmor frequency ω0 around the direction of 
the static B 0 field, can be analyzed most effectively in a 
rotating frame, i.e., a coordinate system that rotates with 
the Larmor frequency around the z-axis (Fig. 2.2.7). The 
change to a rotating frame with the axes (x′, y′, z) has two 
advantages: 
•	 As the x′–y′-plane of the rotating frame is synchro-

nized with the RF field, the B 1 vector remains station-
ary in this frame. In the following analysis, we will as-
sume that the static B 1 field points along the x′-axis 
(Fig. 2.2.7).

•	 As shown in Sect. 2.2.2.2, a nuclear magnetic moment  
μ precesses with the Larmor frequency ω0 around the 
direction of the B 0 field (see Fig. 2.2.5). Of course, 
this holds equally for the sum of the nuclear magnetic 
moments, i.e., for the macroscopic magnetization M. 
Therefore, an observer observing the precession of the 
magnetization M from the rotating frame will come 
to conclude that the position of the magnetization 
does not change. From his point of view, the magne-
tization behaves as if the B 0 field is absent (Larmor’s 
theorem).

Summarizing both reflections, it can be concluded that 
the dynamics of the magnetization M in the rotating 
frame is determined only by the static B 1 field. If it points 
toward the x′-axis, then the magnetization M will precess 
around the x′-axis (Fig. 2.2.8a). Analogous to Eq. 2.2.4, 
the frequency ω1 of this precession is given by 

ω1 = γB1.	 (2.2.6)

When looking at this simple rotation of the magnetization 
M in the y′–z-plane of the rotating frame from a labora-
tory frame of reference (x, y, z), the movement is super-
imposed by a markedly faster rotation (B0 > B1) around 
the z-axis. Thus, within the laboratory frame of reference, 
the tip of the vector M moves in a helical manner on the 
surface of a sphere around the B 0 field; the length of the 
vector M remains constant (Fig. 2.2.8b). 

If the magnetization M points toward the static field 
B 0 before the RF field B 1(t) is switched on, the magneti-
zation M is rotated from the equilibrium position under 
the influence of the RF field during the duration tp by the 
flip angle:

α = ω1tp = γB1tp.	 (2.2.7)

If the duration tp of the RF field is chosen to rotate the 
magnetization in the rotating frame by 90°, then this 

Fig 2.2.7  Radiofrequency field in a stationary and in a rotating 
frame of reference. In the stationary frame (x, y, z) the magnetic 
RF field B 1(t) rotates with the angular frequency ωRF in the x–y-
plane around the z-axis. If one observes this rotation from a ro-
tating frame (x′, y′, z), which rotates with the angular frequency 
ωRF around the z-axis, the vector is stationary. Typically, the 
rotating frame is chosen in such a way that the B 1 field points 
in the x′-direction
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pulse is denoted as 90° or π/2 pulse (Fig. 2.2.9a). Accord-
ingly, the magnetization M is rotated by 180° when the 
duration of the RF pulse is doubled at the same flux den-
sity B1. This pulse, which inverts the magnetization from 
the positive to the negative z-direction, is called 180° or π 
pulse (Fig. 2.2.9b).

Remark: Precisely speaking, a short RF pulse with the carrier 
frequency ωRF will excite not only the nuclei that exactly fulfill 
the resonance condition ωRF = ω0, but also nuclei whose reso-
nance frequency slightly differs from ωRF. This is because the 
frequency spectrum of an RF pulse of finite duration consists 
of a continuous frequency band around the nominal frequency 
ωRF (Fig. 2.2.10). The width of the frequency distribution is in-
versely proportional to the duration tp of the pulse: the shorter 
the pulse, the broader the frequency spectrum is be distributed 
around ωRF. If the RF field is irradiated over a very long period 
(tp → ∞), the spectrum will be quasi-monochromatic.

To simplify the following analysis, the magnetization M is 
separated into two components: the longitudinal magne-
tization Mz, which is parallel to the direction of the static 
magnetic field B 0 , and the transverse magnetization Mxy, 
which is perpendicular to it (Fig. 2.2.11). In the labora-
tory frame the transverse magnetization Mxy precesses 
with the Larmor frequency ω0; in the rotating frame it 
remains stationary.

It is instructive to describe the effect of a 90°/180° pulse 
on an ensemble of spin-1/2 nuclei within the semiclassi-

cal model described in Sect. 2.2.2.2. As can be shown, the 
magnetic RF field induces transitions between the two 
permitted spin states (precession cones) until the occupa-
tion numbers are either identical (90° pulse) or inverted 
(180° pulse). Furthermore, irradiation of a 90° pulse re-
sults in a phase synchronization of the nuclear magnetic 
moments of the sample, which yields a macroscopic trans-
verse magnetization Mxy, the magnitude of which is equal 
to that of the equilibrium magnetization M0. Figuratively 
speaking, this means that the precession of the transverse 
magnetization Mxy can be described as a common (phase 
coherent) precession of a “spin package” (Fig. 2.2.12).

�2.2.5 	  Dynamic of Magnetization II: Relaxation

Up to this point, we have assumed that interactions of nu-
clear spins between one another and with their environ-
ment can be neglected. However, this assumption is not 
valid for real spin systems, as the magnetization returns 
to its equilibrium (Mxy = 0, Mz = M0) after RF excitation. 
This process is called relaxation. Two different relaxation 
processes have to be distinguished:
•	 The relaxation of the longitudinal magnetization Mz 

characterized by the longitudinal or spin-lattice relax-
ation time T1

•	 The relaxation of the transverse magnetization Mxy 
characterized by the transverse or spin-spin relaxation 
time T2.

Fig 2.2.8  Resonance excitation. a In a rotating 
frame of reference, which rotates with the Larmor 
frequency ω0 around the direction of the B0 field, 
the magnetization M precesses with the frequency 
ω1 around the stationary B1 field. b In the station-
ary frame this simple rotation is superimposed 
by the markedly faster rotation around the z-axis. 
Therefore, the tip of the vector M moves in a helical 
manner on the surface of a sphere

Fig. 2.2.9  90° and 180° pulse. If one chooses the 
rotating frame so that the RF pulse is irradiated 
along the x′-axis, the magnetization M will be 
rotated (a) by a 90° pulse along the y′-direction 
and (b) by a 180° pulse to the negative z-direction

�2.2  Physical Basics
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�2.2.5.1 	 Physical Model of Relaxation Processes

In real spin systems, every nucleus is surrounded by other 
intra- and intermolecular magnetic moments, which are 
in motion due to rotations, translations, and vibrations of 
molecules as well as exchange processes. These processes 
induce an additional fluctuating magnetic field Blok(t) at 
the position of a given nucleus, which has to be added 
to the external field. As the movements and exchange 
processes are random, the fluctuating fields differ in time 
from nucleus to nucleus—in contrast to the coherent RF 
field Blok(t) irradiated from the outside.

As any other temporal process, the locally fluctuating 
magnetic fields Blok(t) can be decomposed into its fre-
quency components.

Remark: The decomposition of a function into harmonic (i.e., 
sinusoidal) basis functions is denoted as Fourier analysis, the 
mathematical operation that gives the intensity (amplitude) of 
the harmonic basis functions as Fourier transformation. If the 
given function is periodic with period T, it can be decomposed 
into a sum of sinus and/or cosine functions with the discrete 
frequencies ω, 2ω, 3ω . . . (ω = 2π/T ). In contrast, a nonperiodic 
function has a continuous spectrum of frequencies.

The contribution of the different frequency components 
to the fluctuating local field Blok(t) is described by the 
spectral density function J(ω). A general feature of this 
function is that the more rapidly the molecular motion is, 
the broader the frequency spectrum (Fig. 2.2.13).

Fig. 2.2.10  RF pulse in the time and frequency domain. a RF 
pulse with carrier frequency ωRF and duration tp. b Fourier 
transformation of the RF pulse. Due to its finite duration, the 
frequency spectrum of the pulse is not monochromatic, but 
contains an entire frequency band, which is distributed around 
the nominal frequency ωRF

Fig. 2.2.12  Phase synchronization by a 90° pulse. The 90° pulse 
leads to a synchronization of the phases of the magnetic mo-
ments μ of the nuclei in the sample (spin packet), which results 
in a macroscopic transverse magnetization Mxy, the magnitude 
of which corresponds to that of the longitudinal magnetization 
before irradiation of the 90° pulse. In the figure, only the part of 
the magnetic moments of the sample which are distributed in an 
anisotropic manner on the precession cone is shown

Fig. 2.2.11  Definition of the longitudinal and transverse mag-
netization. As the macroscopic magnetization M precesses in 
the stationary frame around the z-axis, it is beneficial to split it 
into two components: the rotating transverse magnetization Mxy 
and the longitudinal magnetization Mz
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In order to understand the effect of the fluctuating 
local magnetic fields Blok(t) on a spin system, the com-
ponents parallel and perpendicular to B0 have to be dis-
cussed separately. Whereas the parallel component ex-
clusively contributes to T2 relaxation, the perpendicular 
component influences both T1 and T2 relaxation:
•	 The field component perpendicular to the B0 field 

induces—in analogy to the external RF field B1(t) 
—transitions between the energy levels (precession 
cones) of an individual spin. The probability of these 
transitions depends on the intensity of the frequency 
component of the fluctuating fields that oscillates at 
the Larmor frequency ω0: the higher the spectral den-
sity J(ω0), the more transitions are induced. As Fig. 
2.2.13 shows, J(ω0) assumes a maximum when the 
limiting frequency ωG of the spectral density function 
is comparable to the Larmor frequency ω0. The de-
scribed relaxation process allows the excited spin sys-
tem to emit and absorb photons of energy ħω0 until the 
Boltzmann distribution of the energy levels is reached. 
The energy difference between the excited and the 
equilibrium state is dissipated to the surrounding me-
dium or “lattice.” Since the change in the occupational 
numbers of the spin states (precession cones) is related 
with a change in the macroscopic longitudinal magne-
tization Mz, the described mechanism contributes to 
longitudinal relaxation. Moreover, it contributes to T2 
relaxation, as the locally induced transitions between 
the precession cones destroy the phase coherence be-
tween those spins which form, as a spin-package, the 
macroscopic transverse magnetization (cf. Fig. 2.2.12). 

•	 The component of the fluctuating field Blok(t) oriented 
parallel to the z-axis locally modulates the static field 
B0 at the position of a nucleus and thereby changes the 
precession frequency ω0 of its nuclear magnetic mo-
ment μ. Since the local fluctuations seen by the nuclei 
are spatially uncorrelated, the precessing magnetic 
moments within a sample lose their phase coherence, 
which causes the transverse magnetization to decay 
(see Fig. 2.2.12). Given the fact that the effect of the 
high-frequency components of the fluctuating field 
vanishes when averaged over time, only the quasi-
static frequency components, the intensity of which 
is approximately given by J(ω = 0), have a measur-
able effect on the transversal magnetization (see Fig. 
2.2.13). As no transitions between the energy levels 
(precession cones) are induced by the described relax-
ation mechanism, the longitudinal magnetization Mz 
remains unchanged, which means that the mechanism 
solely contributes to transversal relaxation. 

The qualitative discussion of the relaxation mechanisms 
reveals that their effectiveness depends on two different 
factors, namely on the magnitude and the temporal char-
acteristics of the field fluctuations. The dependence from 
the magnitude is utilized when using paramagnetic con-

trast agents (see Sect. 2.6), which possess unpaired elec-
tron spins and consequently a magnetic moment. When 
considering the fact that the magnetic moment of an 
electron amounts to 658 times the magnetic moment of a 
proton, one can easily understand why even the slightest 
amounts of paramagnetic substances can lower the relax-
ation times considerably.

�2.2.5.2 	 Phenomenological Description 
of Relaxation Processes

For spin systems with a sufficiently high molecular mo-
bility, relaxation processes can be described by exponen-
tial functions with the time constant T1 or T2. The longi-
tudinal magnetization increases exponentially toward its 
equilibrium value Mz = M0, the transverse magnetization 
decreases exponentially toward Mxy = 0. Figure 2.2.14 
shows the exponential relaxation of both magnetization 
components after excitation of the spin system by a 90° 
pulse and gives a simple interpretation of the relaxation 
times T1 and T2:
•	 The longitudinal relaxation time T1 gives the time re-

quired for the longitudinal magnetization after a 90° 
pulse to grow again to 63% of its equilibrium value M0.

•	 The transverse relaxation time T2 gives the time re-
quired for the transverse magnetization after a 90° 
pulse do drop to 37% of its original magnitude.

Fig. 2.2.13  Schematic representation of the density function 
J(ω) for three substances with a different thermal mobility of 
the constituting atoms or molecules. a If the atoms or molecules 
move very slowly (such as in solids), the intensity of high-fre-
quency components is very low. b This is different in fluids. In 
this case, the atoms or molecules move very rapidly, so that the 
spectral density function contains high-frequency components 
to a significant degree. c At a given frequency ω0 the intensity 
J (ω0) will attain a maximum if the cut-off frequency ωG of the 
spectral density function approximately corresponds to the 
given frequency ω0. At low frequencies, J (ω) is nearly indepen-
dent on the frequency, so that the density of the quasi-static fre-
quency components can be approximated by J (ω = 0)
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Fig. 2.2.15  Dephasing of the 
transverse magnetization. The 
transverse magnetization Mxy of 
the sample is split up into several 
magnetization components, which 
precess with slightly differing 
Larmor frequencies around the 
direction of the B0 field. a Im-
mediately after the 90° pulse, all 
magnetization components are 
aligned parallel. b–d Afterward, 
the components dephase due to 
their different Larmor frequencies, 
and thus the macroscopic trans-
verse magnetization decays

Fig. 2.2.14  Relaxation of the longitudinal and transverse 
magnetization. After excitation by a 90° pulse, the longitudinal 
magnetization Mz relaxes toward the equilibrium magne-
tization Mz = M0, and the transverse magnetization toward 
Mxy = 0. The temporal evolution is defined by the relaxation 
times T1 and T2, respectively (e–1 ≅ 0.37)
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The process of transverse relaxation can be described in-
tuitively on the macroscopic level. To this end, the trans-
versal magnetization Mxy is split into different magnetiza-
tion components, or spin packets. Whereas the spins of 
each spin packet precess with the same Larmor frequency, 
the spins in different packets slightly differ in their Lamor 
frequencies. Right after excitation, all components of the 
magnetization point toward the same direction; shortly 
afterward, however, some parts precess more quickly 
than others around the direction of the B0 field. Due to 
this fact, the components fan out (dephasing), and the re-
sulting transverse magnetization decreases (Fig. 2.2.15).

In real MR experiments always macroscopic samples 
are examined, so that not only the fluctuating local mag-
netic fields, but also spatial field inhomogeneities of the 
external field B0, introduced by technical imperfections, 
contribute to the transverse relaxation. As both effects 
superpose on one another, the resulting effective relax-
ation time T2* is always shorter than the real, substance-
specific transverse relaxation time T2.

�2.2.5.3 	 Proton Relaxation Times 
of Biological Tissues

Relaxation times in solids and fluids differ markedly (Fig. 
2.2.16). Whereas the longitudinal relaxation in solids can 
take hours or even days, in pure fluids it only takes some 
seconds. This difference is because the spectral density 
function J(ω0) at the Larmor frequency is much larger in 
fluids than it is in solids, in which the low-frequency com-
ponents dominate (see Fig. 2.2.13). For the same physi-
cal reason, the T2 relaxation time in solids usually only 
amounts to some microseconds, whereas in fluids it is only 
slightly shorter than the longitudinal relaxation time T1. 

Soft tissues range, based on their consistency, between 
solids and pure fluids: with regard to their relaxation be-

havior, they can in general be treated as viscose fluids. 
Table 2.2.2 summarizes representative proton relaxation 
times for different biological tissues. Due to the con-
siderable differences in the tissue relaxation times, it is 
possible to acquire MR images with an excellent tissue 
contrast even when the proton densities of the tissues or 
organs only slightly differ from one another. When inter-
preting the relaxation times, two aspects have to be taken 
into account: 
•	 The relaxation time T1 of biological tissues strongly 

depends on the Larmor frequency, whereas the relax-
ation time T2 is nearly independent of the frequency. 
When comparing T1 values, one therefore needs to 

Fig. 2.2.16  Relaxation in fluids and solids. The relaxation be-
havior of a substance depends strongly on the thermal mobility 
of the constituting atoms and molecules. For fluids with a high 
thermal mobility the relation T1 ≅ T2 holds, for solids T1 >> T2. 
The relaxation time T1 is minimal, when the cut-off frequency 
of the spectral density function J(ω) of the substance approxi-
mately corresponds to the Larmor frequency (see Fig. 2.2.13)

Table 2.2.2  1H relaxation times of biological tissues at different magnetic flux densities B0 (Bottomley et al. 1984 [2])

Tissue T2 (ms) T1 (s) at 0.5 T T1 (s) at 1.0 T T1 (s) at 1.5 T

Skeletal muscle 47±13 0.55±0.10 0.73±0.13 0.87±0.16

Heart muscle 57±16 0.58±0.09 0.75±0.12 0.87±0.14

Liver 43±14 0.33±0.07 0.43±0.09 0.50±0.11

Kidney 58±24 0.50±0.13 0.59±0.16 0.65±0.18

Spleen 62±27 0.54±0.10 0.68±0.13 0.78±0.15

Fatty tissuea 84±36 0.21±0.06 0.24±0.07 0.26±0.07

Grey brain matter 101±13 0.66±0.11 0.81±0.14 0.92±0.16

White brain matter 92±22 0.54±0.09 0.68±0.12 0.79±0.13

aIn fatty tissue, the single component relaxation times have to be considered as rough estimations
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consider the magnetic flux density B0 at which the T1 
measurement was done.

•	 Relaxation processes often consist of multiple compo-
nents, so that the description by a mono-exponential 
function is only a rough approximation. The relax-
ation times given in Table 2.2.2 therefore only repre-
sent weighted mean values of an entire spectrum of 
exponential functions, characterizing the relaxation 
behavior of protons in different cell and tissue com-
partments between which the water exchange is slow. 
However, at the timescale relevant for MRI, relaxation 
processes of most tissues can be approximated rather 
well by a single exponential function. An exception 
is fat-containing tissue (such as subcutaneous fatty 
tissue or bone marrow), which demands at least two 
exponential functions to be considered for the param-
eterization of the relaxation processes observed.

�2.2.6 	  The MR Experiment

Figure 2.2.17 shows the general setup of an MR experi-
ment; technical details will be presented in Sect. 2.5. The 
sample to be examined is located within a very homoge-
neous static magnetic field B0, which is created either by 
a permanent magnet or by a (superconducting) coil. The 
RF field required for the excitation of the spin system is 
generated by a transmit coil connected to the RF transmit 
system. This RF coil is positioned in such a way that the 
radiofrequency field B1(t) is irradiated perpendicular to 
the B0 field into the sample volume.

Remark: Whereas atomic nuclei with a nuclear spin quantum 
number of I ≥ 1 can interact with both the electric and the mag-
netic component of the electromagnetic RF field, spin-1/2 nu-
clei are only affected by the magnetic component B1(t) of the 
RF field.

After excitation of the spin system by an RF pulse, the 
precessing transverse magnetization Mxy in turn induces 
a weak alternating voltage in a receiver coil, which in 
general is identical to the transmit coil (Fig. 2.2.18a). The 
measured voltage is amplified, filtered, digitalized, and 
fed to the computer of the MR system.

The measured MR signal S(t) has the form of a damped 
oscillation (Fig. 2.2.18b), which is denoted as the free in-
duction decay (FID). The FID signal has the following 
characteristic features:
•	 It oscillates with the Larmor frequency ω0 of the stim-

ulated nuclei.
•	 It decays in time with the time constant T2*.
•	 Its initial amplitude is proportional to the number N 

of the excited spins in the sample (N = ρV ∝ M0V; cf. 
Eq. 2.2.5).

If the sample contains nuclei of a certain type whose res-
onance frequency slightly differs due to intramolecular 
interactions (see Sect. 2.2.8), the MR signal induced in 
the receiver coil will consist of several interfering decay 
curves. However, such a curve is rather complicated to 
analyze and interpret. Therefore, the detected curve is 
usually spit up into its frequency components (Fourier 
analysis, see Sect. 2.2.5.1) and presented as frequency 
spectrum. Both types of description are merely different 
representations of the same data, which can be trans-
formed into one another mathematically by a Fourier 
transformation.

Example: Figure 2.2.18b,c illustrates the relation between the 
description of the MR signal in the time or frequency domain 
by the example of a substance whose MR spectrum only shows 
one resonance line.

Fig. 2.2.17  Principle setup of an MR experiment. The object to 
be measured is placed within a homogeneous static magnetic 
field B0. Excitation of the spin system is performed by an RF 
field B1(t) irradiated perpendicularly to B0 by an RF coil. After 

excitation, the MR signal of the sample is detected by an RF coil 
and transferred via a receiver channel to the computer of the 
MR system. (For details, see Sect. 2.5)
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For quantitative analysis of an MR spectrum, the follow-
ing features are important:

•	 The center of the resonance curve is at the Larmor fre-
quency ω0.

•	 The full width Δω at half maximum of the curve is re-
lated with the characteristic time constant T2* of the 
FID by the relation Δω = 2/T2*.

•	 The area under the curve is approximately propor-
tional to the number of excited nuclei in the sample.

�2.2.7 	  Standard Pulse Sequences

In an MR experiment, only the RF signal can be deter-
mined by measurement, which is induced by the rotating 
transverse magnetization Mxy in the receiver coil (cf. Sect. 
2.2.6). Nevertheless, a large variety of MR experiments can 
be realized that differ in the way by which the spin system 
is excited and prepared by means of RF pulses before the 
signal is acquired. A defined sequence of RF pulses, which 
is usually repeated several times, is called a pulse se-
quence. In the following, three “classical” pulse sequences 
are described that are frequently used for MR experi-
ments (imaging sequences are described in Sect. 2.4):
•	 The saturation recovery sequence
•	 The inversion recovery sequence
•	 The spin-echo sequence.

�2.2.7.1 	 Saturation Recovery Sequence

The saturation recovery (SR) sequence consists of only a 
single 90° pulse, which rotates the longitudinal magneti-
zation Mz into the x–y-plane. The FID signal is acquired 
immediately after the RF excitation of the spin system. 
After a delay time, the repetition time TR, the sequence is 
repeated. The SR sequence is described schematically by 
the pulse scheme (90°–AQ– TR) (AQ = signal acquisition 
period; Fig. 2.2.19a).

If the repetition time TR is long compared to T1, the 
magnetization M relaxes back to its equilibrium state (see 
Fig. 2.2.14). In this case, the initial amplitude of the FID, 
even after repeated excitations, does only depend on the 
equilibrium magnetization M0 and does not show any T1 
dependency. However, if the repetition time TR is short-
ened to a value that is comparable to T1, the longitudinal 
magnetization Mz will not fully relax after excitation, and 
the following 90° pulse will rotate the reduced longitudi-
nal magnetization Mz(TR) = M0[1–exp(–TR/T1)] into the 
x–y-plane (Fig. 2.2.19b, c). Under the assumption that 
the transverse magnetization after the repetition time TR 
has been decreased to zero (TR >> T2*), the following ex-
pression is obtained for the initial amplitude SSR of the 
FID signal:

SSR ∝ N (1–e–TR/T1),	 (2.2.8)

which exclusively depends on the relaxation time T1 and 
the number N of the excited spins in the sample.

Fig. 2.2.18  Free induction decay (FID) and frequency spectrum. 
a After excitation of the spin system by a 90° pulse the mag-
netization Mxy precesses with the Larmor frequency ω0 around 
the direction of the B0 field and induces an electric voltage in 
the receiver coil. b The measured FID signal S(t) has the form 
of a damped oscillation, the frequency of which is given by the 
Larmor frequency ω0. The decay of the signal is defined by the 
time constant T2*. c A Fourier transformation of the FID signal 
gives the frequency spectrum of the MR signal. The resonance 
curve has its center at the Larmor frequency ω0; its full width at 
half maximum (FWHM) is related with the characteristic time 
constant T2* of the FID by the relation Δω = 2/T2

*
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�2.2.7.2 	 Inversion Recovery Sequence

In the inversion recovery (IR) method, the longitudi-
nal magnetization is inverted by a 180° pulse (inversion 
pulse), which is followed after an inversion time TI by 
a 90° pulse (readout pulse). Immediately after the 90° 

pulse, which rotates the partially relaxed longitudinal 
magnetization Mz(TI) into the x–y-plane, the FID signal 
is acquired (Fig. 2.2.20).

The IR sequence is described by the pulse scheme 
(180°– TI – 90° – AQ). The initial amplitude SIR of the FID 
signal is directly proportional to the longitudinal mag-
netization immediately before irradiation of the read-out 
pulse, just as is the case in the SR method. In contrast to 

Fig. 2.2.19  Saturation recovery sequence. a Pulse scheme of 
the SR sequence (AQ: signal acquisition). b The 90° pulse ro-
tates the actual longitudinal magnetization into the x–y-plane. 
During the repetition time TR, the longitudinal magnetization 
relaxes toward the equilibrium magnetization M0. The speed 
of this process is described by the longitudinal relaxation 
time T1. Note that by the first 90° pulse, the equilibrium mag-
netization M0 is rotated into the x–y-plane, whereas the subse-
quent 90° pulses rotate the reduced longitudinal magnetization 
Mz(TR) = M0[1 – exp(–TR /T1)]. c Temporal evolution of the 
transverse magnetization Mxy in the rotating frame. d Induced 
MR signal SSR(t)

Fig. 2.2.20  Inversion recovery sequence. a Pulse scheme of 
the IR sequence (AQ: signal acquisition). b Initially, the longi-
tudinal magnetization is inverted by the 180° pulse (inversion 
pulse), which is followed after an inversion time TI by a 90° pulse 
(readout pulse), which rotates the existing longitudinal magne-
tization Mz(TI) into the x–y-plane. After the 90° pulse, the longi-
tudinal magnetization relaxes toward the equilibrium magneti-
zation M0. c Temporal evolution of the transverse magnetization 
Mxy in the rotating frame. d Induced MR signal SIR(t)
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the SR sequence, however, the change in the longitudinal 
magnetization is twice as high and thus—in analogy to 
Eq. 2.2.8—the following expression is obtained (compare 
Figs. 2.2.19b and 2.2.20)

SSR ∝ N (1–2e–TI/T1).	 (2.2.9)

The derivation of this relation is based on the assumption 
that the spin system is in its equilibrium state before it is 
excited by the inversion pulse. When repeating the IR se-
quence, one has therefore to make sure that the repetition 
time TR is markedly longer than the relaxation time T1.

Remark: If the IR sequence is repeated several times with dif-
ferent inversion times TI, it is possible to sample the temporal 
course of the longitudinal magnetization step by step, since the 
initial amplitude of the FID signal is directly proportional to the 
longitudinal magnetization at time TI (see Fig. 2.2.20). This pro-
cedure is applied frequently in order to determine the relaxation 
time T1 of a sample according to Eq. 2.2.9.

�2.2.7.3 	 Spin-Echo Sequence

As explained in Sect. 2.2.5.2 the temporal decay of the 
transverse magnetization Mxy is caused by two effects: 
fluctuating local magnetic fields and spatial inhomoge-
neities of the magnetic field B0. The transverse magneti-
zation Mxy therefore relaxes not with the substance-spe-
cific relaxation time T2 but rather with the effective time 
constant T2* (T2* < T2). When determining the relaxation 
time T2, it is therefore important to compensate the effect 
of the field inhomogeneities. This can be done, as E. Hahn 
has already shown in 1950, by using the so-called spin-
echo (SE) sequence. This sequence utilizes the fact that 
the dephasing of the transverse magnetization caused by 
B0 inhomogeneities is reversible since they do not vary in 
time, whereas the influence of the fluctuating local mag-
netic fields is irreversible. 

In order to understand the principle of the SE se-
quence with the pulse scheme (90° – τ – 180° – τ – AQ; 
see Fig. 2.2.22a), we initially neglect the influence of the 

Fig. 2.2.21  Explanation of the spin-echo experiment in the ro-
tating frame. For the sake of simplicity, the substance-specific 
transverse relaxation is not been considered in this figure. a The 
90° pulse rotates the longitudinal magnetization into the x′–y′-
plane. b,c In the course of time, the magnetization components, 
which form together the transverse magnetization Mxy, dephase 
so that the transverse magnetization decays with the character-
istic time constant T2* (see Fig. 2.2.15). d,e Irradiation of the 
180° pulse along the x′-axis mirrors the dephased magnetiza-

tion vectors at the x′-axis. As neither the precession direction 
nor the precession velocity of the magnetization components 
are altered by the 180° pulse, the components rephase and thus 
the transverse magnetization increases. The regeneration of the 
transverse magnetization is called a spin echo. f At the time 
TE = 2τ, all magnetization components point into the same di-
rection again. Due to the rephrasing effect of the 180° pulse, the 
amplitude Mz(TE = 2τ) of the spin echo is independent of the 
static inhomogeneities of the B0 field 
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fluctuating local magnetic fields and solely consider the 
static magnetic field inhomogeneities. Immediately after 
the 90° pulse, all magnetization components composing 
the transverse magnetization Mxy point along the y′-axis 
(Fig. 2.2.21a). Shortly afterward, some components pre-
cess faster, others more slowly around the direction of the 
B0 field, so that the initial phase coherence is lost (see Fig. 
2.2.15). When looking at this situation from a rotating 

frame, one observes a fanning out of the magnetization 
components around the y′-axis (Fig. 2.2.21.b,c). If a 180° 
pulse is applied after a time delay τ along the x′-axis, the 
magnetization components will be mirrored with respect 
to this axis (Fig. 2.2.21d). However, the 180° pulse does 
not change the rotational direction of the magnetiza-
tion components, but merely inverts the distribution of 
the components: the faster components now follow the 
slower ones (Fig. 2.2.21e). After the time t = 2τ, all mag-
netization components again point to the same direc-
tion, and the signal comes to a maximum (Fig. 2.2.21f). 
The 180° pulse thus induces a rephasing of the dephased 
transverse magnetization, which causes the MR sig-
nal to increase and to generate a spin echo (Fig. 2.2.22). 
After the spin-echo time TE = 2τ, the echo decays again—
as the original FID does—with the time constant T2*.

Due to the rephasing effect of the 180° pulse, the spin-
echo signal SSE(TE) is independent from the inhomogene-
ities of the static magnetic field: the loss of signal at the 
time t = TE as compared to the initial signal SSE(0) is de-
termined exclusively via the substance-specific relaxation 
time T2. If one irradiates a sequence of K 180° pulses at 
the times τ, 3τ, 5τ, …, (2K–1)τ, one can detect a spin echo 
in between the subsequent 180° pulses (Fig. 2.2.23). The 
envelope of the echo signals SSE(2τk) (k = 1, 2, 3, …, K) 
decays exponentially with the relaxation time T2.

SSE ∝ N e–2τk/T2.	 (2.2.10)

The major advantage of this multi echo sequence consists 
in the fact that the T2 decay can very effectively be de-
tected by a single measurement (Fig. 2.2.23). 

�2.2.8 	  Influence of the Electron Shell 
on the Local Magnetic Field

All the considerations so far have been based on the as-
sumption that the external magnetic field B0 created by 
the RF coil is not altered by the electrons surrounding 
a nucleus. However, this is not the case as the electrons 
interact with the applied external magnetic field. In bio-
logical tissues in which atoms are covalently bound, two 
related effects need to be considered, the diamagnetism 
and the chemical shift.

2.2.8.1 	 Macroscopic Effect: Diamagnetism

Diamagnetism is a general feature of matter and is be-
cause electrons attempt to shield the interior of the sam-
ple against the external magnetic field. In electrodynam-
ics, this effect is described by Lenz’s law. It states that the 
current induced in a circuit by the change of a magnetic 
field is directed in such a way that the secondary mag-
netic field induced by the electric current weakens the 

Fig. 2.2.22  Spin-echo sequence. a Pulse scheme of the SE se-
quence (AQ: signal acquisition). b Temporal evolution of the 
longitudinal magnetization Mz. Note that the 180° pulse at the 
time t = τ inverts the longitudinal magnetization. c Temporal 
evolution of the transverse magnetization Mxy in the rotating 
frame. After excitation of the spin system by the 90° pulse, the 
transverse magnetization decays with the characteristic time 
constant T2*. The 180° pulse results in a regeneration of the 
transverse magnetization denoted as spin-echo. d Induced MR 
signal SSE(t)
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primary magnetic field (Fig. 2.2.24). If a sample is posi-
tioned in an external magnetic field, a current is induced 
in the electron shell of the atoms and molecules, whose 
magnetic moment is directed against the external mag-
netic field, following Lenz’s law. However, in contrast to 
the electrons within a macroscopic circuit, the electrons 

in the electron shell are “frictionless,” which means that 
an induced electron current remains constant until the 
external magnetic field changes or until the sample is re-
moved from the magnetic field.

The sum of the induced magnetic moments of the 
electrons per volume is—similar to the nuclear magneti-
zation M—denoted as electron magnetization Me. For av-
eraging, the volume has to be chosen in such a way that, 
on the one hand, a great number of atoms and molecules 
is contained, and, on the other hand, that it is small com-
pared to the volume of the sample (for example, 1 µm3 
water contains about 3.3 · 1010 water molecules). The 
magnetization Me thus represents a macroscopic quantity 
per definitionem.

Remark: Due to practical reasons, distinction is made in elec-
trodynamics between free and bound currents: Free currents 
are experimentally controllable and are linked to macroscopic 
circuits, whereas bound currents are linked to atomic and mo-
lecular magnetic moments in matter. The field related to free 
currents is denoted as magnetic field H (unit: ampere/meter), 
the field created by the total current, i.e. by both the free and the 
bound current, as magnetic flux density B (unit: Tesla). At every 
point in space, the vector quantities H, B, and Me  are related by 

B = μ0(H + Me),	 (2.2.11)

with Me ≠ 0 only inside the sample. In free space, Eq. 2.2.11 
reduces to B = μ0 H. The constant μ0 = 1.257 · 10–6 Vs/Am is 
known as the magnetic permeability of vacuum.

For most (non-ferromagnetic) substances, the electron 
magnetization Me is proportional to the magnetic field 
strength H:

Me = χH.	 (2.2.12)

The dimensionless proportionality constant χ is called 
the magnetic susceptibility. For diamagnetic substances, 
χ is, according to Lenz’s law, always negative and has a 
very small absolute value (e.g. water: χ = –0.72 · 10–6).

When putting a diamagnetic sample into an originally 
homogeneous magnetic field, a magnetization Me is in-
duced according to Eq. 2.2.12, which itself creates a mag-
netic field that counters the primary field. Therefore, the 
field distribution of the magnetic flux density B differs 
both inside and outside of the sample from the original 
field distribution.

Example: Figure 2.2.25 shows the field distribution of the mag-
netic flux density B inside and outside of a homogeneously 
magnetized sphere (χ = constant), which has been brought 
into an originally homogeneous field B0. Inside the sphere, the 
magnetic flux density B is given by B = (1+2χ /3) B0. It should 
be noted, however, that the homogeneously magnetized sphere 
represents an ideal case in which the B field is homogeneous on 

Fig. 2.2.23  Multi echo sequence. a Pulse scheme (AQ: signal 
acquisition). b Decay of the echo amplitudes as a function of 
time. The signal decay is determined exclusively by the sub-
stance-specific transverse relaxation time T2, whereas the decay 
and the regeneration of the FID are essentially determined by 
technically conditioned field inhomogeneities

Fig. 2.2.24  Lenz’s law. When a circuit is approached to a bar 
magnet with the magnetic flux density B, a current I is induced 
in the circuit. This current induces a magnetic dipolar field, 
which is directed in such a way that it weakens the primary 
magnetic field. Magnitude and orientation of the dipolar field 
are described by the magnetic moment μ
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its inside, whereas in general, the B field is also inhomogeneous 
inside the object. 

The discussion provides three important aspects with re-
spect to MR examinations of humans:
•	 The distribution of the magnetic flux density B in the 

human body depends on the position, size, form, and 
magnetic susceptibility of all tissues and organs of the 
body.

•	 At the interface between tissues with different mag-
netic susceptibilities, there are local field inhomogene-
ities.

•	 The distortion of the external magnetic field caused by 
the body adds to the technical imperfections of the ex-
ternal field B0.

In MRI, susceptibility-related inhomogeneities of the 
static magnetic field inside the body are obviously un-
avoidable and can result in image artifacts. In spec-
troscopic examinations, however, this problem can be 
reduced by acquiring only MR signals from small, mor-
phologically homogeneous tissues regions. Furthermore, 
one has the possibility to locally adjust the B field by 
means of external shim coils generating a weak additional 
magnetic field, so the homogeneity within the examined 
region fulfils the demands.

When speaking of the homogeneity of the B field 
within a given region of the body, this relates to the aver-
age macroscopic field; on the microscopic scale, the mag-
netic field is always inhomogeneous.

�2.2.8.2 	 Microscopic Effect:  
Chemical Shift

The Larmor frequency of a nucleus is determined by the 
local magnetic field Blok  at the position of the nucleus, not 

by the macroscopic field B, which has been averaged over 
a small but microscopically large volume surrounding 
the nucleus. Denoting the perturbation of the mean field 
B at the position of a nucleus caused by the surrounding 
electrons of the molecule by ΔB, we get the relation

Blok = B + ΔB.	 (2.2.13)

As experimental and theoretical investigations have 
shown, the small local field perturbation ΔB is propor-
tional to the macroscopic field

ΔB = –σB,	 (2.2.14)

which yields the following expression for the resonance 
frequency of the nucleus, considered

ω = γ Blok  = γ(1–σ)B.	 (2.2.15)

The dimensionless “shielding constant” σ gives the rela-
tive resonance frequency shift that is independent of the 
magnitude of the magnetic field. This shift depends on 
the distribution of the electrons around the nucleus and 
thus has different values in different molecules. 

Remark: The magnitude of the additional field ΔB at the po-
sition of a nucleus generally depends on the orientation of the 
molecule relative to the macroscopic field B. In molecules that 
rotate rapidly, such as in fluids and soft tissues, the chemical 
shift anisotropy vanishes, so the quantity σ in Eq. 2.2.14 could 
be defined as a direction-independent constant. This quantity 
describes the shielding effect of the electron shell averaged over 
all spatial directions. 

As the absolute value of the frequency shift cannot eas-
ily by measured, it is usually determined relative to the 
resonance frequency ωR of a reference substance. The dif-
ference (ω – ωR) of the resonance frequencies is expressed 
as dimensionless constant 
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relative to the frequency ω0 = γB0 of the MR system in 
parts per million (ppm). The chemical shift δ provides 
information about how the atom with the nucleus un-
der study is bonded in the molecule and thus makes MR 
spectroscopy a powerful tool for the determination of the 
structure of molecules as well as for the investigation of 
biochemical processes. For the 1H nucleus, which is sur-
rounded by only one electron, the chemical shift is about 
10 ppm; for atoms with several electrons (e.g., 13C, 19F, 
and 31P) it can amount to several hundreds of ppm. To 
resolve these small differences in frequency it is neces-
sary to use a strong and homogeneous static magnetic 
field (B0 ≥ 1.5 T, ∆B/B0 < 0.1–0.5 ppm depending on the 
nucleus).

Fig. 2.2.25  Variation of the magnetic field by a diamagnetic 
sphere. Distribution of the B field inside and outside a homo-
geneously magnetized sphere, which was positioned in an origi-
nally homogeneous magnetic field. It should be noted, however, 
that field variations caused by biological tissue are markedly 
weaker than illustrated here
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Example: Figure 2.2.26 shows the 1H spectrum of ethanol 
(CH3–CH2–OH). Due to the different chemical surroundings 
of the protons in the hydroxyl, methylene, and methyl group, 
the spectrum shows three different resonance lines. The ratio of 
the areas under the resonance lines is 1 : 2 : 3 and thereby corre-
sponds to the number of protons in the three groups.
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Fig. 2.2.26  Proton MR spectrum of ethanol (CH3–CH2–OH). 
The three resonances can be assigned to the protons of the 
hydroxyl, methylene and methyl groups. The ratio of the area 
under the resonance curves is 1:2:3 and thereby corresponds to 
the number of protons in the three groups
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�2.3 	  Image Reconstruction

G. Brix

If the object to be imaged, such as the human body, is 
divided into small cuboidal volume elements (i.e., vox-
els), the task in MR imaging is to distinguish the signal 
contributions of the voxels to the detected summation 
signal from one another and to present them in form of 
sectional images (tomograms). This can be achieved by 
superimposing the homogeneous magnetic field B0 by an 
additional magnetic field with a well-defined dependence 
on the spatial position, so the Larmor frequency of the 
MR signal becomes a function of space.

�2.3.1 	  Magnetic Gradient Fields

In practice, image reconstruction is achieved almost ex-
clusively by means of magnetic gradient fields. These are 
three additional magnetic fields B x, B y, and B z, whose 
field vectors point toward the z-direction and whose field 
strengths depend linearly on the spatial position x, y, or z, 
respectively (Fig. 2.3.1). If the z-components of the three 
magnetic gradient fields are denoted by Bx, By, and Bz, the 
fields can be expressed as 

Bx = Gx x, By = Gy y , and Bz = Gz z,	 (2.3.1)

where the proportionality constants Gx, Gy, and Gz de-
scribe the magnitude or steepness of the orthogonal gra-
dient fields.

Remark: The magnetic gradient fields are shortly denoted as x-, 
y-, or z-gradients. What is meant are magnetic fields B x, B y, and 
B z, the magnitude of which varies linearly along the x-, y-, or z-
axis, respectively (see Fig. 2.3.1).

In order to avoid image distortions, the magnitude of the 
gradients has to be chosen in such a way that the local 
field variations are markedly greater than the local inho-
mogeneities of the main magnetic field B0; typical values 
are between 1 and 50 mT/m. Technically, the gradient 
fields B x, B y, and B z are produced by three coil systems 
(gradient coils), which can be operated independently 
from one another.

Example: Assuming a patient diameter in the x-direction of 
X = 30 cm, a magnetic flux density of the static field of B0 = 1 
T, and a gradient strength of Gx = 10 mT/m, the magnetic field 
B = B0 + Gx x will increase within the patient (–X/2 ≤ x ≤ + X/2) 
linearly from 0.9985 to 1.0015 T.

In MR imaging, the magnetic gradient fields are used in 
two different ways:
•	 For selective excitation of the nuclear spins in a partial 

body region (e.g., a slice).
•	 For position encoding within an excited partial body 

region (e.g., a slice).

Fig. 2.3.1  Gradient fields. For image reconstruction, the homo-
geneous magnetic field B0 shown in a is superimposed by addi-
tional magnetic fields Bx, By, and Bz, so-called gradient fields, the 
field vector of which points into the z-direction and the magni-
tude of which (length of the black arrows) depends linearly on 
the spatial coordinate x, y, and z, respectively. b and c show the 
field distributions in case the field B0 is superimposed by a gra-

dient field B y and B z, respectively. The open arrows indicate the 
direction of the field variation, whereas the constants G  y and 
G z represent the magnitude of the field variation per unit of 
length. If the z-components of the two magnetic gradient fields 
are given by B y and B z, then the gradient strengths are defined 
by G y = ΔB y/Δy and G z = ΔB z/Δz, respectively
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�2.3.2 	  Slice-Selective Excitation

An MR signal can principally only be detected from the 
volume in which the nuclei have been excited before by 
an RF pulse. This fact is used in planar imaging methods, 
in order to reduce the primarily 3D reconstruction prob-
lem to a 2D one by selectively exciting only nuclei in a 
thin slice of the body.

Remark: Depending on the type of the selectively excited par-
tial body volume, one distinguishes between single-point, line, 
planar, and volume sampling strategies (Fig. 2.3.2). As the in-
tensity of the detected MR signal is proportional to the num-
ber of nuclei within the excited volume, the different strategies 
markedly differ in the time required for the acquisition of quali-
tatively comparable MR images. Due to the long measurement 
time, single-point and line scanning techniques have not been 
successful in clinical practice.

In order to excite a distinct slice of the body selectively, 
the homogeneous static magnetic field B0 is superim-
posed with a gradient field (slice-selection gradient) that 
varies perpendicular to the slice, i.e., for an axial slice a 
gradient field in longitudinal direction of the body. Due 
to this superposition, the Larmor frequency ω of the nu-

clei varies along the direction of the gradient. If we con-
sider, for instance, a z-gradient with magnitude Gz, the 
Larmor frequency is given by (see Fig. 2.3.1c):

ω(z) = γ(B0 + Gz z).	 (2.3.2)

Consequently, an object slice z1 ≤ z ≤ z2 is character-
ized by a narrow frequency interval γ(B0 + Gz z1) ≤ ω 
≤ γ(B0 + Gz z2). If one irradiates an RF pulse, the frequency 
spectrum of which coincides with this frequency range, 
only the nuclei within the chosen slice will be excited 
(Fig. 2.3.3).

For the definition of a body slice, this has two implica-
tions:
•	 The width d = z2 – z1 of the slice can be varied by 

changing either the bandwidth of the RF pulse, i.e. the 
width of the frequency distribution, or the gradient 
strength Gz. 

•	 The position of the slice can be altered by shifting the 
frequency spectrum of the RF pulse.

The practical realization of the concept of slice-selective 
excitation requires not only the shape of the RF pulse but 
also the switching mode of the slice-selection gradient to 
be carefully optimized:

Fig. 2.3.2  Imaging strategies. a Single-point, b line, c planar, and d volume scanning of a sampling object. In each case the excited 
partial volumes are marked in gray

Fig. 2.3.3  Principle of slice-selective excitation. The main 
magnetic field B0 is superimposed with a magnetic gradient 
field Bz = Gzz in z-direction (slice-selection gradient), so the 
Larmor frequency ω(z) = γ(B0 + Gz z) of the nuclei depends lin-
early from the spatial coordinate z. The slice z1 ≤ z ≤ z2 within 
the object is thus unambiguously described by the frequency 
interval ω(z1) ≤ ω(z) ≤ ω(z2). If one irradiates an RF pulse with a 
frequency spectrum that corresponds to this frequency interval, 
only the nuclei within the chosen slice will be excited

�2.3  Image Reconstruction
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•	 Pulse modulation: As shown in Fig. 2.2.10, the fre-
quency spectrum of a rectangular RF pulse consists 
of several frequency bands with varying intensities. If 
such a pulse is used for the RF excitation, the profile 
of the excited slice is defined insufficiently. In order to 
obtain a uniform distribution of the transverse mag-
netization over the slice width, the shape of the selec-
tive RF pulse is modulated so that the frequency spec-
trum becomes as rectangular as possible (“sinc pulse,” 
see Fig. 2.2.23a).

•	 Compensation gradients: If one imaginatively dis-
sects an object slice into several thin subslices, then 
the magnetization components of all subslices will 
be deflected by the same angle from the z-direction 
when an optimized RF pulse is used for slice-selective 
excitation. However, the magnetization components 
will be dephased at the end of the excitation period tp, 
since the Larmor frequencies of the distinct subslices 
differ from one another as the slice-selection gradient 
is switched on. This effect can be compensated by re-
versing the polarity of the gradient field for a well-de-
fined period after RF excitation (Fig. 2.3.4b).

�2.3.3 	  Principle of Spatial Encoding 
within a Partial Volume: Projections

After selective excitation of a partial body region, the MR 
signal from each voxel within this volume, e.g., a slice, 
needs to be spatially encoded. This can be achieved by 
two techniques: frequency and phase encoding of the MR 
signal. The principle of both encoding techniques will be 
explained in the following by the example of an axial slice 
parallel to the x–y-plane. For the sake of simplicity, relax-
ation effects are neglected in this connection.

�2.3.3.1 	 Frequency Encoding

If the body to be imaged is placed in a homogenous mag-
netic field with the flux density B0, the magnetization 
components of all voxels in the excited slice will precess 
with the same frequency around the direction of the 
B0 field. Thus, the frequency spectrum consist of only a 
single resonance line at the Larmor frequency ω0 = γ B0 
—it does not contain any spatial information. However, 
if a magnetic gradient field, e.g., Bx = Gxx, is switched on 
during the acquisition phase of the MR signal (Fig. 2.3.5), 

Fig. 2.3.4  Pulse modulation and gradient refocusing. a In or-
der to obtain an approximately rectangular slice profile, one 
uses an RF pulse, the envelope of which is not rectangular but 
modulated in time. b If one dissects a thicker slice of the object 
into several thin subslices, an optimized RF pulse will deflect 
the magnetization of each subslice by the same angle from the 
z-direction, but the magnetization components are dephased 
after RF excitation, because the Larmor frequencies in the sub-
slices differ. If a 90° pulse with duration tp is used for slice-selec-
tive excitation, then the dephasing effect can be compensated in 
good approximation by inverting the gradient field after excita-
tion for the duration tp/2

Fig. 2.3.5  Readout or frequency-encoding gradient. In fre-
quency encoding, the main magnetic field B0 is superimposed 
with a gradient field (here Bx + Gx x) during the acquisition of the 
RF signal, so the precession frequency of the transverse magne-
tization in the selectively excited slice becomes a function of the 
coordinate x
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the Larmor frequency is related to the position x (see Fig. 
2.3.1) by the resonance condition 

ω(x) = γ(B0 + Gx x).	 (2.3.3)

Or in other words, nuclei in parallel strips oriented per-
pendicular to the direction of the readout (or frequency-
encoding) gradient will experience a different magnetic 
field and thus contribute with different Larmor frequen-
cies ω(x) to the detected MR signal of the excited slice—
the spatial information is encoded in the resonance fre-
quency.

In order to determine the contribution of the distinct 
frequency components to the summation signal, a Fou-
rier transformation of the measured FID has to be per-
formed (cf. Sect. 2.2.6). The intensity I(ω) of the result-
ing spectrum at the frequency ω is proportional to the 
number of nuclei precessing with this frequency, i.e., to 
the number of nuclei that are according to Eq. 2.3.3 at the 
position x = (ω – γB0) / γ Gx. The frequency spectrum of 
the FID signal therefore gives the projection of the spin 
density distribution in the excited slice onto the direction 
of the readout gradient (Fig. 2.3.6).

Remark: When explaining the concept of frequency encoding, 
we assumed that there is only one resonance line in the fre-
quency spectrum of the excited body region in the absence of 
the readout gradient. If this assumption is not fulfilled, i.e., if the 
spectrum contains several resonance lines due to chemical shift 
effects described in Sect. 2.2.8.2, then these frequency shifts will 
be interpreted by the decoding procedure (i.e., the Fourier anal-
ysis) of the FID signal as position information. Consequently, 
the spin density projections of molecules with different chemi-
cal shifts are shifted in space against one another. In 1H imag-
ing, the situation is rather easy, as only two dominant proton 
components contribute to the MR signal of the organism, the 
protons of the water molecules and those of the CH2 group of 
fatty acids. As the resonance frequencies of the two components 
differ by about 3.5 ppm (Fig. 2.3.7), fat- and water-containing 
structures of the body are slightly shifted against one another in 
readout direction. This chemical-shift artifact becomes apparent 
predominantly at the interfaces between fat- and water-contain-
ing tissue.

From a technical point of view, the FID signal S(t) can 
only be sampled and stored in discrete steps over a lim-
ited period of time tAQ. Consequently, there is only a lim-
ited number N = tAQ  /Δt of data points 

S(Δt), S(2Δt), S(3Δt), …, S(NΔt)	 (2.3.4)

that can be used for Fourier transformation. Due to this 
reason, the spatial sampling interval Δx of the spin den-
sity projection is limited too. The following relations hold 
between the number N of data points, the maximum ob-
ject size X, the spatial sampling interval Δx, the temporal 

Fig. 2.3.6  Principle of frequency encoding. If the FID sig-
nal from a slice is measured in the presence of a gradient field 
Bx = Gx x (see Fig. 2.3.5), then nuclei in strips oriented perpen
dicular to the direction of the gradient contribute with different 
Larmor frequencies ω(x) = γ(B0 = Gx x) to the measured MR sig-
nal. The contribution I(ω) of the distinct frequency components 
to the summation signal can be calculated by a Fourier transfor-
mation of the FID signal. As the intensity I(ω) of the resulting 
spectrum at the frequency ω is, on the one hand, proportional 
to the number of nuclei precessing with this frequency, and, on 
the other hand, the spatial information is encoded in the fre-
quency, the Fourier transformation yields the projection of the 
spin density distribution within the considered object slice on 
the direction of the readout gradient

Fig. 2.3.7  In vivo 1H spectrum of a human thigh at 1.5 T. The 
two resonance lines can be attributed to protons in water and in 
the CH2 groups of fatty acids

�2.3  Image Reconstruction
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sampling interval ∆t, and the gradient strength Gx (sam-
pling theorem):

Δx = X / N = 2π  / γGx NΔt.	 (2.3.5)

Example: If the FID signal is sampled 256 times at ∆t = 30 µs 
in the presence of a magnetic gradient field of the strength Gx = 
1.566 mT/m, then the resolution along the x-axis is ∆x = 1.953 
mm, and the maximum object size that can be imaged is X = 
NΔx = 50 cm.

With frequency encoding, the MR signal is sampled at 
discrete points in time tn = nΔt (1 ≤ n ≤ N). According 
to Eq. 2.3.3, the transverse magnetization at the position 
x precesses under the influence of the readout gradient 
until the time tn by the angle

φn (x) = (γGxx)tn.	 (2.3.6)

The spatial information is therefore encoded via the fre-
quency ω(x) in the phase angles φn(x) (1 ≤ n ≤ N). How-
ever, the same phase angles can be realized by increasing 
the gradient strength Gn

x = nΔGx in equidistant steps ΔGx 
at a fixed switch-on time of the gradient. This equivalent 
approach is called phase encoding. 

�2.3.3.2 	 Phase Encoding

The concept of phase encoding can easily be realized by 
applying a magnetic gradient field, e.g., Bx = Gxx, for a 
fixed time tx before the FID signal is detected (Fig. 2.3.8). 
Under the effect of this phase-encoding gradient, the mag-
netization at the position x precesses by the phase angle 

φn (x) = (γ Gn
x tx)x = knx.	 (2.3.7)

The parameter kn = γGn
x tx = γnΔGx tx is named spatial fre-

quency. After switching off the phase-encoding gradient, 
the magnetization components of the voxels in the slice 
precess again with the original, position-independent 
Larmor frequency ω0 = γB0 around the direction of the 
B0 field—now, however, with position-dependent phase 
angles φn (x). This is to say, in phase-encoding, all mag-
netization components of the excited voxels contribute to 
the detected MR signal with the same frequency ω0, but 
with differing phases φn (x). 

In order to calculate the projection of the spin density 
distribution in the slice onto the direction of the phase-en-
coding gradient, the chosen sequence is repeated N times 
with different spatial frequencies kn = n(γ ΔGx tx) = nΔk 
(1 ≤ n ≤ N) (Fig. 2.3.9). However, in contrast to frequency 
encoding, during phase encoding not the entire FID is 
sampled, but only the MR signal S(kn, t0) at a definitive 
time t0. After N measurements (sequence cycles), the spin 
density projection can be calculated by a Fourier trans-
formation of the acquired data set

S(Δk, t0), S(2Δk, t0), S(3Δk, t0), …, S(NΔk, t0).	 (2.3.8)

Even though both encoding-techniques described are 
absolutely equivalent from a mathematical point of view 
(see Fig. 2.3.10), they differ considerably with regard to 
the time needed to acquire the data sets given in Eqs. 
2.3.4 and 2.3.8 for the calculation of the spin density pro-
jection: whereas frequency encoding only requires one 
single sequence cycle, phase-encoding needs to repeat 
the sequence N times. 

Remark: In practice, this difference in the measurement times 
renders the phase-encoding technique especially vulnerable to 
movements (of the patient, blood flow, liquor pulsation, etc.). 
On the other hand, however, phase encoding does not show any 
chemical shift artifacts.

�2.3.4  	 Methods of Image Reconstruction in MRI

In practical MRI, techniques of image reconstruction 
have prevailed that merely differ only in the way the 
aforementioned techniques of selective excitation and 
spatial encoding are combined.

Fig. 2.3.8  Phase-encoding gradient. In phase encoding, a gra-
dient field (here Bx = Gxx), the magnitude of which is increased 
in equidistant steps ∆Gx at each sequence cycle, is switched on 
for a fixed time tx before the FID signal is acquired.
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�2.3.4.1 	 Projection Reconstruction Method

This method, which P. Lauterbur used in 1973 to gener-
ate the first MR image, is based on a technique of image 
reconstruction used in computed tomography. Its basic 
idea is easy to understand: if projections of the spin den-
sity distribution of an object slice are available for various 
viewing angels Φn (1 ≤ n ≤ N), the spin density distribu-
tion in the slice can be reconstructed by “smearing back” 
the (filtered) profiles over the image plane along their 
viewing directions (Fig. 2.3.11). 

This approach can be implemented easily by making 
use of the frequency-encoding technique by repeating 
the sequence shown in Fig. 2.3.5 several times while ro-
tating step by step the direction of the readout gradient in 

the slice plane. In order to reconstruct a planar image of 
N × N picture elements (pixel), a minimum of N projec
tions with N data points each is needed. The stepwise ro-
tation of the readout gradient by the angle ΔΦ = 180°/N is 
performed electronically by a weighted superposition of 
two orthogonal gradient fields.

The projection reconstruction method is easy to un-
derstand, but both mathematical description and data 
processing are rather complex. Furthermore, it carries 
the disadvantage that magnetic field inhomogeneities and 
patient movements result in considerable image artifacts. 
Due to these reasons, the Fourier techniques described in 
the following sections are preferred for the reconstruc-
tion of MR images. 

Fig. 2.3.9  Principle of phase encoding 
(displayed in the rotating frame). As 
shown in Fig. 2.3.8, a phase-encod-
ing gradient Gx is switched on for a 
fixed time tx before the FID signal is 
acquired (AQ). a–d The sequence is 
repeated several times at equidistantly 
increasing gradient strengths. Under 
the influence of the gradient field 
Bx = G xx, the magnetization compo-
nents of the different voxels in the slice 
precess with different Larmor frequen-
cies. If the gradient is switched off after 
the time tx, all components rotate again 
with the original, position-independ
ent frequency ω0 = γB0 around the 
direction of the B0 field. However, 
magnetization components which pre-
cess more quickly during the operating 
time tx of the gradient field, will main-
tain their advance compared with the 
slower ones. This advance is described 
by the phase angle φ(x) = γGxxtx of the 
different magnetization components. 
The figure shows the dependence of 
the phase angle φ(x) on the gradient 
strength Gx and the spatial coordinate 
x schematically for four different gradi-
ent strengths (Gx = 0, ∆Gx, 2 ∆Gx, and 
3∆Gx) and three adjacent voxels (with 
the magnetization vectors M0, M1, and 
M2). As shown in b, the magnetization 
M1 will rotate at the position x1 under 
the influence of the gradient field by 
the phase angle φ (x1) = 45° and the 
magnetization M2 at the position x2 by 
the phase angle φ (x2) = 90°

�2.3  Image Reconstruction
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Fig. 2.3.10  Comparison between frequency and phase encod-
ing. With both encoding techniques, the transverse magneti-
zations of all voxels within the excited slice contribute to the 
detected MR signal; the spatial information is encoded in both 
cases by the different phase of the magnetization components, 
which was formed by the influence of a magnetic gradient field 
(here Bx = Gxx) up to the moment of signal detection. In or-
der to calculate the projection of an object onto the direction 
of the gradient, the MR signal S has to be measured N times 
(e.g., N = 128 or 256), with the phase difference between the 
magnetization components of the different voxels varying in a 
well-defined way form measurement to measurement. The dif-
ference between the two encoding techniques merely consists in 
the technique with which the data set {S1, S2, . . . , SN} is acquired. 
a With frequency encoding, the MR signal is sampled at equi-
distant time steps ∆t in presence of a constant gradient field (in 
the figure ∆Gx). As the magnetization components of the voxels 
within the excited slice steadily dephase under the influence of 
the gradient field, there is a different phase difference between 
them at every point in time tn = n∆t (1 ≤ n ≤ N), so the whole 
data set {S1, S2, . . . , SN} can be detected by a single application 
of the sequence. The figure shows the first three values of the 
signal. It should be noted that only the temporal change of the 
MR signal caused by the gradient field is shown here, whereas 
the rapid oscillation of the signal with the Larmor frequency 

ω0 = γB0 as well as the T2
* decay of the signal is neglected. 

b With phase encoding, a phase-encoding gradient is switched 
on for a fixed duration tx before the FID signal is acquired. The 
magnitude of this gradient is increased at each sequence repeti-
tion by ∆Gx. During the switch-on period of the gradient field, 
the magnetization components of the different voxels precess 
with different frequencies so that a phase difference is estab-
lished between them which is proportional to the magnitude 
of the gradient applied (see Fig. 2.3.9). After switching off the 
gradient, all components rotate again with the original, posi-
tion-independent frequency   ω0 = γB0 around the direction of 
the B0 field. In the chosen description, one therefore observes 
an MR signal Sn that is constant over time. In order to acquire 
the entire data set {S1, S2, …, SN}, the sequence needs to be re-
peated N times with different gradient strengths Gx = n∆Gx. The 
figure shows the dependence of the MR signal from the gradi-
ent strength schematically for three different gradient strengths 
(Gx = 0, ∆Gx, 2∆Gx). If the product of the gradient strength and 
the switch-on time of the gradient up to the time of signal detec
tion is equal in both encoding techniques, the phase difference 
between the various magnetization components at the time of 
signal detection is also identical and thus the same MR signal is 
measured. The product of the two quantities is indicated in the 
figure by the dark areas
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�2.3.4.2 	  2D Fourier Method

In the planar version of Fourier imaging, just as in pro-
jection reconstruction, the spins in a slice are selectively 
excited by an RF pulse in the first step. Afterwards, how-
ever, spatial encoding of the spins in the slice is not done 
by a successive rotation of a readout gradient, but by a 
combination of frequency and phase encoding using two 
orthogonal gradient fields. If we consider an axial slice 
parallel to the x–y-plane, then these gradients are Gx and 
Gy (Fig. 2.3.12). The sequence is repeated N times for dif-
ferent values of the phase-encoding gradient Gn

x = nΔGx 
(1 ≤ n ≤ N), with the MR signal being measured M 
times during each sequence cycle at the times tm = mΔt 
(1 ≤ m ≤ M) in the presence of the readout gradient Gy. 
Thus, one obtains a measurement value for each combina-
tion (kn, tm) of the parameters kn = γnΔGx tx and tm = mΔt, 
i.e., a matrix of N × M data points. A 2D Fourier trans
formation of this data set, the so-called hologram or k-
space matrix (see Fig. 2.4.26), yields the MR image of the 
slice with a resolution of N × M pixels.

�2.3.4.3 	  3D Fourier Method 

In order to extend the 2D Fourier method to a 3D one, 
the slice-selection gradient is replaced by a second phase-
encoding gradient as shown in Fig. 2.3.13. This means 
that the RF pulse excites all spins in the sensitive volume 
of the RF coil and that the spatial information is encoded 
exclusively by orthogonal gradients—by two phase-en-
coding gradients and one frequency-encoding gradient. 
The spatial resolution in the third dimension is defined by 
the strength of the related phase-encoding gradient and 
the number K of the phase-encoding steps. Depending 

Fig. 2.3.11  Reconstruction by back projection. The figure shows 
three different projections of two objects in the field of view. If 
many projections are acquired at different viewing angles, an 
image can be reconstructed by (filtered) back projection of the 
profiles. For the measurement of the various projections, the 
frequency-encoding technique is used, with the readout gradi-
ent rotating step by step

Fig. 2.3.12  Typical pulse and gradient sequence in 2D Fourier 
imaging. Gz is the slice-selection gradient, Gx the phase-encod-
ing gradient, and Gy the readout gradient

�2.3  Image Reconstruction
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on the choice of these parameters, the voxels have a cubic 
or cuboidal shape (isotropic or anisotropic resolution). 
In order to acquire a 3D k-space matrix with N × M × K 
independent measurement values, the imaging sequence 
needs to be repeated N × K times. 

Example: Using a standard sequence, the repetition time TR is 
typically of the order of the spin-lattice relaxation time T1, to al-
low the longitudinal magnetization to relax at least partially be-
fore the next RF pulse is irradiated. For instance, if one assumes 
TR = 500 ms and an image resolution of 256 × 256 × 64 voxels, 
one obtains a measurement time of 136 min. 3D imaging is thus 
only feasible with fast imaging sequences (see Sect. 2.4.3). 

A 3D Fourier transformation of the acquired 3D k-space 
matrix yields the 3D image data set of the partial body 
region excited by the RF pulse. Based on this image data 
set, multiplanar images in any orientation can be refor-

matted, which offers—among others—the possibility to 
look at an organ or a body structure from various view-
ing directions.

�2.3.4.4 	 Alternative k-Space Sampling

In addition to the described conventional fashion of fill-
ing the k-space in Fourier imaging, there are a number of 
alternative strategies.
•	 Spiral acquisition. As will be described later, the EPI 

sequence is commonly using an oscillating frequency–
encoding gradient. If both, the phase encoding as well 
as the frequency-encoding gradient are oscillating 
with increasing gradient amplitudes, the acquired data 
points will be along a spiral trajectory through k-space. 
That is why such an acquisition is called spiral EPI.

•	 Radial acquisition. If the direction of the frequency-
encoding gradient is rotated as described in Sect. 
2.3.4.1, the k-space trajectories will present a star. 

•	 Blade, propeller, multivane. These hybrid techniques 
sample k-space data in blocks (so-called blades) each 
of which consists of some parallel k-space lines. In 
order to successively cover the entire k-space, the 
direction of the blades is rotated with a fixed radial 
increment. This sampling strategy offers some advan-
tages. Since each blade contains data points close to 
the center of the k-space, patient movements can, for 
example, be easily detected and corrected.

To reconstruct MR images from alternative k-space tra-
jectories by means of a conventional 2D or 3D Fourier 
transformation, it is necessary to re-grid the sampled k-
space data to a rectangular grid. 

�2.3.5 	  Multiple-Slice Technique

Data acquisition by 2D imaging techniques can be car-
ried out very efficiently when considering the fact that 
the time required for slice-selective excitation, spatial en-
coding, and acquisition of the MR signal is much shorter 
than the time needed by the spin system to relax at least 
partially after RF excitation, before it can be excited once 
again. The long waiting periods can be used to excite—in 
a temporally shifted manner—adjacent slices and to de-
tect the spatially encoded MR signal from these slices. 
Thus, MR images from different parallel slices can be ac-
quired simultaneously without prolongation of the total 
acquisition time (Fig. 2.3.14).

Example: Let us consider that 50 ms are needed for excitation, 
spatial encoding, and data acquisition per sequence cycle and 
that the sequence is repeated after TR = 1,000 ms. Then MR data 
from 20 adjacent slices can be acquired simultaneously without 
prolonging the measurement time.

Fig. 2.3.13  Typical pulse and gradient sequence in 3D Fourier 
imaging. Gx and Gy are the phase-encoding gradients and Gz the 
readout gradient
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However, when using the multiple-slice technique, one 
has to consider that the distance between slices may not 
be too small, as the slice profile usually is not rectangu-
lar, but bell shaped. In order to avoid repeated excitation 
of spins in overlapping slice regions, the gap between 
adjacent slices should correspond approximately to the 
width of the slice itself. Images from adjacent slices can 
be obtained in an interleaved manner by applying the se-
quence twice: in the first measurement, data are acquired 
from the odd slices and in the second from the even slices 
(Fig. 2.3.15).

Fig. 2.3.14  Principle of the multiple-slice technique. In most 
2D imaging sequences, the time T required for slice-selective 
excitation, spatial encoding, and detection of the MR signal is 
markedly shorter than the repetition time TR. The long waiting 
periods can be used to subsequently excite spins in parallel slices 
and to detect the spatially encoded signals from these slices

Fig. 2.3.15  Consideration of the slice profile by the multiple–
slice technique. The profile of a slice is generally not rectangular 
but rather bell shaped. The thickness (TH) of the slice is there-
fore usually defined by the full-width at half-maximum. In or-
der to prevent overlapping of adjacent slices in the multiple-slice 
technique, a sufficient gap (G) between the two adjacent slices 
has to be chosen (G ≥ TH). Often the distance (D = G + TH) 
between the slices is indicated instead of the gap G. Images from 
adjacent slices can be detected without overlap by using in a first 
step a sequence that acquires data from the even slices and in a 
second step a sequence that acquires data from the odd slices. In 
both measurements, the gap G should be identical with the slice 
thickness TH (D = G + TH = 2TH)

�2.3  Image Reconstruction
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2.4 	  Image Contrasts and Imaging Sequences

G. Brix, H. Kolem, and W.R. Nitz

�2.4.1 	  Image Contrasts

�2.4.1.1 	 Contrast Determinants and Optimization 
in MRI

The main advantage of MR imaging, apart from the flex-
ibility in slice orientation, is the excellent soft-tissue con-
trast in the reconstructed MR images. It is based on the 
different relaxation times T1 and T2 of the tissues, which 
depend on the complex interaction between the hydro-
gen nuclei and their surroundings. Compared to that, 
differences in proton densities (PD) are only of minor rel-
evance, at least when considering soft tissues. 

Remark: The term proton density in MR imaging designates 
only those hydrogen nuclei whose magnetization contributes to 
the detectable image signal. Essentially, this refers to hydrogen 
nuclei in the ubiquitous water molecules and in the methylene 
groups of the mobile fatty acids (see Sect. 2.3.3.1 and Fig. 2.3.7). 
Hydrogen atoms, which are included in cellular membranes, 
proteins, or other relatively immobile macromolecular struc-
tures, usually do not contribute to the MR signal; their FID sig-
nal has already decayed to zero at the time of data acquisition 
(T2 << TE) (Brix 1990). 

Another important contrast factor is the collective flow 
of the nuclei. The influence of flowing blood on the im-
age signal will be discussed in Sect. 2.7 separately, in the 
context of MR angiography.

Whereas the image contrast of a CT scan only de-
pends on the electron density of the tissues considered 
(as well as on the tube voltage and beam filtering), the 
MR signal and thus the character of an MR image is de-
termined by the intrinsic tissue parameter PD, T1, and T2 
as well as by the type of the sequence used and by the 
selected acquisition parameters. This variability offers 
the opportunity to enhance the image contrast between 
distinct tissues by cleverly selecting the type of sequence 
and the corresponding acquisition parameters, and thus 
to optimize the differentiation between these tissue struc-
tures. However, the subtle interplay of the many param-
eters bears the danger of misinterpretations. In order to 
prevent these, several MR images are always acquired in 
clinical routine, with different sequence parameters that 
are selected in such a way that the tissue contrast of the 
various images is determined mainly by a single tissue 
parameter; in this context, one uses the term T1-, T2-, or 
PD-weighted images. 

Sometimes, one even goes one step further to calcu-
late “pure” T1, T2, and PD parameter maps on the basis 
of several MR images that were acquired with different 
acquisition parameters. The advantage in doing this con-
sists of the fact that the image contrast on the calculated 

parameter maps is usually more accentuated than in the 
weighted images. The calculated tissue parameters can 
furthermore be used to characterize various normal and 
pathological tissues. However, experience has shown that 
a characterization or typing of tissues by means of cal-
culated MR tissue parameters is only possible with res-
ervations (Bottomley et al. 1987; Higer and Bielke 1986; 
Pfannenstiel et al. 1987). This may be due not only to the 
insufficient measurement and analysis techniques used, 
but also to the fact that morphological information of the 
MR images as well as the clinical expertise of the radiolo-
gist have been left aside in many cases.

These considerations indicate that each MR practi-
tioners should be aware of the dependence of the image 
contrast on the selected type of imaging sequence as well 
as on the sequence and tissue parameters in order to fully 
benefit from the potential of MRI and to avoid misinter-
pretations.

Remark: The term imaging sequence designates the temporal 
sequence of RF pulses and magnetic gradient fields, which are 
used to determine the image contrast and for image reconstruc-
tion, respectively.

�2.4.1.2 	 Definition of Image Contrast

The foregone section has made intuitive use of the term 
image contrast in order to describe the possibility to dis-
tinguish between adjacent tissue structures in an MR im-
age. We will now define this term. If one describes the 
signal intensities of two adjacent tissues structures A and 
B with SA and SB, the image contrast between the two tis-
sues can be expressed by the absolute value of the signal 
difference

CAB = |SA – SB|	 (2.4.1)

or by the normalized difference 

	 (2.4.2)

Remark: The delineation of a tissue structure depends, of course, 
also on the signal-to-noise ratio (S/N) as tiny, weakly contrasted 
structures can be masked by image noise. Some authors there-
fore proposed to use the contrast-to-noise ratio for evaluating 
the detectability of a detail. However, the explanatory power of 
this quantity can hardly be objectified since the contrast–detail 
detectability strongly depends on the signal detection in the hu-
man retina as well as on the signal processing in the central vi-
sual system of the observer. In the following, we will therefore 
use the absolute contrast defined in Eq. 2.4.1. 

Example: In order to analyze the influence of the tissue and ac-
quisition parameters on the image contrast by an example, we 
will consider in the following the contrast between white and 
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gray brain matter. Representative tissues parameters, which 
have been measured for a patient collective at 1.5 T, are sum-
marized Table 2.4.1.

�2.4.2 	  Classical Imaging Sequences

�2.4.2.1 	 Spin-Echo Sequence

In clinical routine, the spin-echo (SE) sequence is still 
a frequently applied imaging sequence, due to two rea-
sons:
•	 It is rather insensitive to static field inhomogeneities 

and other inaccuracies of the MR system.
•	 It allows for the acquisition of T1-, T2-, and PD-

weighted images by an appropriate choice of the ac-
quisition parameters TR and TE. 

The basic principle of the SE technique has already been 
described in Sect. 2.2.7.3. For image reconstruction, in 
general the 2D Fourier method is used. One of the pos-
sible combinations of the SE pulse sequence {90° – TE / 2 
– 180° – TE / 2 – AQ – TD} (TE, echo time; TD, delay time; 
AQ, acquisition period), and the gradient sequence is 
shown in Fig. 2.4.1.

The signal intensity SSE of a voxel with the tissue pa-
rameters PD, T1, and T2 can be described in good approx-
imation by the equation (TR = TE + TD, repetition time)

	 (2.4.3)

According to this equation, the signal intensity of a voxel 
is determined by three independent factors, each of which 
depends on only one of the three tissue parameters. This 
leads to a clear dependence of the image signal on the tis-
sue and acquisition parameters:
•	 PD dependence: The signal intensity is directly pro-

portional to the PD of the considered tissue, i.e., to the 
number of excited nuclei which contribute per unit 
volume to the signal of the MR image. The influence 
of the proton density on the image contrast is constant 
and cannot be varied.

•	 T1 dependence: after RF excitation, the longitudinal 
magnetization Mz relaxes with the time constant T1 
against the equilibrium magnetization M0 (see Fig. 
2.2.22); the equilibrium state is reached after a period 

of about 3T1. Usually, however, the sequence is repeated 
much earlier, so that the longitudinal magnetization 
will be reduced at the beginning of the next sequence 
cycle compared to the equilibrium magnetization by 
the T1 factor [1 – exp(–TR / T1)]. Accordingly, the T1 
contrast of an SE image can be varied by the choice 
of the repetition time TR. In Fig. 2.4.2a, the T1 factor is 
plotted for white and gray brain matter. As this exam-
ple shows, the T1 contrast reaches a maximum if the 
repetition time TR is between the T1 relaxation times 
of the two tissues considered. If TR is markedly longer 
than the longer T1 time, then the T1 contrast vanishes.

•	 T2 dependence: The influence of the T2 relaxation pro-
cess on the signal intensity is described by the T2 fac-
tor exp (–TE / T2) in the signal equation. For a given T2 
time the signal loss is the bigger, the longer the echo 
time TE becomes. In Fig. 2.4.2b, the T2 factor is plotted 
for white and gray brain matter versus the echo time 
TE. The contrast will reach a maximum when the echo 
time TE ranges between the T2 relaxation times of the 
two tissues considered. For small TE values (TE << T2), 
the contrast approximates zero, as the signal intensi-
ties in this case are independent of T2.

Table 2.4.1  Tissue parameters for gray and white brain matter 
at 1.5 T

Tissue T1 (ms) T2 (ms) ρ (a.u.)

Gray brain matter 972 ± 124 109 ± 17 100 ± 7

White brain matter 599 ± 90  87 ± 7  96 ± 5

a.u. arbitrary units

Fig. 2.4.1  Pulse and gradient scheme of the SE sequence. Gz slice-
selection gradient, Gx phase-encoding gradient, Gy readout gra-
dient. (The effect of the first gradient pulse in readout direction 
is explained in Fig. 2.4.16)

2.4  Image Contrasts and Imaging Sequences
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Fig. 2.4.2  T1 and T2 dependence of the SE signal intensity. 
a Plotted is the T1 factor [1 – exp(–TR / T1)] of the SE signal equa-
tion as a function of the repetition time TR for the white (WM) 
and gray (GM) brain matter. As can be seen, the T1 contrast bet
ween the two tissues approaches 0 for very long as well as for 
very short repetition times. The highest T1 contrast is obtained 
for TR ~ 750 ms, i.e. for a repetition time in between the T1 times 
of the two tissues considered (see Table 2.4.1). b The same con-
siderations hold for the T2 factor exp(–TE /T2). The T2 contrast 
maximum is at TE ~ 100 ms

Fig. 2.4.3  Influence of the acquisition parameters TR and TE 
on the contrast behavior of an SE image. The figure shows the 
interplay of the longitudinal and transversal relaxation for this 
sequence at the example of white (WM) and gray brain matter 
(GM) for a fixed repetition time of TR = 1.000 ms. In the left 
part, the temporal evolution of the longitudinal magnetization 
Mz during the recovery period (0 ≤ t ≤ TR) is depicted. At t = TR, 
the partially relaxed longitudinal magnetization is flipped into 

the x–y-plane by the 90° excitation pulse. The T2 relaxation of 
the resulting transversal magnetization Mxy is plotted in the 
right part as a function of the echo time TE. As can be seen, there 
is a reversal behavior of the T1 and T2 contrast. For TE = 83 ms, 
the contrast is 0, so that the two types of brain matter cannot be 
differentiated in the relating SE image in spite of differing tissue 
parameters (see Fig. 2.4.5d). Note that the detected MR signal is 
directly proportional to the transversal magnetization Mxy
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In general, adjacent tissues differ in all three tissue para
meters PD, T1 and T2, so the different factors of the SE 
signal equation, which can partially compensate one an-
other, need to be considered altogether. This holds even 
more as the relaxation times are usually positively cor-
related, i.e., the tissues with longer T1 times usually also 
have longer T2 times. In order to illustrate this statement, 
Fig. 2.4.3 shows the course of the longitudinal and trans-
verse magnetization for both white and gray brain matter 
for a repetition time of TR = 1,000 ms. As can be seen, 
the transverse magnetization of both substances—and 
therefore the signal intensities (SSE ∝ Mxy)—are identical 
at an echo time of TE = 83 ms, so the tissues cannot be 
distinguished on the related SE image in spite of different 
tissue parameters. Fig. 2.4.4 shows the contrast between 
white and gray matter as a function of both the repetition 
and echo time. As expected, there are two regions with a 
high tissue contrast, which are separated by a low con-
trast region (cf. Fig. 2.4.3): For TE << T2 and TR ~ T1, the 
T1 contrast is dominant (T1-weighted image), for TR >> 
T1 and TE ~ T2, the T2 contrast (T2-weighted image). For 
TR >> T1 and TE << T2, the contrast vanishes, as the signal 
intensities in this case are nearly independent from the 
relaxation times (PD-weighted image). 

Example: For TE = 15 ms, the contrast maximum between white 
and gray brain matter is at TR ~ 640 ms, for TR = 2,400 ms at 
TE ~110 ms. In order to illustrate the dependence of the image 
contrast on the acquisition parameters TE and TR, Fig. 2.4.5 
shows four SE images of a transversal head section: a T1-weighted 
image (TR /TE = 600/15), a T2-weighted image (2,400/120), a PD-
weighted image (2,400/22 ms), and a mixed T1 /T2-weighted im-
age with disappearing contrast between white and gray matter 
(1,000/85 ms).

Remark: PD-weighted and T2-weighted SE images can be ac-
quired with one single measurement, if a double echo sequence 
(e.g., TR/TE1/TE2 = 2,400/22/120) is used (cf. Fig. 2.2.23).

The influence of the acquisition parameters TE and TR on 
the contrast of an SE image is summarized in Table 2.4.2.

�2.4.2.2 	 Inversion Recovery Sequence

In order to adapt the inversion recovery technique ex-
plained in Sect. 2.2.7.2 for MR imaging, one has to ex-
tend the conventional IR pulse sequence {180° – TI – 90° 
– AQ – TD} by a 180° pulse {180° – TI – 90° – TE /2 – 180° 
– TE /2 – AQ – TD} (TI , inversion time; TE, echo time; TD, 
delay time; AQ , signal acquisition). In this imaging tech-
nique, the FID is not acquired directly after the readout 
pulse, but rather the SE signal, which is created by the 
additional rephasing 180° pulse. This modification is nec-
essary to integrate the gradient fields required for image 
reconstruction into the sequence (Fig. 2.4.6). 

Fig. 2.4.4  Parameter weighting in SE 
imaging. The figure shows the image 
contrast between white and gray brain 
matter in dependence of the repetition 
time TR and the echo time TE. There are 
two regions with a high tissue contrast 
that are separated by a low contrast region 
(Fig. 2.4.3): For TE << T2 and TR ~ T1, the T1 
contrast is dominant (T1-weighted image), 
for TR >> T1 and TE ~ T2 the T2 contrast. 
For TR >> T1 and TE << T2, the contrast is 
only determined by the differences in the 
proton densities (PD-weighted image)

Table 2.4.2  Influence of the sequence parameters TR and TE on 
the contrast of an SE image

Weighting Condition

PD TR >> T1 TE << T2

T1 TR ≈ T1 TE << T2

T2 TR >> T1 TE ≈ T2

2.4  Image Contrasts and Imaging Sequences
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The signal intensity SIR of a tissue with the intrinsic pa-
rameters PD, T1, and T2 can be described approximately 
with the expression 
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The image contrast of an IR image can therefore be varied 
via three acquisition parameters, at principally: via the 
inversion time TI, the echo time TE, and the repetition 
time TR = TI + TE + TD. Due to the pronounced T1 de-

pendence, the IR sequence is especially apt for acquiring 
T1-weighted images:
•	 PD dependence: see Sect. 2.4.2.1
•	 T1 dependence: The longitudinal magnetization Mz(t) 

at the time t = 0 is inverted by the 180° pulse of the 
IR sequence (the inversion pulse), so the longitudinal 
magnetization will relax strictly monotonously from 
negative values toward the equilibrium magnetization 
M0 (inversion recovery). This is described by the T1 
factor of the IR signal Eq. 2.4.4, which depends on the 

Fig. 2.4.5  SE images of a transversal head section with a thick-
ness of 5 mm. a T1-weighted image (TR/TE/NAQ = 600/15/4), 
b T2-weighted image (2,400/120/1), c PD-weighted image 

(2,400/22/1), and d mixed T1/T2-weighted image (1,000/85/1) 
with disappearing contrast between white and gray matter (cf. 
Fig. 2.4.3) 
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inversion time TI as well as a on the repetition time 
TR. In order to optimize the T1 contrast, the inversion 
time TI is usually varied, whereas with the param-
eter TD, respectively TR is chosen as high as possible 
(TD >> T1), to allow the recovery of a considerable 
longitudinal magnetization after RF excitation. The 
maximum range of values of the T1 factor is between 
–1 and +1, thus being double the range of values of 
the SE sequence. There are two types of IR sequences 
depending on signal interpretation: If only the abso-
lute values of the signal are considered (magnitude 
reconstruction, IRM), the range of values is limited 
de facto to the interval between 0 and 1, as in the SE 
sequence. If this mode of data representation is cho-
sen, then the T1 factor will initially decrease to 0 and 
then converges toward the equilibrium magnetization 
M0. Figure 2.4.7 shows the dependence of the T1 fac-
tor from the inversion time TI for both possible modes 
of data representation for white and gray brain matter 
(TR = 3,000 ms). As this example reveals, the neglect 
of the sign of the T1 factors in the absolute value rep-
resentation leads to a destructive T1 contrast behavior 
in the region between the zeros of both T1 functions 

considered. An IR sequence differentiating between 
parallel or antiparallel alignment of the longitudinal 
magnetization at the time of the excitation pulse is 
called phase sensitive. 

For evaluation of the tissue contrast, the PD and T2 de-
pendence of the image signal SIR needs to be included in 
the considerations, too. Figure 2.4.8 demonstrates this 
with an example. In this figure, the tissue contrast be-
tween white and gray brain matter is plotted as a function 
of the echo time TE for TI = 800 ms and TR = 2,400 ms. For 
the chosen TI value, there is a reversal behavior of the T1 
and T2 contrast, as the relaxation times of the two tissues 

Fig. 2.4.6  Pulse and gradient scheme of the IR sequence. Gz slice-
selection gradient, Gx phase-encoding gradient, Gy readout gra-
dient. (The effect of the first gradient pulse in readout direction 
is explained in Fig. 2.4.16)

Fig. 2.4.7  T1 dependence on the IR signal intensity. Plotted is 
the T1 factor [1 – 2 exp(– TI/T1) + exp(– TR / T1)] of the IR sig-
nal equation for white (WM) and gray (GM) brain matter as a 
function of the inversion time TI for a fixed repetition time of 
TR = 3,000 ms for two different modes of data representation: 
a by considering and b by neglecting the sign of the longitudinal 
magnetization Mz. If the last-mentioned mode of data represen-
tation is used, there will be a destructive T1 contrast behavior 
in the region between the zeros of the two tissue curves. The 
T1 contrast maximum in the considered case is at TI ~ 760 ms, 
i.e., in between the T1 times of the two tissues considered (see 
Table 2.4.1)

2.4  Image Contrasts and Imaging Sequences
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examined are positively correlated, i.e., the substance 
with the longer T1 time also has a longer T2 time. In order 
to fully grasp the complex interplay between the different 
tissue and acquisition parameters as a whole, the image 
contrast between white and gray brain matter is plotted 
in Fig. 2.4.9 as a function of both the inversion time TI 
and the echo time TE.

Example: In the case considered, the T1 contrast assumes a max-
imum for TE = 20 ms at TI = 620 ms. Figure 2.4.10a shows the 
corresponding T1-weighted IR image (TR /TI /TE = 2,400/600/20). 
Compare this image with the T1-weighted SE image shown in 
Fig. 2.4.5. The two images differ mainly in that the gray matter is 
not represented in the IR image as the T1 factor of gray matter is 
approximately 0 for TI = 600 ms (see Fig. 2.4.7).

The influence of the acquisition parameters TE, TI, and 
TD on the contrast of an IR image is summarized in Table 
2.4.3. In order to maximize the T1 contrast (T1-weighted 
image), the TI time should be between the T1 times of the 
two tissues considered, and the echo time TE should be 
chosen as short as possible. As even for the acquisition of 
T1-weighted images, relatively long repetition times are 
needed (TD >> T1), the IR sequence requires much more 
time than the SE sequence. Advantages occur mainly 
when the image signal of a given tissue structure shall be 
suppressed, e.g., the retrobulbar fatty tissue for the evalu-
ation of the optic nerve. In this case, the acquisition pa-
rameter TI needs to be chosen so that the T1 factor of the 

tissue to be suppressed is approximately 0 (Fig. 2.4.7). For 
TR > 3TI, the corresponding TI value can be estimated by 
TI = T1 · ln 2.

Example: At a magnetic flux density of 1.5 T, the T1 time of fatty 
tissue is about 260 ms (see Table 2.2.2), so fatty tissue structures 
are not displayed in the IR image at a TI value of 180 ms (Fig. 
2.4.10b). At lower flux densities, the corresponding TI value is 
somewhat lower.

Remark: An IR sequence with a very short TI time is called 
STIR (short-tau inversion recovery) sequence. If the TI time 
is selected to suppress the signal from liquor, the sequence is 
called FLAIR (fluid-attenuated inversion recovery).

Fig. 2.4.8  Influence of the acquisition parameters TI and TE on 
the contrast behavior of the IR sequence (absolute value repre-
sentation). The figure shows the interplay of the longitudinal 
and transversal relaxation for this sequence at the example of 
white (WM) and gray brain matter (GM) for a fixed inversion 
time TI = 800 ms and a fixed repetition time TR = 2,400 ms. The 
left part shows the temporal evolution of the longitudinal mag-
netization Mz during the inversion phase (0 ≤ t ≤ TI). At t = TI, 

the partially relaxed longitudinal magnetization is flipped into 
the x–y-plane by the 90° excitation pulse. The T2 relaxation of 
the resulting transversal magnetization Mxy is plotted in the 
right part as a function of the echo time TE. In the case consid-
ered, there is a reversal behavior of the T1 and T2 contrast, so 
that the contrast between the two brain tissues rapidly reduces 
with prolonged echo time. Note that the detected MR signal is 
directly proportional to the transversal magnetization Mxy

Table 2.4.3  Influence of the sequence parameters TE, TI, and TD 
on the contrast of an IR image (TR = TI + TE + TD)

Weighting Condition

PD TI >> T1 TD arbitrary TE << T2

TI << T1 TD >> T1 TE << T2

T1 TI ≈ T1 TD >> T1 TE << T2

T2 TI >> T1 TD arbitrary TE ≈ T2

TI << T1 TD >> T1 TE ≈ T2
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Fig. 2.4.9  Parameter weighting in IR imaging (absolute value 
representation). Plotted is the image contrast between white and 
gray brain matter in dependence of the inversion time TI and 
the echo time TE for a fixed repetition time of TR = 2,400 ms. For 

TE << T2 and TI ~ T1, the T1 contrast is dominant (T1-weighted 
image), for TI >> T1 and TE ~ T2, the T2 contrast (T2-weighted 
image). Note the breakdown of the image contrast at short TI 
times (see Fig. 2.4.7b)

Fig. 2.4.10  IR images of a transversal head section with 
a thickness of 5 mm. a T1-weighted image (TR /TI /TE /
NAQ = 2,400/600/20/1). Gray brain matter is depicted with 
very little signal in this image, as the corresponding T1 fac-
tor for TI = 600 ms is about 0 (see Fig. 2.4.7). b STIR image 

(1,500/180/20/1). In this case, the inversion time TI has been 
chosen in such a way that the T1 factor of fatty tissues is about 0. 
Consequently, fatty tissue in the retrobulbar and temple regions 
is not depicted

2.4  Image Contrasts and Imaging Sequences
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2.4.2.3 	 Limiting Factor: Acquisition Time

The numerous advantages of conventional imaging tech-
niques are opposed by the long acquisition time as a 
limiting factor. The time T required for the acquisition 
of an MR image using the 2D Fourier method (see Sect. 
2.3.4.2.) is given by the product of the repetition time TR, 
the number of the sequence cycles needed for phase en-
coding NPH, and the number of acquisitions NAQ (or aver-
ages):

T = TR NPH NAQ. 	 (2.4.5)

•	 The number NPH of sequence cycles needed for phase 
encoding is determined by the desired resolution of 
the image matrix. For the reconstruction of an MR im-
age with a resolution of 256 × 256 pixels, for instance, 
256 sequence cycles are required.

•	 The repetition time TR is determined by the selected 
type of weighting. Typical values are TR = 500–600 ms 
for T1-weighted and TR ≥ 3,000 ms for T2-weighted or 
PD-weighted SE images.

•	 In some cases, the imaging sequence is repeated sev-
eral times (e.g., NAQ = 2 or 4), in order to improve the 
signal-to-noise ratio ( AQNNS ∝/ ). This is especially 
valid for T1-weighted SE images, which have a rela-
tively low S/N ratio due to the short repetition time.

Example: Based on these considerations, the following represen-
tative acquisition times are obtained for SE images: T = 2.1 min 
for a T1-weighted image (TR = 500 ms, NPH = 256, NAQ = 1) and 
T = 10.2 min for a T2-weighted and/or a PD-weighted image 
(TR = 2,400 ms, NPH = 256, NAQ = 1).

By using the multiple slice technique described in Sect. 
2.3.5, one can simultaneously acquire MR images from 
multiple parallel slices within the given acquisition times, 
but the overall acquisition time required for the acquisi-
tion of the images will not be reduced. In clinical practice, 
this basic limitation of conventional imaging sequences 
leads to the following problems:
•	 Depending on the clinical question, the time needed for 

a patient examination ranges between 15 and 45 min.
•	 This demands high cooperation from the patient, as 

the patient will be asked to remain motionless during 
the examination in order to assure the comparability 
of differently weighted MR images. 

•	 Critically ill patients may not be examined full scale or 
might not fit for examination at all.

•	 The image quality is impaired by motion artifacts 
(such as heart beat, blood flow, breathing, or peristal-
tic movement). This problem is especially acute in pa-
tients with thorax and abdominal diseases, as MR im-
ages in general cannot be acquired completely during 
breath hold, as is the case in CT.

•	 Dynamic imaging studies are limited.

To overcome these limitations, several methods aiming 
to shorten the acquisition examination times have been 
developed. They can be categorized into two groups, de-
pending on whether the repetition time TR or the number 
of sequence cycles NPH needed for phase encoding is re-
duced (see Eq. 2.4.5). The two strategies will be discussed 
in the following sections at the example of some selected 
imaging sequences. An almost complete overview of the 
clinically used fast imaging sequences will be provided in 
Sect. 2.4.6.

�2.4.3 	  Gradient-Echo Techniques

�2.4.3.1 	 Low–Flip Angle Excitation 
and Gradient Echoes

The long scan times of conventional imaging sequences 
are due to the fact that the 90° excitation pulse rotates the 
entire longitudinal magnetization into the x–y-plane, so 
the pulse sequence can only be repeated when the lon-
gitudinal magnetization has been—at least partially—re-
covered by T1 relaxation processes. To acquire MR im-
ages with an acceptable S/N, the sequence repetition 
time TR has to be of the order of the T1 relaxation time. 
This basic problem in conventional imaging can be pre-
vented, however, by using an RF pulse with a flip angle 
of α < 90° to excite the spin system, so that only a part 
of the longitudinal magnetization Mz will be rotated to 
the x–y-plane, Nevertheless, one obtains a relatively large 
transverse magnetization.

Example: If, for instance, a flip angle of α = 20° is used, then the 
longitudinal magnetization Mz will be reduced by 6%, whereas 
the transverse magnetization Mxy amounts to 34% of the maxi-
mum value (Fig. 2.4.11).

In order to discuss the principle of low–flip angle excita-
tion, we will initially neglect the gradient fields needed 
for spatial encoding and consider the simple sequence 
shown in Fig. 2.4.12a. It consists of a single RF pulse with 
a flip angle α < 90° and a spoiler gradient, which destroys 
the remaining transverse magnetization after the acquisi-
tion of the FID.

Remark: As an alternative to spoiler gradients, the phase of the 
RF excitation pulse may be varied with every sequence cycle, in 
order to prevent the buildup of a steady state for the transverse 
magnetization (RF spoiling).

If the considered sequence is repeated several times, then 
the spin system already reaches a dynamic equilibrium 
after a few sequence cycles. Figure 2.4.13 shows the tran-
sient behavior of the longitudinal magnetization in white 
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Fig. 2.4.11  Principle of low–flip angle excitation. In contrast to 
a conventional 90° excitation, the magnetization M in low–flip 
angle excitation is only rotated by a flip angle α < 90°, so that the 
longitudinal magnetization Mz is only slightly reduced by the 
pulse. Nevertheless, this results in a relatively high transversal 
magnetization Mxy

7 Fig. 2.4.12  Excitation scheme of the FLASH sequence. a This 
sequence consists of a single RF pulse with a flip angle α < 90° 
and a spoiler gradient that destroys the transversal magnetiza-
tion after data acquisition. b Temporal evolution of the longi-
tudinal magnetization Mz in the steady state. The steady-state 
magnetization is denoted by M zSS. c Temporal evolution of the 
transversal magnetization Mxy in the rotating frame

Fig. 2.4.13  Transient behavior of the longitudinal magnetiza-
tion when using a FLASH sequence (TR = 25ms, T1 = 600 ms). If 
the sequence shown in Fig. 2.4.12 is repeated several times, then 

the longitudinal magnetization reaches a steady-state value M zSS 
after several repetitions. For α = 90°, the steady state is reached 
already after the first excitation

2.4  Image Contrasts and Imaging Sequences



2  Basics of Magnetic Resonance Imaging and Magnetic Resonance Spectroscopy46

brain matter (T1 ≅ 600 ms) for different flip angles α. The 
equilibrium value of the longitudinal magnetization, the 
so-called steady-state magnetization M zSS, is given by the 
equation 

 	 (2.4.6)

The value of the steady-state longitudinal magnetization 
depends not only on the flip angle α of the excitation 
pulse, but also on the repetition time TR and the longi-
tudinal relaxation time T1. It will be smaller when α be-
comes bigger. For α = 90°, the longitudinal magnetization 
reaches the steady-state value M zSS = M0 [1–e–TR/T1] after 
the first excitation, as expected. 

However, the MR signal is not given by the longitu-
dinal magnetization but by the transverse magnetization 
Mxy at the time of data acquisition. By using Eq. 2.4.6 the 
amplitude S of the MR signal can be described by 

S ∝ Mxy = M zSS  sin α · e–T E / T 2*. 	 (2.4.7)

Whereas the factor exp (–TE/T2*) describes the decay of 
the FID signal during the delay time TE, the factor sin α 
gives the fraction of the steady state magnetization M zSS, 
which is rotated in the x–y-plane (see Fig. 2.4.12b,c). To 
illustrate this relation, Fig. 2.4.14 shows the signal inten-
sity S as a function of the ratio TR/T1. From this plot, two 
important statements can be derived:
•	 As compared with conventional 90° excitation, low–

flip angle excitation yields considerably higher signal 
values for short repetition times.

•	 When using low–flip angle excitation, the signal is al-
ready independent of T1 for TR < T1.

The signal increase realized by low–flip angle excitation 
in combination with short repetition times is obtained, 

however, by omitting the 180° pulse generating a spin-
echo, as the 180° pulse not only inverts the phase of the 
transverse magnetization, but also the longitudinal mag-
netization (see Fig. 2.2.22b). This means that the dephas-
ing of the spins due to static field inhomogeneities as 
well as to chemical shift effects cannot be compensated, 
when the concept of low–flip angle excitation is applied 
(see Sects. 2.4.3.4 and 2.4.3.5). In the following, several 
advantages and disadvantages of low flip angle excitation 
are summarized.
•	 Advantages:

–	 Signal increase at short TR times
–	 Shorter TE times, as the 180° pulse is omitted
–	 Reduced energy deposition in the body by choos-

ing an appropriate sequence
•	 Disadvantage:

–	 Image artifacts due to local magnetic field inhomo-
geneities and chemical shift effects

In order to benefit from the advantages of low flip an-
gel excitation for fast MR imaging, the sequence shown 
in Fig. 2.4.12a needs to be completed with the gradient 
fields required for slice selective excitation and spatial 
encoding. The pulse and gradient scheme of a typi-
cal 2D fast imaging sequence is shown schematically in 
Fig. 2.4.15. As is the case in the conventional imaging 
sequences, there is an additional rephasing gradient in 
slice-selection direction and a pre-dephasing gradient 
in readout direction. With this gradient scheme, the de-
phasing of the transversal magnetization caused by the 
three magnetic gradient fields is compensated (cf. Sect. 
2.3.2), so there will be an echo signal called the gradient 
echo (GRE). Figure 2.4.16 shows the de- and rephasing 
behavior of the transverse magnetization for the three 
gradients in detail. Fast imaging sequences generating 
an echo by switching a pair of dephasing and rephasing 

Fig. 2.4.14  Signal intensity of the 
FLASH sequence plotted as a func-
tion of TR /T1 for four different flip 
angles α. For short repetition times 
(TR << T1), the detectable MR signal 
is markedly higher when RF pulses 
with low flip angles are used instead 
of a conventional 90° pulse
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gradients without a rephasing 180° RF pulse as with the 
spin-echo technique are called gradient-echo sequences 
(GRE sequences).

Remark: This term, however, may not conceal the fact that in 
conventional imaging sequences, there is always a gradient-
echo created (see Figs. 2.4.1 and 2.4.6). The difference consists 
only in the fact that the 180° pulse of the SE technique creates 
an additional spin-echo, which temporally coincides with the 
gradient echo.

In contrast to the conventional imaging sequences, the 
nomenclature of the GRE sequences is not unified, but 
is handled differently by different manufacturers. In the 
following, the fundamentals of GRE imaging will be dis-
cussed in detail at the example of two representative se-
quences denoted by the acronyms FLASH and trueFISP. 
The excitation of the spin system and position encoding 
are identical in both sequences; they differ only in that 
the transverse magnetization is destroyed after acquisi-
tion of the MR signal in the FLASH sequence (spoiled 

GRE sequence), whereas it is maximized in the trueFISP 
sequence (refocused GRE sequence). This difference, 
however, leads to an entirely different contrast behavior.

Fig. 2.4.15  Pulse and gradient scheme of the FLASH sequence. 
α flip angle of the excitation pulse, Gz slice selection-gradient, 
Gx phase-encoding gradient, Gy readout gradient

Fig. 2.4.16  Gradient refocusing of the FLASH sequence. De-
phasing of the transversal magnetization caused by the slice 
selection and the readout gradient is compensated by two ad-
ditional inverted gradients, so that a gradient-echo occurs. The 
figure shows the de- and rephasing process of two magnetiza-
tion components (a,b), which are at different positions and 
therefore precess under the influence of the gradient-fields with 
different Larmor frequencies. φx, φy, and φz are the correspond-
ing phase angles

Table 2.4.4  Recommendation of acquisition parameters for 
the measurement of weighted FLASH images

Weighting α TR (ms) TE (ms)

PD 10–20° 50–500 TE << T2*

T1 40–80° 20–300 TE << T2*

T2* 10–20° 50–500 15–40

2.4  Image Contrasts and Imaging Sequences
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�2.4.3.2 	 Example FLASH

The spoiled GRE sequence shown in Fig 2.4.15 was intro-
duced in 1985 by A. Haase et al. (1986) under the acro-
nym FLASH (fast low-angle shot); its essential character-
istics have already been outlined in the previous section. 
The signal intensity of a FLASH image can be described 
by the equation (cf. Sect. 2.4.3.1)
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and thus can be varied through the choice of the repeti-
tion time TR, the echo time TE , and the flip angle α of the 
excitation pulse. 
•	 PD dependence: see Sect. 2.4.2.1
•	 T1 dependence: In contrast to the SE sequence, the T1 

contrast behavior of the FLASH sequence is not only 
influenced by the repetition time TR, but also by the 
choice of the flip angle α. In order to illustrate this, 
the T1 contrast between white and gray brain matter 
is plotted in Fig. 2.4.17 as a function of the repetition 
time TR for different flip angles. As can be seen, the 
T1 contrast at low flip angles is only different from 0 
if very short repetition times are selected. If the flip 
angle is increased, then the T1 contrast maximum is 
shifted toward larger TR values and approximates the 
known T1 contrast behavior of the SE sequence. For 
a given value of TR/T1, the T1 factor of the signal Eq. 
2.4.8 is maximized, when α is given by the so-called 
Ernst angle 

αE = arccos(e–TR/T1).	 (2.4.9)

	 However, this does not imply that for this angle the 
tissue contrast between two structures is at its maxi-
mum. In Fig. 2.4.18 the tissue contrast between white 

and gray brain matter is plotted for TE << T2*, i.e., 
exp(–TE  / T2) ≈ 1, as a function of the repetition time 
TR and the flip angle α. For low flip angles, two contrast 
regions can be distinguished: for short TR times, the T1 
contrast dominates (T1-weighted images), for longer 
TR times, the PD contrast (PD-weighted image).

Example: In order to illustrated the discussed contrast behav-
ior, Fig. 2.4.19 shows a T1-weighted (TR /TE /α = 150/6/60°) and a 
PD-weighted FLASH image (400/6/20°).

•	 T2 dependence: In order to acquire a T2*-weighted 
FLASH image, the influence of T1 relaxation effects 
need to be minimized. For an SE sequence, this condi-
tion can only be fulfilled if a large repetition time TR is 
chosen (TR >> T1). This is different in FLASH imaging. 
As Fig. 2.4.18 shows, the recovery due to T1 relaxation 
can be neglected for much shorter TR values if the 
flip angle is chosen rather small. The T2* contrast of a 
FLASH image can be varied through the choice of the 
echo time TE. When doing this, however, one needs to 
remember that, due to the rapid T2* decay, T2* weight
ing happens already at markedly shorter TE times than 
in SE imaging (see Sect. 2.4.3.4).

The influence of the acquisition parameters on the con-
trast of a FLASH image is summarized in Table 2.4.4.

�2.4.3.3 	 Example trueFISP

In 1986, Oppelt et al. introduced a GRE sequence with 
the acronym FISP (fast imaging with steady precession), 
which considerably differs in its contrast from the FLASH 
sequence. This sequence was later renamed to trueFISP 
(see below). The pulse and gradient scheme of this se-
quence is shown in Fig. 2.4.20. Instead of the spoiler gra-

Fig. 2.4.17  Influence of the acquisition 
parameters TR and α on the T1 contrast 
of a FLASH image. For low excitation 
angles α, there will only be a consider-
able T1 contrast (here between white 
and gray brain matter) when short 
repetition times are selected. If the flip 
angle is increased, the T1 contrast max
imum will shift to a higher TR value
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dient of the FLASH sequence, refocusing gradient pulses 
are introduced in slice-selection direction as well as in 
the direction of frequency and phase encoding, through 
which the transverse magnetization is not destroyed after 
the data acquisition of the MR signal, but rather rephased 
or refocused (Fig. 2.4.21). 

Remark: As practice has shown, the trueFISP sequence is very 
susceptible to inhomogeneities of the static magnetic field, 
which are rendered visible as disturbing image artifacts. A more 

favorable behavior is achieved by omitting the gradient pulses 
(which have been shaded darkly in Fig. 2.4.20). In this case, only 
the dephasing of the transverse magnetization caused by the 
slice selection and phase-encoding gradient is completely com-
pensated. This realization is called FISP sequence.

In the trueFISP sequence, not only the longitudinal, but 
also the transversal magnetization reaches an equilib-
rium state after several sequence cycles. As both magne-
tization components are different from zero at the end 

Fig. 2.4.18  Parameter weighting in 
FLASH imaging. Plotted is the contrast 
between white and gray brain matter 
as a function of the repetition time 
TR and the flip angle α for TE << T2*. 
Two different contrast regions can be 
distinguished for low flip angles: for 
short TR times, the T1 contrast domi-
nates (T1-weighted image), for longer 
TR times, the PD contrast (PD-weighted 
image). If the flip angle is increased, 
then the T1 contrast curve will gradually 
approach the known contrast behavior 
of the SE sequence (α = 90°). Corre-
spondingly, long repetition times need 
to be chosen in order to acquire PD-
weighted or T2-weighted images

Fig. 2.4.19  FLASH images of a transversal head section with a thickness of 5 mm. a T1-weighted image (TR /TE /α/NAQ = 150/6/60°/4) 
b PD-weighted image (400/6/20°/4)

2.4  Image Contrasts and Imaging Sequences
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of a sequence cycle, they will be mixed by the following 
RF pulse, i.e., a part of the longitudinal magnetization is 
flipped into the x–y-plane and a part of the transverse 
magnetization into the z-direction. Consequently, both 
magnetization components dependent on T1 and on T2. 
The T2 dependence increases proportional to the mag-
nitude of the transverse magnetization remaining at the 
end of the sequence cycle (i.e., with decreasing TR/T2 ra-
tio). Vice versa, this means that the FISP signal for high 
TR values (TR>>T2) will approximate the FLASH signal.

Remark: The difference in the latter case merely consists in the 
fact, that in the FLASH sequence the transverse magnetization 

is rapidly destroyed by a spoiler gradient after the acquisition of 
the FID, whereas in the FISP sequence it decays with the time 
constant T2. Therefore, the FLASH sequence is more useful for 
the acquisition of T1-weighted and PD-weighted images than is 
the FISP sequence.

As the discussion has shown, the characteristic signal 
behavior of the FISP sequence manifests itself only for 
very short repetition times. For this special situation, the 
dependence of the signal intensity of the FISP sequence 
on the tissue parameters T1, T2, and PD can be described 

Fig. 2.4.21  Gradient refocusing of the FISP sequence. Due to 
the complex gradient switching, the dephasing of the transversal 
magnetization caused by the three gradients is completely com-
pensated after acquisition of the gradient-echo, so the transver-
sal magnetization is restored before irradiation of the subse-
quent excitation pulse. The figure shows the de- and rephasing 
process for two magnetization components (a,b), which are at 
different positions and therefore precess with different Larmor 
frequencies under the influence of the gradient fields. φx, φy, 
and φz are the corresponding phase angles. At the end of the 
sequence, both magnetization components are in phase again 
(φx = φy = φz = 0), independent of their spatial position

Fig. 2.4.20  Pulse and gradient scheme of the trueFISP se-
quence. α flip angle of the excitation pulse, Gz slice-selection 
gradient, Gx phase-encoding gradient, Gy readout gradient. In-
stead of the spoiler gradient used in the FLASH sequence, there 
are refocusing gradient pulses in all three gradient directions, so 
that the transversal magnetization after acquisition of the gradi-
ent-echo is not destroyed but reconstructed (see Fig. 2.4.21). In 
practice, the gradient pulses (marked darkly) here is frequently 
omitted in order to reduce the susceptibility of the sequence for 
artifacts leading to a FISP sequence
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approximately by the expression

,

	(2.4.10)

which is independent of the repetition time TR. As this 
equation shows, the signal intensity of a FISP image for 
TR<<T2 and TE<<T2 depends only on the ratio of the 
tissue-specific relaxation times T1/T2, not on absolute 
values. The FISP sequence is therefore also denoted as 
T1/T2-weighted GRE sequence.

•	 PD dependence: see Sect. 2.4.2.1
•	 T1/T2 dependence: In Fig. 2.4.22, the T1/T2 factor of 

the FISP signal Eq. 2.4.10 is plotted as a function of 
the flip angle α for different T1/T2 ratios. As one can 
see, the signal intensity at a given flip angle is the big-
ger the more similar the relaxation times T1 and T2 are. 
The absolute maximum is obtained for α = 90° and 
T1 = T2. For a given value of T1/T2, the T1/T2 factor is 
maximized, when the flip angle is given by
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Remark: The considerations are only valid for stationary spins. 
If the phase coherence and thus the steady-state magnetization 
are disturbed by flow, as is the case in blood vessels or in liquor 
spaces, then the signal maximum will be shifted toward lower 
excitation angles.

Fig. 2.4.22  T1/T2 dependence of the signal intensity of the trueFISP sequence. Plotted is the T1/T2 factor of the trueFISP signal 
equation as a function of the flip angle α for different T1/T2 ratios and very short repetition times (TR << T2). For a given flip angle α, 
the signal intensity will be the bigger, the smaller the ratio T1/T2 is
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In practice, flip angles between 70° and 90° and repetition 
times between 35 and 50 ms are used for the acquisition 
of T1/T2-weighted trueFISP images. In these images, tis-
sues with lower T1/T2 ratio (i.e., fatty tissue and liquor) 
are more signal intensive than are tissues with high T1/T2 
ratio (e.g., white and gray brain matter). For the acquisi-
tion of T1-weighted and PD-weighted images, the FLASH 
sequence is better suited than is the trueFISP sequence.

Example: Figure 2.4.23 shows a T1/T2-weighted trueFISP image 
(TR /TE /y = 35/7/80°). The comparison of this image with the T1-
weighted FLASH image shown in Fig. 2.4.19 reveals the comple-
mentary contrast behavior of the two GRE sequences.

�2.4.3.4 	 Influence of Magnetic Field 
Inhomogeneities

Opposite to conventional imaging sequences (i.e., the SE 
and the IR sequence), the dephasing of spins due to static 
magnetic field inhomogeneities cannot be compensated 
in GRE sequences, due to the missing rephasing 180° 
RF pulse (see Sect. 2.4.3.1). Consequently, the transverse 
magnetization Mxy does not decay with the tissue-specific 
transverse relaxation time T2, but with the time constant 
T2* (cf. Sect. 2.2.5.2 and Fig. 2.2.22). Compared with T2, 
T2* shortens proportional to an increase in local magnetic 
field inhomogeneity. If the magnetic field inhomogeneity 
per voxel is denoted as ∆B, the relation between the three 
quantities can be expressed as 

1 / T2* = 1 / T2 + γΔB / 2.	 (2.4.12)
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Numerical examples are given in Table 2.4.5.
In MR imaging, local field inhomogeneities have es-

sentially three reasons: 
•	 Technical imperfections of the main magnetic field. 

They increase with the distance from the center of 
the magnet and can cause severe signal losses in the 
outer zone. When using GRE sequences, one there-
fore has to remember that the body region to be ana-
lyzed should not be too far away from the center of 
the magnet.

Example: In modern MR tomographs, the magnetic field in-
homogeneity over a sphere of 50 cm diameter is smaller than 
5 ppm. Assuming that the magnetic field changes linearly with 
distance to the center of the magnet, a magnet field inhomoge-
neity of about 0.02 ppm per pixel is obtained for a matrix size of 
256 × 256 and a field of view of 50 cm (Table 2.4.5).

•	 Para- or ferromagnetic implants. Such implants 
(e.g., prostheses or clips) cause strong magnetic field 
inhomogeneities in the surrounding tissues. As a 
consequence, T2* times of these tissues are drastically 
reduced which results in signal losses in the vicinity 
of the implants. In these cases, conventional imaging 
techniques have to be used, which are less susceptible 
to field inhomogeneities.

•	 Susceptibility effects. As discussed in Sect. 2.2.8, the 
magnetic field distribution within the human body 

depends on the position, size, form, and magnetic 
susceptibility of the various tissues and organs in the 
body. Whereas the magnetic field is locally homoge-
neous in larger uniform organs or tissue regions, there 
are local field inhomogeneities at the interfaces of ana-
tomical structures, which differ in their magnetic sus-
ceptibility. They can be strong enough to cause—via 
a reduction of the T2* times—signal losses in the vi-
cinity of the interface. One can observe this effect in 
GRE images mainly in the vicinity of air–tissue inter-
faces, such as in the lung or in paranasal tissues. Even 
though susceptibility artifacts are unavoidable in GRE 
imaging, they can be minimized by two techniques: by 
shortening the echo time TE of the sequence and by re-
ducing the voxel size, especially the slice thickness. By 
both means the average field inhomogeneity per voxel 
is reduced. 

�2.4.3.5 	 Influence of the Chemical Shift 

As shown in Fig. 2.3.7, the 1H spectrum of the human 
organism consists of two dominant peaks, whose reso-
nance frequencies differ due to the chemical shift by 
about 3.5 ppm. The two resonance peaks are assigned to 
hydrogen nuclei in water molecules and those in methy-
lene groups of fatty acids. If both components contribute 
to the MR signal of a tissue, for instance fatty tissue or 
bone marrow, then a modulation of the signal intensity of 
these tissues can be observed in GRE imaging in depen-
dence on the echo time TE. 

This interesting phenomenon is due to the fact that 
the transverse magnetization of the water component 
precesses after RF excitation a little faster than the fat 
component, so both magnetization components are ori-
ented parallel or antiparallel in regular intervals (Fig. 
2.4.24). As the detected GRE signal is proportional to the 
vector sum of the two magnetization components, this 
periodic behavior manifests in a modulation of the sig-
nal intensity: the intensity is at its highest when the two 
components are oriented parallel; it is at its minimum 

Table 2.4.5  Reduction of the transverse relaxation time T2* due 
to inhomogeneities ∆B of the static magnetic field 

∆B/voxel�
(ppm)

2/γ∆B�
(ms)

T2�
(ms)

T2*�
(ms)

0.02 250 100 71

1,000 200

0.2 25 100 20

1,000 24

Fig. 2.4.23  T1/T2-weighted trueFISP image (TR /TE /α/NAQ = 
35/7/80°/4) of a transversal head section with a thickness of 
5 mm. (Compare this image with the T1-weighted FLASH image 
shown in Fig. 2.4.19a)
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when they are antiparallel. The amplitude of the signal 
modulation depends on the ratio of the two signal com-
ponents.

Example: At a magnetic flux density of B0 = 1.5 T, the frequency 
difference between the fat and the water component is about 
Δω / 2π = 220 Hz. This implies that the two magnetization com-
ponents are oriented parallel or antiparallel after RF excitation 
in equidistant time intervals of Δτ = π / Δω = 2.3 ms. Figure 
2.4.25 illustrates the signal modulation at 1.5 T for a realistic 
example.

�2.4.4 	  Modification of k-Space Sampling

�2.4.4.1 	 Half-Fourier Technique

In 2D Fourier imaging, the MR image is reconstructed 
via a Fourier transformation from the acquired raw data 
set, the k-space matrix. Even though for the reconstruc-
tion of an MR image with N × N pixels a raw data ma-
trix with N × N data points is required, it is sufficient to 
measure only the first N/2 rows of the raw matrix, when 
the symmetry of the k-space is taken into account (half-
Fourier technique) (Feinberg et al. 1986).

To illustrate this aspect, Fig. 2.4.26 shows a raw matrix 
that has been acquired with the SE sequence shown in 
Fig. 2.4.1. The data points of the k-space matrix are po-
sitioned symmetrically to the center of the matrix. Due 
to this fact, it is sufficient to measure only the data points 
of the upper half of the k-space and to fill the lower half 
through (conjugate) point reflection of the measured data 
in the center of the matrix (Fig. 2.4.27).

Fig. 2.4.24  Temporal evolution of the transversal magnetization 
in fatty tissue. In fat-containing tissues, two pools of hydrogen 
nuclei contribute to the MR signal, whose resonance frequen-
cies differ by about 3.5 ppm. They are assigned to 1H nuclei in 
water and in methylene groups of fatty acids. As the transversal 
magnetization of the water component (M xy

w) after RF excitation 

precesses slightly faster than the methylene component (M xy
F ), 

the two magnetization vectors are oriented a parallel or b anti-
parallel in regular intervals. The figure shows this in a rotating 
frame, in which the transversal magnetization of the fat compo-
nent does not rotate

Fig. 2.4.25  Modulation of the GRE signal in fat-containing tis-
sues. At a magnetic flux density of 1.5 T, the difference between 
the resonance frequencies of the water and methylene protons 
is about 220Hz, so that the transversal magnetization of the two 
proton components is oriented parallel or antiparallel every 2.3 
ms (see Fig. 2.4.24). This periodic behavior results in a modula-
tion of the measured GRE signal: the signal intensity is at its 
maximum if the two transversal magnetizations are parallel; it is 
at its minimum if they are antiparallel

2.4  Image Contrasts and Imaging Sequences
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Remark: In order to generate this raw data matrix row by row, 
the sequence has been repeated N times for different values of 
the phase-encoding gradient Gx = n∆Gx (– N / 2 < n ≤ N / 2) with 
the SE signal being measured N times in the presence of the 
readout gradient in equidistant steps ∆t symmetrically to the 
echo time TE at each sequence cycle (see Fig. 2.4.28a).

With this technique, the number of sequence cycles NPH 
required for phase encoding can be halved without re-
ducing the spatial resolution, which—according to Eq. 
2.4.5—also implies a 50% reduction of the acquisition 
time. The reduction of acquisition time, however, results 
in a reduction of the S/N ratio by the factor 2. 

Remark: In practice, some more rows of the k-space matrix are 
acquired, which makes it possible to perform a phase correc-
tion. Due to this reason, the reduction of the acquisition time is 
slightly less than 50%.

�2.4.4.2 	 Fourier Interpolation

The measurement time can also be reduced by sampling 
only the central segment of the k-space matrix. How-
ever, Fourier transformation of such a sparsely sampled 
k-space matrix yields an image that is only coarsely sam-
pled (i.e., has large voxel dimensions) in the phase-encod-
ing direction(s). This may result in severe partial volume 
effects in case of small tissue structures, such as vessels in 

MR angiography. The nominal resolution of the recon-
structed image can be improved when the “missing” lines 
of the k-space are “zero filled” before Fourier transforma-
tion. This approach, denoted as Fourier interpolation, in-
creases the number of pixels in the reconstructed image 
and thus the image resolution, but does not, of course, 
improve the physical resolution of the imaging process. 
Nevertheless, this trick improves the appearance of the 
reconstructed images and reduces partial volume effects.

Fourier interpolation is routinely used in 2D imaging 
as, for example, to display a 512 × 512 image matrix re-
constructed from a k-space matrix with only 256 × 256 

Fig. 2.4.26  k-Space matrix. The raw data matrix shown has 
been acquired with the SE sequence shown in Fig. 2.4.1. As can 
be seen, the data points are positioned symmetrical to the center 
of the matrix. This symmetric property of the k-space matrix is 
utilized in the half-Fourier technique (see Fig. 2.4.27)

Fig. 2.4.27  Half-Fourier technique. a In this technique, only 
the data points of one half of the raw matrix are measured. 
b The missing points are generated through (conjugate) point 
reflection of the measured data in the center of the matrix (see 
Fig. 2.4.26). c After this preparatory step, the MR image can be 
reconstructed as usual by a 2D Fourier transformation of the 
k-space matrix
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measurement points. The concept can be extended to 3D 
imaging, in particular to compensate for the sparse sam-
pling of the k-space matrix in the direction of the second 
phase-encoding gradient (slab direction). 

Remark: A special application is the VIBE (volume interpo-
lated breath-hold examination) technique, which is being used 
to reconstruct images from a sparsely sampled k-space matrix 
acquired with a fast 3D imaging sequence within a single breath 
hold. 

�2.4.4.3 	 Parallel Imaging

What happens, when the number of phase-encoding 
steps NPH—and thus the image acquisition time—is 
halved, while the sampling interval of the phase-encod-
ing gradient, here ∆Gx, is doubled? According to the 
sampling theorem discussed in Sect. 2.3.3.1, the field 
of view FOVx that can be imaged in x-direction with-
out reconstruction errors is inversely proportional to 
∆Gx. Therefore, the FOVx is also halved by the modi-
fied sampling strategy. In contrast, the spatial resolution 
∆x = X/N is not changed. The modification discussed 
has thus—apart from a reduction of the S/N ratio due 
to the reduced number of measurements—no effect on 
the reconstructed MR image, as long as the object size X 
in direction of the phase-encoding gradient is less than 
FOVx /2. However, if the object size X is greater, then this 
will result in aliasing artifacts, i.e., the portions of the ob-
ject outside of the reduced field of view get mapped to 
an incorrect location inside this field of view. The reason 
is that at these positions the phase angles ϕ induced by 
the phase-encoding gradient are greater than 2π or 360°) 
and thus cannot be distinguished from phase angles in 
the interval 0–2π (see Fig. 2.3.9) that encode positions 
inside the reduced field of view. The missing informa-
tion, however, can be obtained by using two adjacent coil 
elements in an RF receive array with non-overlapping 
sensitivity profiles, each of which detects the MR signals 
from only one half of the full field of view. This strategy is 
called parallel imaging. Obviously, the number of phase-
encoding steps NPH—and thus the acquisition time—can 
be further decreased if receive arrays with more than two 
coil elements are used (see Sect. 2.5). Parallel imaging 
offers the major advantage that it can be combined with 
any existing imaging sequence (e.g., SE, GRE, and echo 
planar imaging sequences) and that the contrast behavior 
of the sequence used is not changed. 

When implementing parallel imaging techniques, 
one has to deal with the problem that the sensitivity pro-
files of the coil elements are not rectangular but rather 
overlap. To avoid image artifacts arising from this fact, 
sophisticated image reconstruction techniques have been 
developed. They can be classified into two major groups, 
image-based reconstruction (e.g., SENSE, or sensitivity 
encoding) and k-space–based reconstruction techniques 
(e.g., GRAPPA, or generalized autocalibrating partially 
parallel acquisitions). 

�2.4.4.4 	 Segmented k-Space Sampling

The basic idea of the echo planar imaging (EPI) technique, 
described by P. Mansfield in 1976 (Mansfield et al. 1976), 
aims at generating a series of spin or gradient-echoes in 
a short period of time after excitation of the spin system 
by an RF pulse, which are differently phase encoded by 
an appropriate gradient-switching scheme. In this way, 

Fig. 2.4.28  Possible sampling schemes for the k-space matrix. 
a In the conventional 2D Fourier technique, only one row of 
the k-space matrix is acquired per sequence cycle so that N se-
quence cycles are required to completely construct the raw data 
matrix. b In the single-shot echo planar technique, all rows of 
the k-space matrix are detected in one single sequence cycle. 
The figure shows one possible sampling strategy. c In segmented 
k-space sampling, several rows of the k-space matrix are ac-
quired per sequence cycle. The figure indicates the rows of the 
raw matrix that are acquired in one sequence cycle in gray

2.4  Image Contrasts and Imaging Sequences
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all rows of the k-space matrix can be acquired within one 
single sequence cycle. The various published versions of 
the EPI technique only differ in the way the phase-en-
coding gradients are switched, i.e., in what order the data 
points of the raw data matrix are sampled. One possible 
sampling scheme is shown in Fig. 2.4.28b. The limiting 
factor evidently is the speed with which the transverse 
magnetization decays after RF excitation. If the acqui-
sition time is markedly longer than the decay constant 
(T2 or T2*, respectively), the different rows of the k-space 
matrix are differently T2 or T2* weighted, depending on 
the sampling scheme. This means that distinct spatial 
frequencies are over- and others are underweighted. In 
order to prevent this problem, the entire data set needs 
to be acquired within a time interval, which is compa-
rable to the decay constant of the transverse magnetiza-
tion. The EPI technique therefore challenges the gradient 
system. 

The mentioned problems in EPI can be avoided by 
sampling only few rows of the k-space matrix during each 
sequence cycle. If NE echoes are generated per excitation, 
then the number of sequence repetitions necessary to 
completely fill the raw data matrix and, in consequence, 
the acquisition time can be reduced by the factor 1/NE as 
compared with the conventional 2D Fourier technique. 
In contrast to the EPI technique, the demands on the gra-
dient system for this so-called segmented k-space sam-
pling strategy are much lower.

�2.4.5 	  Preparation Techniques

In MR imaging, there are two major pools of hydrogen 
nuclei that contribute to the image signal: the 1H nuclei 
of freely moveable water molecules and those of the CH2 
groups of mobile fatty acids (see Fig. 2.3.7). In contrast, 
the MR signal from hydrogen nuclei which are bound in 
relatively immobile macro-molecular structures (such as 
proteins, cell membranes, etc.) cannot be detected due 
to their very short T2 times (cf. Sect. 2.2.5.3). Neverthe-
less, they affect indirectly the magnetization of the “free” 
1H nuclei in water and thereby also modify the image 
signal. Based on these facts, different methods have been 
developed, which offer the possibility to modify the 
magnetization detectable in MR imaging by preparation 
pulses.

�2.4.5.1 	 Fat Saturation

As already discussed in Sect. 2.3.3.1, the chemical shift 
of about 3.5 ppm between 1H nuclei in water and fatty 
acids becomes evident in the fact that fat- and water-con-
taining tissue structures of the body are slightly shifted 
against one another. This image artifact, which is espe-
cially pronounced in EPI, can be avoided by reducing the 
contribution of the fatty acids to the MR signal.

One possibility to reduce the signal from fatty acids 
has already been discussed in relation with the STIR se-
quence (see Sect. 2.4.2.2), in which the magnetization 
is prepared (here inverted) by an inversion pulse. If the 
inversion time is chosen so that the longitudinal magne-
tization of the fatty acids is almost zero at this point in 
time, only the water pool will contribute to the STIR im-
age (see Fig. 2.4.10b). A drawback of this technique is, 
however, that the inversion time is determined by the T1 
time of the 1H nuclei in fatty acids, and thus the T1 con-
trast of the images cannot be chosen freely. This prob-
lem can be avoided by utilizing not the specific relaxation 
properties of fatty tissues (see Table 2.2.2) for fat suppres
sion, but the chemical shift between 1H nuclei in water 
and in fatty acids. The latter strategy offers the opportu-
nity to selectively saturate the magnetization of the fatty 
acids by frequency-selective RF pulses, so-called CHESS 
(chemical shift selective) pulses, and to use the remaining 
magnetization of the water pool for image generation. In 
the simplest case, the CHESS pulse is a frequency-selec-
tive 90° pulse, which flips the longitudinal magnetization 
of the CH2 groups into the x–y-plane, where it will be de-
phased by a spoiler gradient (Frahm et al. 1985; Haase 
et al. 1985). However, this places high demands on the 
homogeneity of the magnetic field within the patient; in 
order to separate the two resonance lines, the field ho-
mogeneity must be better than 3 ppm. In practice, this 
condition can only be rendered if the homogeneity of the 
magnetic field is adjusted by a special shim procedure be-
fore the examination of the patient. In order to avoid this 
procedure, optimized CHESS pulses for fat suppression 
have been developed (e.g., binominal pulses).

�2.4.5.2 	 Magnetization Transfer

In biological tissues, there are two pools of hydrogen 
nuclei that differ markedly regarding their biophysical 
properties: 1H nuclei in water molecules with high mobil-
ity (1Hf, or free water protons), and 1H nuclei in macro-
molecules with reduced mobility (1Hr). Whereas the T1 
relaxation times of the two pools do not differ markedly 
(T1 > 100 ms), the T2 times differ strongly (see Fig. 2.2.16). 
The T2 times of the 1Hf nuclei are generally higher than 40 
ms, whereas for 1Hr nuclei they are less than 100 µs due 
to the strong dephasing effect of neighboring spins. The 
different T2 times are mirrored in the 1H spectrum (Fig. 
2.4.29). As the width ∆ω of a resonance line is inversely 
proportional to the T2 time (see Sect. 2.2.6), the 1Hf pool 
has a line width of a few Hertz, whereas the spectral 
width of the 1Hr nuclei is more than 10 kHz. It is crucial 
that the two 1H pools interact due to intermolecular pro-
cesses (spin–spin interaction) and/or chemical exchange 
processes (Wolff and Balaban 1989). Due to this reason, 
any change in the magnetization in one pool results in an 
alteration of magnetization of the other pool. This effect 
is called magnetization transfer (MT).
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To utilize this effect for MR imaging, the magnetiza-
tion of the 1Hr pool is saturated by frequency-selective 
preparation pulses (saturation transfer). Due to the MT 
effect, this leads to a significant reduction of the MR sig-
nal of 1Hf nuclei and thereby to a reduction of the image 

signal. In the simplest case, the frequency spectrum of 
the preparation pulse is defined by a rectangular function 
below and/or above the resonance frequency of the 1Hf 
pool, as is shown in Fig. 2.4.29. When doing this, the off-
set frequency has to be chosen big enough, so that local 
variations of the resonance frequencies of the 1Hf nuclei 
due to inhomogeneities of the static magnetic field and 
differences in tissue susceptibilities do not lead to a direct 
effect on the 1Hf magnetization. 

MT preparation pulses are often used in MR angiogra-
phy to increase the blood-tissue contrast. This interesting 
application is based on the fact that the MT effect reduces 
the 1Hf magnetization of stationary tissue, whereas the 
magnetization of the flowing blood is not affected.

�2.4.6 	  Sequence Families

Imaging in magnetic resonance is based on spin warp 
imaging but is commonly referred to as Fourier imag-
ing. The main underlying principle is the use of magnetic 
field gradients to prepare the slice-selective excitation 
and to phase and frequency encode the signal that is in-
duced by the rotating transverse magnetization. The mo-
tivation of continued sequence development is fuelled by 
the aim to improve the tissue distinction and the shorten-
ing of measurement time. In recent years, a great number 
of sequences have been developed (see Table 2.4.6), each 
of which are utilized in routine clinical applications. The 
following paragraph provides a systematic overview of 
the sequence families.

Fig. 2.4.29  Schematic depiction of a 1H spectrum of biological 
tissues. Apart from the resonance line of 1H nuclei in free water 
(1Hf), with a low spectral line width (< 20 Hz), there is a broad 
underground due to 1H nuclei in macromolecules with reduced 
mobility (1Hr), the MR signal of which cannot be detected di-
rectly because of their short T2 times. Note that the spectral 
widths are not depicted in true scale. The frequency spectrum of 
a MT preparation pulse is marked in gray

Table 2.4.6  The most important MRI sequences

Acronym Phrase Explanation Synonyms

CISS Constructive interfer-
ence in steady state

Data merging of two 3D trueFISP sequences 
with and without RF phase alternation to elimi-
nate destructive interference pattern 

PC-3D-FIESTA

DESS Double-echo steady state Image data merging of FISP and PSIF ap-
pearing in adjacent acquisition windows

DRIVE TSE with a –90° RF pulse at the end of an echo 
train in order to increase the signal for tis-
sue with a long T2 relaxation time

RESTORE, FRFSE

EPI Echo planar imaging Single-shot technique using only one excita-
tion, followed by multiple phase-encoded 
gradient-echoes to fill the k-space

FFE Fast field echo GRE with low–flip angle excitation and rephas-
ing in the direction of phase encoding after 
data acquisition of a single Fourier line

FISP, GRASS

FIESTA Fast imaging–employing 
steady-state acquisition

GRE with low–flip angle excitation and rephasing in all 
directions after data acquisition of a single Fourier line

trueFISP, bFFE

2.4  Image Contrasts and Imaging Sequences
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Table 2.4.6  (continued) The most important MRI sequences

Acronym Phrase Explanation Synonyms

FISP Fast imaging with 
steady-state precession

GRE with low–flip angle excitation and rephas-
ing in the direction of phase encoding after 
data acquisition of a single Fourier line

FFE, GRASS

bFFE Balanced FFE GRE with low–flip angle excitation and rephasing in all 
directions after data acquisition of a single Fourier line

trueFISP, FIESTA

FLASH Fast low-angle shot GRE with low–flip angle excitation and “spoil-
ing” after data acquisition of a single Fourier line

T1-FFE, SPGR

FLAIR Fluid-attenuated 
inversion recovery

Liquor suppressed imaging protocol us-
ing an IRM sequence (long inversion time)

–

FRFSE Fast-recovery fast 
spin echo

FSE with a –90° RF pulse at the end of an echo 
train in order to increase the signal for tis-
sue with a long T2 relaxation time

DRIVE, RESTORE

FSE Fast spin echo SE using multiple phase–encoded 
echoes for faster filling of k-space

TSE, RARE

FSPGR Fast spoiled GRASS Spoiled GRASS with inversion or satura-
tion pulse preceding the whole measurement 
in order to establish T1 weighting or for the 
nulling of the signal of a specific tissue

TFL, TFE

GRASE Gradient and spin echo FSE with multiple phase–encoded gradi-
ent-echoes within a SE envelope

TGSE

GRASS Gradient-recalled acquisi-
tion in the steady state

GRE with low–flip angle excitation and rephas-
ing in the direction of phase encoding after 
data acquisition of a single Fourier line

FISP, FFE

HASTE Half-Fourier single-
shot turbo spin echo

TSE utilizing the half-Fourier technique

IR Inversion recovery SE with preceding RF inversion pulse

MP-RAGE Magnetization prepared 
rapid gradient echo

3D TFL version

T1-FFE T1 fast field echo GRE with low–flip angle excitation and “spoil-
ing” after data acquisition of a single Fourier line

FLASH, SPGR

PSIF Backward-running FISP Acquiring an RF refocused signal us-
ing a time reversed FISP sequence

T2-FFE, SSFP

RARE Rapid acquisition with 
relaxation enhancement

SE using multiple phase–encoded 
echoes for faster filling of k-space

TSE, FSE

RESTORE Fast-recovery fast 
spin echo

TSE with a –90° RF pulse at the end of an echo 
train in order to increase the signal for tis-
sue with a long T2 relaxation time

DRIVE, FRFSE

SE Spin echo 90–180° sequence

SPGR Spoiled gradient-re-
called acquisition in 
the steady state

GRE with low–flip angle excitation and “spoil-
ing” after data acquisition of a single Fourier line

FLASH, T1-FFE

STEAM Stimulated echo ac-
quisition mode

Sequence using three 90° RF pulses
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�2.4.6.1 	 Sequence Classification 

A first sequence classification can be performed in as-
signing the type of sequence in either a spin-echo or a 
gradient-echo group. The main difference between SE 
and GRE is the influence of susceptibility gradients on 
image contrast. In general, in GRE imaging susceptibility 
gradients lead to a faster decay of the signal, whereas in 
SE imaging dephasing mechanisms that are fixed in loca-
tion and consistent over time are refocused by the 180° 
refocusing RF pulse. SE image contrast depends on the 
tissue specific transversal relaxation time T2, whereas 
GRE image contrast is a function of the transversal relax-
ation time T2*. Some GRE techniques utilize the excita-
tion pulse also as a refocusing pulse, causing spin-echo 
components to contribute to the image contrast.

Within the SE and the GRE group, the contrast can 
be manipulated by preparing the longitudinal magnetiza-
tion prior to starting the imaging sequence or prior to the 
measurement of a Fourier line.

In multi-echo imaging, the transverse magnetization 
is refocused and reutilized after the collection of a Fourier 
line, omitting the necessity of a further excitation for the 
collection of another Fourier line. This method is applica-
ble within the SE group as well as the GRE group. Again, 
a preparation of the magnetization is generating another 

sequence family. Using only one excitation and multiple 
phase–encoded echoes to acquire all required k-space 
lines without a further excitation is called a single-shot 
technique. Figure 2.4.30 shows an overview scheme that 
provides one possible sequence-classification. 

Within the SE sequences, there are:
•	 The conventional SE sequence (see Sect. 2.4.2.1)
•	 The IR sequences (see Sect. 2.4.2.1)
•	 The multi-echo sequences (e.g., TSE, FSE)
•	 The multi-echo sequences with preparation of the 

magnetization (e.g., TIR, TIRM, IR-FSE, RESTORE, 
DRIVE, FRFSE)

•	 The single-shot techniques (e.g., SS-FSE, or using 
a Half-Fourier technique [see Sect. 2.4.4.1] like in 
HASTE)

•	 The single-shot techniques with preparation of the 
magnetization (e.g., HASTIRM)

Multi-echo sequences use several phase–encoded echoes 
in order to fill the k-space (see Sect. 2.4.4.2). They are 
called fast spin-echoes (FSE), turbo spin-echoes (TSE), 
and RARE (rapid acquisition with relaxation enhance-
ment). The combination of the basic TSE technique and 
an inversion pulse for the preparation of the longitudinal 
magnetization is called TRIM (turbo inversion recovery 
magnitude) or TIR (turbo inversion recovery). If one 

Table 2.4.6  (continued) The most important MRI sequences

Acronym Phrase Explanation Synonyms

STIR Short TI inver-
sion recovery

TIRM sequence using a short inversion time suit-
able for suppressing the signal from fat

TGSE Turbo gradient spin-echo TSE with multiple phase–encoded gradi-
ent-echoes within an SE envelope

GRASE

TIR Turbo inversion recovery TSE with preceding inversion pulse (phase sensitive) IR-FSE

TIRM Turbo inversion re-
covery magnitude

TSE with preceding inversion pulse and utilizing 
only the magnitude of the signal (phase insensitive)

trueFISP True fast imaging with 
steady-state precession

GRE with low–flip angle excitation and rephasing in all 
directions after data acquisition of a single Fourier line

FIESTA, bFFE

TSE Turbo spin echo SE using multiple phase–encoded 
echoes for faster filling of k-space

FSE, RARE

TFE Turbo field echo T1-FFE with inversion or saturation pulse preceding the 
whole measurement in order to establish T1 weight-
ing or for the nulling of the signal of a specific tissue

TFL, FSPGR

TFL Turbo fast low-angle shot FLASH with inversion or saturation pulse preceding the 
whole measurement in order to establish T1 weight-
ing or for the nulling of the signal of a specific tissue

TFE, FSPGR

VIBE Volume-interpolated 
breath-hold examination

3D GRE with low–flip angle excitation and “spoiling” 
after data acquisition of a single Fourier line and Fou-
rier interpolation in the direction of partition encoding

2.4  Image Contrasts and Imaging Sequences



2  Basics of Magnetic Resonance Imaging and Magnetic Resonance Spectroscopy60

combines the Half-Fourier method with a TSE sequence 
to a degree at which only a single excitation pulse suffices 
to fill the raw-data matrix with following spin-echoes, 
one applies the so-called HASTE technique (half-Fou-
rier single-shot turbo spin-echo). The mix of spin-echoes 
with gradient-echoes or, more precisely the acquisition of 
gradient-echoes within an SE envelope leads to the TGSE 
(turbo gradient-echo sequence) sequence, also called 
GRASE (gradient and spin-echo). As expected, with the 
introduction of gradient-echoes within a multi-echo 
spin-echo sequence, the contrast behavior is also T2* re-
lated. This sequence is also called a hybrid.

Similar to the SE sequences, the GRE sequences can 
be grouped into:
•	 Conventional GRE sequences (e.g., FLASH, FISP, 

trueFISP, DESS, CISS, PSIF)
•	 GRE sequences with preparation of the magnetization 

(e.g., turboFLASH, MP-RAGE)
•	 Multi-echo GRE sequences (e.g., MEDIC, segmented 

EPI)
•	 Multi-echo GRE sequences with preparation of the 

magnetization (e.g., segmented DW-SE-EPI)
•	 Single-shot GRE sequences (EPI)
•	 Single-shot GRE sequences with preparation of the 

magnetization (e.g., DW-SE-EPI)

As indicated above, conventional GRE sequences can be 
further divided into: 
•	 SSI group (steady-state incoherent), which only aims 

at a steady state in the longitudinal magnetization 
(e.g., FLASH, SPGR, T1-FFE) 

and
•	 The SSC group (steady-state coherent), during which 

the steady state of the transversal magnetization 

equally contributes to the signal (e.g., FISP, trueFISP, 
GRASS, FIESTA, FFE, bFFE).

Acronyms of the SSI group are FLASH (fast low-angle 
shot), SPGR (spoiled gradient-recalled acquisition in 
the steady state), and T1-FFE (T1-fast field echo). In the 
SSC group there are trueFISP (fast imaging with steady 
precession), GRASS (gradient-recalled acquisition in the 
steady state), and FFE (fast field echo).

Within the SSC group, there is a slow transition to-
ward spin-echoes, as excitation pulses do not only excite, 
but also refocus various echo paths of a remaining or re-
focused transverse magnetization. The extreme form is 
PSIF (a backward-running FISP), also named SSFP (Gen-
eral Electric) or T2-FFE (Philips). In these techniques, the 
excitation pulse of the following measurement operates 
as a refocusing pulse for the transverse magnetization 
of the previous excitation. The contrast is T2 weighted, 
as the effective echo time amounts to almost two repeti-
tion times. A combination of FISP echo and PSIF echo is 
called DESS (double-echo steady state), and having the 
FISP and PSIF echo coincide in time will result in a CISS 
(constructive interference steady state) or a trueFISP se-
quence.

The same preparation of the magnetization utilized 
for SE techniques can be applied to GRE techniques. 
With a very rapid GRE sequence (RAGE, or rapid ac-
quired gradient-echoes), with the aim of measuring as 
fast as possible, the TR is set to a minimum and conse-
quently so is TE, and the excitation angle is set to an op-
timum (Ernst angle) in order to generate as much signal 
as possible. To reestablish a T1 weighting, a saturation 
or inversion pulse is applied, but not prior each Fourier 
line as in SE imaging, but at the beginning of the whole 

Fig. 2.4.30  The sequence family. The 
shown sequence table provides an overview 
of the sequence classification
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measurement. Those techniques are called turboFLASH, 
FSPGR (fast spoiled gradient-recalled acquisition in the 
steady state), TFE (turbo field echo) or, placing the in-
version within the partition loop of a 3D sequence, MP-
RAGE (magnetization prepared rapid acquired gradient-
echoes).

As is the case in fast SE sequences, GRE sequences also 
can make use of multi-echo acquisitions. MEDIC (multi-
echo data image combination) uses multiple echoes for 
averaging, thus improving SNR and T2* contrast. 

The classical form of a single-shot GRE technique, 
during which the raw data matrix is filled after a single 
excitation with several phase-encoded gradient-echoes, 
is called EPI (echo planar imaging). Simply collecting the 
free induction decay with multiple phase–encoded gradi-
ent-echoes is called FID-EPI. Placing the gradient-echoes 
beneath an SE envelope is called SE-EPI. 

The most common magnetization prepared single shot 
gradient-echo technique is the diffusion–weighted spin-
echo echo planar imaging sequence (DW-SE-EPI). 

�2.4.6.2 	 Fast Spin-Echo Techniques

The idea of using multiple phase-encoded spin-echoes 
to fill the k-space more rapidly as compared with con-
ventional imaging has surfaced as early as 1986, with the 
acronym RARE—rapid acquisition with relaxation en-
hancement (Fig. 2.4.31). The number of applied echoes is 
directly proportional to the potential reduction in mea-
surement time. The overall image contrast is dominated 
by the weighting of those Fourier lines acquired in the 
center of k-space (effective echo time). The qualities of the 
early images were not close to the quality of conventional 
T2-weighted SE imaging. In the course of hard- and soft-
ware developments, Mulkern and Melki “re-discovered” 
multi-echo SE imaging during a search for a fast T2-local-
izer, creating the acronym FSE (fast spin-echo). Siemens 
and Philips use the acronym TSE for turbo spin-echo. 
Since the higher spatial frequencies, the “outer” k-space 
lines, are usually acquired using late echoes, early con-
cern has been that small objects might be missed. Fortu-

nately, the time saving achieved with the use of multiple 
echoes has been utilized to improve the contrast by se-
lecting longer repetition times and to improve the spatial 
resolution by increasing the matrix size. Both measures 
have more than compensated the effect of an under-rep-
resentation of high spatial frequencies within the k-space 
matrix. T2-weighted TSE has replaced conventional spin-
echo imaging in all clinical applications. The acquired 
phase-encoded echo train can also be used to create PD-
weighted and T2-weighted images similar to conventional 
dual-echo spin-echo imaging. The use of phase-encoded 
echoes for the k-space of the PD-weighted image as well 
as the k-space of the T2-weighted image is customary and 
this procedure is called shared echo.

T1-weighted TSE imaging is also an option for some 
applications, although additional echoes will increase 
(unwanted) T2-weighting. T1-weighted TSE imaging is 
rarely applied to the central nervous system as the use of 
additional echoes prolongs the time needed for a single 
slice and the number of necessary slices may not fit into 
the desired TR. For the genitourinary system (uterus, cer-
vix, bladder, etc.) about three echoes are used to improve 
SNR or to reduce measurement time. In areas where 
the amount of T1-weighting is less of an issue, e.g. T1-
weighted imaging of the cervical and the lumbar spine 
for degenerative disease, TSE is usually used with an echo 
train length (ETL) of five echoes. The same protocol is 
applied for enhanced and unenhanced studies of sus-
pected vertebral metastases. T1-weighted TSE imaging 
for the abdomen is not an issue, since the restriction of 
the measurement time down to a breath hold period is 
suggesting T1-weighted GRE imaging. 

The remaining point of concern in comparing TSE 
imaging with conventional SE imaging is the reduced 
sensitivity to susceptibility artifacts. Hemorrhagic le-
sions appear less suspicious on TSE imaging as compared 
with conventional SE imaging. The Fourier transforma-
tion assumes a consistent signal contribution for all Fou-
rier lines. Any violation of this assumption will lead to 
over- or under-representation of spatial frequencies, with 
a correlated image blurring. Although TSE violates this 
assumption in using multiple phase–encoded echoes to 

R

Fig. 2.4.31  Structure of the TSE  
sequence. Excitation, refocusing,  
frequency, and phase encoding are  
done as in the conventional SE se-
quence. The dephasing done for the 
purpose of spatial encoding is rephased 
prior to generating another spin-echo 
using a 180° RF pulse followed by 
another phase-encoding step

2.4  Image Contrasts and Imaging Sequences
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fill the k-space, where the signal amplitude of the echoes 
diminishes following T2 decay, there are several param-
eter that can be utilized to minimize the artifacts related 
to the T2 decay–related k-space asymmetry:
•	 First, especially for T2-weighted imaging, the signal 

amplitudes for the late and closely spaced echoes can 
be approximated as being constant. TSE sequences are 
mainly used for the acquisition of T2-weighted images. 
As lesions usually have a long T2 relaxation time, the 
signal loss caused by the T2 decay does not play a ma-
jor role during data acquisition.

•	 Second, the matrix dimensions used in TSE imaging 
are usually higher as compared with conventional SE 
imaging. This will significantly minimize the risk of 
missing small objects.

•	 Third, in T2-weighted TSE imaging, the repetition time is 
increased considerably, which leads to a remarkable im-
provement in contrast, again reducing the potential risk 
of missing small objects due to k-space asymmetry.

In a typical TSE protocol, 13–15 echoes per excitation 
are used for imaging, implying a theoretical shortening 
of measurement time of the factor 13–15. In practice, 
the shortening is about the factor 2–6. Longer repetition 
times are selected for improved PD and T2 weighting, 
and larger image matrices are used for improved spatial 
resolution, diminishing the potential shortening of the 
measurement time when using multiple phase–encoded 
echoes. As the mentioned influence on the space encod-

ing is only present in the direction of the phase encod-
ing, the effect can be demonstrated by exchanging of the 
frequency-and phase-encoding gradients. Figure 2.4.32 
shows this in the example of the cauda equine. Apart 
from use for high-resolution images, TSE sequences are 
also applied in cardiology, as shown in Fig. 2.4.33. With 
the help of TSE sequences, T2-weighted images of the 
beating heart can be acquired based on the breath-hold 
method. Other acronyms for equal or similar techniques 
are FSE (fast spin-echo [Mulkern et al. 1990]) and RARE 
(rapid acquisition with relaxation enhancement [Hen-
ning et al. 1986]). The 3D encoding is another application 
of the TSE sequence that would lead to intolerable mea-
surement times in conventional SE (see Fig. 2.4.36). Here, 
the slice-selection gradient is provided with a second 
phase-encoding gradient, as has been discussed in Sect. 
2.3.4.3. Thus, thinner slices than in the 2D technique can 
be obtained. Furthermore, there are no slice gaps and the 
problem of “crosstalk,” which is found in multiple-slice 
techniques can be avoided (see Sect. 2.3.5).

Fast spin-echo imaging demonstrates two essential 
differences in imaging appearance as compared with 
conventional spin-echo imaging: Fat appears bright, and 
there is a reduced sensitivity to hemorrhagic lesions. The 
bright appearance of fat is related to the J-coupling. The 
so-called J-coupling (see Sect. 2.2.9) of the carbon-bound 
protons provides a slow dephasing of transversal magne-
tization in conventional SE imaging, in spite of the refo-
cusing pulse. If the refocusing pulses follow shortly after 

Fig. 2.4.32  Image of the cauda equina, acquired with a TSE se-
quence with a the phase-encoding direction from left to right, 
and b the phase-encoding direction from head to foot. The lon-
gitudinal structures of the relatively thin nerves will be better 

visible, if the frequency-encoding direction is perpendicular to 
the nerve fiber. The resolution in frequency-encoding direction 
is not influenced as much by the T2 decay as by the resolution in 
phase-encoding direction
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one another, as is the case in TSE imaging, the J-coupling 
will be overcome; the dephasing will be suppressed. Con-
sequently, fat tissue appears brighter in the TSE image 
than it does in a conventional image. If desired fat satura-
tion or fat suppression (see Sect. 2.4.5.1) can be utilized 
to suppress this appearance. The susceptibility-related ar-
tifact of hemorrhagic lesions in spin-echo imaging is due 

to diffusion in between excitation, refocusing, and data 
acquisition. Reducing this diffusion time by rapidly suc-
ceeding refocusing pulses will also reduce the related ar-
tifacts, thus making TSE imaging less sensitive for hem-
orrhagic lesions.

2.4.6.2.1 	  Fast Spin-Echo Techniques 
with Inversion to Suppress 
the Signal from Fat

The TSE sequence, like the conventional SE technique, 
can be used with an inversion pulse for preparation of 
the longitudinal magnetization. Thus, it becomes pos-
sible to yield a suppression of the fat signal, based on the 
short relaxation time of fat (see Fig. 2.4.10b). Relaxation 
dependent fat suppression using an inversion pulse prior 
to the fast spin-echo train is routinely used to demon-
strate bone infarctions and bone marrow abnormalities 
like bone marrow edema, e.g., in sickle cell anemia. This 
fat suppression scheme is also used in genitourinary ap-
plications, where the high signal intensity of fat may ob-
scure contrast-enhanced tumor spread. Since only the fat 
suppression is desired, the used inversion recovery tech-
nique is not phase sensitive, only the magnitude of the 
longitudinal magnetization is used. The acronym used in 
this case is TIRM (turbo inversion recovery with mag-
nitude consideration). The structure of a turbo inversion 
recovery (TIR) sequence is presented in Fig. 2.4.34.

Fig. 2.4.33  T2-weighted image of the heart in short-axis per-
spective. Duration of data acquisition 20 s (with ECG triggering 
at breath holding) (TSE 900/57, slice thickness = 8 mm)

2.4  Image Contrasts and Imaging Sequences

Fig. 2.4.34  Structure of the turbo inversion recovery (TIR) sequence 
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�2.4.6.2.2 	  Fast Spin-Echo Techniques 
with Inversion to Suppress 
the Signal from Fluid

The reduction in measurement time due to the utilization 
of multiple phase-encoded spin-echoes permits the use 
of inversion times in the order of 2 s, keeping the mea-
surement time acceptable. An inversion time of 1.9 s will 
provide a relaxation dependent suppression of the cere-
bral spinal fluid (CSF) signal (Fig. 2.4.35). The utilization 

of a long inversion time is called fluid-attenuated inver-
sion recovery, or FLAIR. In combination with TSE imag-
ing (the structure of a 3D TSE sequence is presented in 
Fig. 2.4.36), the technique is called turboFLAIR or sim-
ply TIRM. Since CSF has the longest T1 relaxation time, 
the longitudinal magnetization within all other tissues 
will be aligned parallel to the main magnetic field, and 
it is not necessary to have a phase sensitive IR method 
for this application. The attenuated CSF signal allows a 
better differentiation of periventricular lesions and has 
demonstrated a superior sensitivity for focal white mat-
ter changes in the supratentorial brain, whereas posterior 
fossa located lesions can be missed. The turboFLAIR 
method apparently allows the identification of hyper-
acute subarachnoid hemorrhage with MR, precluding the 
need for an additional CT.

�2.4.6.2.3  	 Fast Spin-Echo Techniques 
with Inversion to Improve T1 Contrast

The time-consuming IR method has been used in the 
past for studying the development of white matter tracts 
in developmental pediatrics. This technique has been re-
placed using an inversion pulse prior to a spin-echo train 
of a TSE sequence. The selected inversion time (~350 
ms) allows a better delineation of small differences in T1 
relaxation times, e.g., for the documentation of the de-
velopment of the pediatric brain. The improved tissue 
characterization between gray matter and white matter 
tracts allows, e.g., the demonstration of mesial temporal 
sclerosis and visualizing hippocampal atrophy. For this 
application a so-called phase-sensitive inversion recovery 
is required to differentiate nuclear magnetization aligned 
parallel to the magnetic field as compared with antipar-
allel alignment at the time of excitation. The according 
acronym is TIR.

R

Fig. 2.4.36  Structure of the 3D TSE 
sequence (additional phase-encoding 
gradients in direction of slice selec-
tion)

Fig. 2.4.35  Axial head image measured with a TIR sequence. 
The cerebrospinal fluid (CSF) does not contribute any signal, as 
the inversion time is selected for the CSF not to have a longitudi-
nal component at the time of excitation (TIRM 8,000/2,200/105, 
slice thickness = 6 mm)
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�2.4.6.2.4 	  Driven Equilibrium 
or Restore Techniques

The residual transverse magnetization after measuring 
a single Fourier line, or, in case of multi-echo imaging, 
after measuring the “package” of Fourier lines, is usually 
spoiled. A later-introduced concept refocuses the trans-
verse magnetization at the end of the echo train and uses 
an RF pulse to “restore” the residual transverse magne-
tization back to the longitudinal direction. The method 
“improves” the recovery of the longitudinal magnetiza-
tion for tissue with long relaxation times, allowing a 
further shortening of the repetition time without loss of 
contrast. The technique is called RESTORE (SIEMENS), 
fast recovery fast spin-echo FRFSE (GE) and DRIVE 
(Philips). It does not make a difference whether the mag-
netization is prepared after the measurement of a Fourier 
line or at the very beginning of a new excitation cycle. 
For this reason it is justified to list RESTORE as a turbo 
spin-echo scheme with preparation of the longitudinal 
magnetization.

�2.4.6.2.5 	  Dark-Blood Preparation Scheme

Multi-echo spin-echo imaging has the potential to ac-
quire T1- and/or T2-weighted spin-echo imaging of the 
beating heart within a breath hold. The only obstacle 
that needs to be addressed is the significant flow arti-
facts caused by the flowing blood. The introduction of 
dark-blood preparation scheme finally revolutionized 
cardiac MR imaging. With this preparation scheme, it is 
now possible to acquire T1- and T2-weighted images of 
the beating heart within a breath hold, without any flow 
artifacts. 

The magnetization of the whole imaging volume is in-
verted nonselectively, followed by a selective reinversion 
of the slice. This is done at end diastole, with the detec-
tion of the QRS complex. During the waiting period to 
follow, most of the reinverted blood will be washed out of 
the slice, being replaced by the inverted blood—and the 
spin-echo train acquired again toward end diastole will 
show “black” blood. A double inversion pulse will even 
allow not only the black-blood preparation, but also the 
suppression of fat signal, which will be helpful in charac-
terizing fatty infiltration of the myocardium in arrhyth-
mogenic right ventricular dysplasia (ARD).

�2.4.6.2.6 	  Single-Shot Spin-Echo Imaging

Single shot, per definition, refers to a single excitation 
pulse and the use of multiple phase–encoded echoes to 
fill the required Fourier lines. The original RARE has 
been published as a single-shot spin-echo technique. 
Other acronyms found in the literature are SS FSE for 

single-shot fast spin-echo (GE) or SS TSE of single-shot 
turbo spin-echo (Philips). The combination with a half-
Fourier technique allows a further reduction in measure-
ment time and has been named HASTE: half-Fourier 
acquired single-shot turbo spin-echo. As elaborated on 
earlier, the first and the last data point of a Fourier line 
are characterized by the transverse magnetization of ad-
jacent voxel pointing into opposite direction. The same 
situation is found for the first and last Fourier line within 
k-space, considering the transverse magnetization within 
adjacent voxel aligned in the direction of phase encoding. 
k-Space is symmetrical. Although this hermitian sym-
metry is ideal and reality is slightly different, it has been 
claimed, that the deviation from the ideal situation are 
only of coarse nature and that a few (e.g., eight) Fourier 
lines measured beyond the center of k-space should be 
sufficient to correct for this insufficiency. As an example 
for a 128*256 matrix, a single-shot spin-echo technique 
using the half Fourier approach would use 128 /2 + 8 = 72 
phase-encoded echoes to fill the k-space. The measure-
ment time using this acquisition method is about a sec-
ond per slice. The high numbers of echoes suggest that 
this technique is only useful for T2-weighted imaging 
and the blurring effect due to signal variation in k-space 
as a result of T2 decay will be prohibitive for high reso-
lution studies. Nevertheless, it is an alternative, even in 
the brain, for a fast T2-weighted study for patients who 
are not able or willing to cooperate. Since it is the per-
fect technique to visualize fluid-filled cavities, HASTE is 
used, e.g., for MRCP (magnetic resonance cholangiopan-
creatography). A typical result of this sequence is shown 
in Fig. 2.4.37.

Progress in hardware development and the corre-
lated improvement in image quality, together with the 
pioneering research within this field have recently led to 
an impressive increase in HASTE utilization for obstet-
ric imaging. Although sonography remains the imaging 
technique of choice for prenatal assessment, the comple-
mentary role of MR imaging is getting more and more 
important in the early evaluation of brain development of 
the unborn child or even in the early detection of compli-
cations within the fetal circulatory system. 

�2.4.6.3 	 Gradient-Echo Techniques

The search for shorter measurement times for faster im-
aging led to the group of gradient-echoes (GRE) in 1983. 
An MR signal can be detected immediately after the exci-
tation pulse. That signal is the free induction decay (FID). 
In addition to the spin–spin interaction causing the T2 
relaxation, other dephasing mechanism will contribute 
to the image contrast, dephasing mechanisms that are 
based on differences in precessional frequencies due to 
magnetic field variations across a voxel. The main sources 
of local magnetic field variations are differences in tis-

2.4  Image Contrasts and Imaging Sequences
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sue-specific susceptibility values. Since these dephasing 
mechanisms are fixed in location and are constant over 
time, they are refocused using a 180° RF refocusing pulse 
in SE imaging. Omitting this pulse will lead to a contri-
bution of these dephasing mechanisms to the image con-
trast. The observed tissue specific relaxation parameter is 
then called T2* rather than T2. 

'
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with T2́  being both machine and sample dependent. Al-
though the missing 180° RF refocusing pulse will cause 
a rapid dephasing of the transverse magnetization and 
with that a rapidly dephasing MR signal, the echo time 
can be reduced as well and so can the repetition time. The 
shorter echo time will allow, in most cases, a detection 
of a signal despite the rapid dephasing of the transverse 
magnetization. Since the echo is now formed by using a 
bipolar gradient pulse in the direction of frequency en-
coding, these techniques are called GRE. With shorter 
repetition times an extension of phase encoding for the 
direction of slice or slab selection can be considered, and 
3D imaging becomes feasible. 

The short excitation pulses used in common GRE im-
aging will result in a less perfect slice profile as compared 
with the slice profile achieved with a 90–180° combina-
tion of longer RF pulses as typically utilized in SE imag-
ing. As a result, there will be significant contributions of 
the low angle–excited outer regions of a slice, explaining 
the basic difference in contrast between a GRE image as 
compared with an SE image, even if a 90° excitation angle 
is utilized.

�2.4.6.3.1 	  Spoiled Techniques

Similar to the spin-echo sequence acquisition scheme, 
there is residual transverse magnetization left at the end 
of the acquisition of one Fourier line—and similar to the 
spoiling of the transverse magnetization at the end of the 
measurement in SE imaging, the same process can be ap-
plied to GRE imaging as well. Spoiling can be done with a 
gradient pulse, distributing the transverse magnetization 
evenly, so that the next excitation pulse will not generate 
a stimulated echo. Or the phases of the excitation pulses 
can be randomized in order to avoid the buildup of a 
steady state for the transverse magnetization (RF spoil-
ing). Spoiled gradient-echo imaging has been introduced 
as fast low angle shot (FLASH), T1-weighted fast field 
echo (T1-FFE), or spoiled gradient recalled acquisition in 
the steady state (SPGR). FLASH imaging allows multi-
slice imaging in measurement times short enough to al-
low breath hold acquisitions. Since the contrast mainly 
depends on the T1 relaxation time, FLASH images are 
usually called T1 weighted. In clinical routine, FLASH 
sequences have been introduced for diagnosing carti-
lage lesions (Fig. 2.4.38), for abdominal breath-hold T1-
weighted imaging (Fig. 2.4.39), and in dynamic contrast 
enhanced studies.

As has been discussed in Sect. 2.4.3.2, not only the am-
plitude of the signal can be controlled, but also the basic 
contrast behavior can be influenced. For instance, when 
using an extremely small excitation angle and moderate 
repetition times, one can minimize the influence of the 
T1 relaxation time (see Fig. 2.4.17). Thus, one can obtain 

Fig. 2.4.37  Axial abdominal image acquired with HASTE. Ev-
ery image is produced with a single excitation, followed by a 
train of phase-encoded spin echoes. The scan time of the image 
was 570 ms; the slice thickness is 8 mm

Fig. 2.4.38  Sagittal 2D image of an ankle using a FLASH 
sequence (FLASH 770/11/60° SD = 3 mm, 512 × 512 matrix)
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PD-weighted or T2-weighted images in spite of short repe
tition times. This effect is used in MR myelography (see 
Fig. 2.4.40).

�2.4.6.3.2 	  Refocused Techniques

The alternative to spoiling the residual transverse mag-
netization after the end of the Fourier line acquisition is 
to rephase what has been dephased for spatial encoding. 
This was introduced as fast imaging with steady preces-
sion (FISP) (Oppelt et al. 1986), later to be called true-

FISP. The original implementation and publication of 
FISP uses a gradient refocusing in phase encoding as well 
as in frequency-encoding direction and slice-select direc-
tion. As this sequence was susceptible to artifacts at the 
time, the implemented and released FISP sequence, still 
used today, is only refocused in the direction of phase en-
coding, and no refocusing in readout and slice-selection 
direction. Such a sequence has been called ROAST (reso-
nant offset acquired steady state [Haacke et al. 1991]). For 
the FISP sequence, the phase encoding is reversed after 
the acquisition of the Fourier line, undoing the dephas-
ing that was applied for spatial encoding. This approach 
will lead to a steady state not only for the longitudinal 
magnetization, but also for the transverse magnetiza-
tion—for tissue with long T2 relaxation times. Differences 
in FISP contrast as compared with FLASH applications 
will only be visible for short repetition times; large ex-
citation angles and will only enhance signal within tis-
sue with long T2 relaxation times. General Electric intro-
duced this technique as gradient-recalled acquisition in 
the steady state (GRASS). Philips is using the fast field 
echo (FFE). 

�2.4.6.3.3 	  Balanced Techniques

If one rephases at the end of the measurement of a Fou-
rier line, all parts of the transverse magnetization that 
have been dephased for spatial encoding and if one com-
pensates in advance for the dephasing to be expected 
while the slice selection gradient is switched on, one ob-
tains the trueFISP sequence (Fig. 2.4.41). This technique 
combines the advantages of the FISP sequence and the 
PSIF sequence, with further echo paths contributing to 
the overall signal. A clinical application of this sequence 
is shown in Fig. 2.4.42. This original approach of refocus-
ing all transverse magnetization at the end of the mea-

Fig. 2.4.40  Axial image of the cervical spine (MR myelogra-
phy), acquired with a FLASH sequence with relatively small ex-
citation angle at a magnetic field strength of 0.2 T (2D FLASH 
1,200/50/40°, slice thickness = 4 mm)

Fig. 2.4.39  Axial T1-weighted image of the abdomen acquired 
with a FLASH sequence during a breath hold (2D FLASH 
174/4/80°, 23 slices)

2.4  Image Contrasts and Imaging Sequences

RF

Fig. 2.4.41  Structure of the trueFISP sequence. The sequence 
seems to be “balanced” due to a symmetry in time. All compo-
nents of the transverse magnetization are refocused at the end of 
the measurement, leading to a steady state
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surement of one Fourier line will not only cause a steady 
state for the transverse magnetization, but also the next 
excitation pulse will also operate as a refocusing pulse. 
The excitation pulse will not only convert longitudinal 
magnetization to transverse magnetization, but will also 
generate a spin-echo. The sequence seems to be sym-
metric, balanced. The challenge is to get all the generated 
echoes to have one phase, otherwise the echoes will de-
structively interfere, causing band-like artifacts. The po-

sitions of these bands also depend on the starting phase 
of the RF pulse. Adding another acquisition with a phase 
shifted RF will lead to a technique called constructive 
interference steady state technique, (CISS), or phase-
cycled fast imaging–employing steady-state acquisition 
(PC-FIESTA, the acronym used by GE). Since CISS con-
tains spin-echo components, the technique is even useful 
in regions with significant susceptibility gradients, e.g., 
nerve imaging at the base of the skull. Since this tech-
nique is a fast technique with hyperintense appearance 
of fluid filled cavities, it is primarily applied to study ab-
normalities of the internal auditory canal. The originally 
published FISP is the trueFISP, where all the dephasing is 
reversed and even the slice selection gradient is prepar-
ing the dephasing to be expected during the first half of 
the next excitation pulse. The trueFISP technique is a fast 
gradient-echo sequence with spin-echo contributions 
leading to hyperintense appearance of all tissues with 
long T2 relaxation times. The technique is primarily used 

Fig. 2.4.42  Sagittal T2-weighted image of the head, measured 
with a trueFISP sequence (7/3/80°, 512 × 512, 4 acquisitions, 
overall scan time = 13 s)

Fig. 2.4.43  Structure of the PSIF  
sequence

Fig. 2.4.44  Image of the cochlea using a maximum intensity 
projection (MIP) applied to an image stack, produced by a 3D 
PSIF sequence (3D PSIF 17/7/80°, slice thickness = 0.5 mm)
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SE signal. Such a sequence is called double echo steady 
state (DESS, Fig. 2.4.45). The DESS sequence is routinely 
used in orthopedic imaging (Fig. 2.4.46). It links the ad-
vantages of the FISP sequence with the additional signal 
enhancement of the PSIF sequence for tissues with long 
T2 (e.g., edema and joint effusion).

2.4  Image Contrasts and Imaging Sequences

Fig. 2.4.45  Structure of the DESS 
sequence. FISP and PSIF signals 
are acquired in adjacent acquisi-
tion windows and later added 
prior to image reconstruction. 
DESS is used as a 3D technique

Fig. 2.4.46  Sagittal image of a knee acquired with a DESS se-
quence using a special excitation pulse, which only excites the 
water protons (water excitation) (DESS 26/9 or 45/40°)

in fast cardiac imaging, for cine snapshots of the beating 
heart. General Electric is using the acronym FIESTA for 
the same technique. Philips is using bFFE (balanced fast 
field echo) as the acronym for his technique.

�2.4.6.3.4 	  The Gradient Echo That is a Spin Echo

The previously mentioned spin-echo component of a 
balanced technique can be isolated and can be used to 
generate an image. The PSIF sequence shown in Fig. 
2.4.43 appears to be violating the causality at first: a FISP 
sequence running backward. The signal inducing trans-
verse magnetization is produced with the first excitation 
at the end of the first cycle, refocused with the second ex-
citation at the end of the second cycle, and inducing a sig-
nal at the beginning of the third cycle. The effective echo 
time therefore amounts to almost two repetition times. 
The resulting images consequently show a remarkable T2 
weighting. (Note that in this case, it is a spin-echo and 
not a gradient-echo.) The PSIF sequence is insensitive to 
susceptibility gradients. In contrast to CISS, the PSIF is 
very sensitive to flow and motion, thus it is not applied 
for IAC imaging but rather used as an adjunct to dem-
onstrate abnormal CSF flow pattern. General Electric is 
calling this technique simply steady state free precession 
(SFFP), while Philips is using the acronym T2-FFE. Im-
aging of the cochlea (Fig. 2.4.44) is no longer performed 
with PSIF but rather with CISS, due to the intrinsic flow 
insensitivity of the latter. When combining a FISP image 
with a PSIF image, one obtains an image with a T2* 
weighting via the GRE signal and a T2 weighting via the 
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�2.4.6.3.5 	  Gradient-echo Single-Echo Imaging 
with Preparation of the Magnetization

In theory, all the magnetization preparation schemes pre-
viously applied for the SE group can also be applied for 
the GRE sequences. However, it has to be kept in mind 
that GRE sequences are usually using shorter TE and 
shorter TR than SE imaging does, and therefore some 
preparation schemes should be slightly altered. As, for 
an example, the fat saturation scheme: The time neces-
sary for a spectral saturation pulse followed by a gradient 
spoiler will add up to the slice-loop time for an otherwise 
short TR GRE sequence. A feasible modification is to skip 
the fat saturation for a few slices—this is referred to as 
“quick fat sat.” Although a slice-dependent recovery of 
the fat signal is observed, the compromise is in general 
acceptable, since the fat signal stays low and more slices 
can be measured per TR.

Composite Spectral Saturation Pulses: to Suppress 
Signal from Adipose Tissue, or to Excite just Water
The quality of a spectral saturation pulse depends on the 
overall homogeneity within the imaging volume. In addi-
tion, the spectral fat saturating RF pulse is very close to 
the water resonance, causing a loss in overall SNR. For a 
nonselective excitation, it is theoretically possible to also 
simply excite either fat or water using the tissue specific 
Larmor frequency. In practice, such an approach is very 
prone to artifacts due to imperfect field homogeneity 
within the volume of interest. Better results in water exci-
tation or fat excitation have been achieved with binomial 
pulses (1-1, 1-2-1, or 1-3-3-1). The mechanism of e.g., a 
1-2-1 RF pulse is described as follows, leading finally to 
a 90° RF excitation pulse for just water. After an initial 
22.5° RF pulse, there will be a waiting period, allowing 
the magnetization within fat to fall behind the magneti-
zation of water. At the point of opposite position of the 
magnetizations, a 45° excitation angle will than move the 
magnetization within water to a 67.5° position with re-
spect to the longitudinal direction, whereas the magneti-
zation within fat will be flipped back to the 22.5° position. 
After the previously mentioned waiting period, another 
22.5° excitation pulse will accomplish the 90° excitation 
for water, while the magnetization of fat will be restored 
to the longitudinal position, not contributing to the MR 
signal. Another advantage of these binomial pulses is that 
they can be either executed using nonselective RF pulses 
or selective RF pulses. In the latter case, they are called 
spatial spectral frequency or simply composite pulses.

Inversion Pulse prior to the Measurement  
to Improve T1 Contrast
Short TR, short TE GRE imaging, utilizing the Ernst angle 
leads to PD-weighted images rather than T1-weighted 
images. In SE imaging, the T1 contrast is improved by 
placing an inversion pulse prior to the acquisition of the 

Fourier line. This approach is not feasible in GRE imag-
ing, since the inversion time would be much larger than 
the commonly used repetition times. In fast GRE imag-
ing, an inversion pulse is used prior to the whole imaging 
sequence (Fig. 2.4.47). That concept has been introduced 
as turboFLASH (snapshotFLASH (Haase et al. 1989), fast 
SPGR (FSPGR) or turbo Field Echo (TFE)). The minor 
drawback is that the longitudinal magnetization, and 
consequently the generated transverse magnetization, 
will change throughout the measurement. The resulting 
violation of k-space symmetry will cause an under- or 
over-representation of some spatial frequencies produc-
ing a slight image blurring, typical for turboFLASH im-
aging. 

When using this method, one has to consider the fol-
lowing three facts:
1	 The longitudinal component of the macroscopic mag-

netization will recover after the inversion pulse with 
the T1 relaxation time. This relaxation process also 
takes place during data acquisition. The various mea-
sured Fourier lines will have different T1 weightings. 
The image contrast is dominated by the T1 weighting 
of the Fourier line measured at the center of k-space.

2	 The recovery of the longitudinal magnetization is in-
fluenced by the excitation angles of the rapid GRE data 

Fig. 2.4.47  Structure of the TFL sequence. After an inversion 
pulse and an inversion time, the small-angle excitation is re-
peated several times until the raw data matrix is filled 
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acquisition. In order to minimize this influence and to 
obtain a maximum effect of the preparation-pulse on 
the image contrast, the rapid GRE acquisition needs to 
be executed with small excitation angles.

3	 Every Fourier line is measured with a different phase 
encoding gradient and contains the spatial informa-
tion of the object in direction of phase encoding. The 
k-space symmetry is significantly violated due to the 
change in signal contribution for each spatial fre-
quency measured as a consequence of T1 relaxation 
during sampling. As a result, the images appear to be 
blurred, with imprecise edges and coarse signal oscil-
lations parallel to the edges.

With the introduction of short TR gradient-echo acqui-
sition schemes, 3D imaging became feasible. The ap-
plication of an inversion pulse prior to a 3D acquisition 
scheme is not very promising, since the preparation of 
the longitudinal magnetization would vastly diminish 
during the relatively long measurement time and the sig-
nificant number of low angle excitation pulses. A feasible 
alternative is to repeat the preparation of the longitudi-
nal magnetization in either the partition-encoding loop, 
or the phase-encoding loop. Although the timesavings 
would be larger for placing the inversion pulse prior to 
the longer phase encoding loop, fortunately at the time it 
was only possible to place the inversion pulse prior to the 
partition-encoding loop. Fortunately, because the previ-
ously described turboFLASH-artifact based on the over- 
and under-representation of k-space lines is now omitted. 
The phase-encoding gradient is prepared; the inversion 
pulse is set followed by a rapid execution of the partition-
encoding loop, during which the amount of longitudinal 
magnetization will change according to the course of the 
T1 relaxation (recovery influenced by the low-angle ex-
citation pulses). After this, the next phase-encoding line 
is prepared, the inversion pulse set, and again the whole 
partition loop executed. The amount of signal within 
each partition is identical for all phase-encoding steps 
and the k-space is again symmetric, resulting in arti-
fact-free images. This technique has been introduced as 
magnetization prepared rapid acquired gradient-echoes 
(MP-RAGE, Mulger and Brookeman 1990) (Fig. 2.4.48). 
Figure 2.4.49 shows as a typical application of the MP-
RAGE sequence showing the medial–sagittal T1-weighted 
slice out of 64 of an examination covering the entire skull 
in less than 5 min.

The sequence had some promise to replace the con-
ventional T1-weighted spin-echo imaging of the brain, 
since it allows the gapless coverage of the whole brain in 
less than 6 min. But, it is a gradient-echo sequence. Sus-
ceptibility gradients especially at the base of the skull will 
cause geometric distorted representation of the anatomy 
or even signal voids. Another disturbing effect is the ap-
pearance of contrast enhancement in active lesions. Due 
to the commonly “squishy” content of lesions, the appear-

2.4  Image Contrasts and Imaging Sequences

Fig. 2.4.48  Structure of the MP-RAGE sequence. Similar to the 
TFL sequence there is an inversion of the longitudinal magneti-
zation prior to the partition-encoding loop

Fig. 2.4.49  Sagittal T1-weighted-head study, acquired with 
a MP RAGE sequence (12/5/15°, 64 slices, partition thickness 
= 2 mm, no slice gaps, scan time = 5 min)
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phase-encoding gradient activated during readout pe-
riod. Such a technique would be called FID-EPI, since 
signal sampling is done during free induction decay. 
Another variant is placing the gradient-echoes under an 
SE envelope (Fig. 2.4.51). In this case the central k-space 
contains a T2 contrast, in opposition to the T2* contrast of 
the FID-EPI version. The SE-EPI sequence shows a lower 
sensitivity for susceptibility gradients. Fig. 2.4.51 shows a 
SE-EPI with an alternative approach to phase encoding. 
In this example, phase encoding is done using gradient 
“blips” during the ramping time of the frequency-encod-
ing gradient. Such a technique is called blipped EPI. Fig-
ure 2.4.52 shows a blipped EPI T2-weighted image of the 
head. 

RF

Fig. 2.4.50  Classical FID-EPI sequence. After an excitation 
pulse, multiple GREs are generated using an oscillating fre-
quency–encoding gradient. In this example the phase encoding 
is achieved with a low-amplitude, constant phase-encoding gra-
dient throughout the measurement

RF

Fig. 2.4.51  SE-EPI sequence. After an excitation and refocus-
ing-pulse, multiple GREs are generated using an oscillating fre-
quency–encoding gradient. The phase encoding is achieved in 
this sequence using small gradient pulses (blips) during ramp-
ing of the frequency-encoding gradient

ance is usually iso- to hypointense in T1-weighted imag-
ing. MP-RAGE allows better control over T1 weighting, 
potentially causing the lesion to be more hypointense as 
compared with SE imaging. In conjunction with contrast 
uptake, lesions will show up hyperintense on T1-weighted 
SE imaging. They may or may not show up hyperintense 
on MP-RAGE imaging. The appearance has been re-
ported to be inconsistent, likely to be due to the better T1-
weighting (a hypointense lesion may show up isointense 
after contrast uptake).

Inversion Pulse prior to the Measurement  
for Tissue-Selective Signal Suppression
The rapid acquisition of a gradient-echo or steady state 
sequence following an inversion is sometimes referred to 
as single-shot technique. This is not quite correct since 
as many low angle excitation pulses are applied as Fou-
rier lines are needed to fill the k-space. But the single-
shot nomenclature allows a differentiation compared to 
the segmented, or multi-phase, imaging of the beating 
heart. Similar to the STIR approach used in fat signal–
suppressed imaging, the inversion pulse prior to a single-
shot technique enables the nulling of signal for a specific 
tissue (depending on the T1 relaxation time).

The turboFLASH technique is used to study the first-
pass of a contrast bolus through the cardiac chamber, 
showing a delayed enhancement in perfusion restricted 
ischemic myocardium. The inversion time is adjusted, so 
that normal myocardium will give no signal. In the early 
phase normal myocardium will be perfused with the 
T1-shortening contrast agent, whereas the perfusion re-
stricted ischemic myocardium will remain hypointense. 

The same method of tissue signal nulling can be ap-
plied to the trueFISP. This technique has been used to 
demonstrate the late enhancement of infarcted myocar-
dium. An advantage for the trueFISP versus turboFLASH 
is that the additional signal contributions due to refocus-
ing and balancing (spin-echo components), allowing a 
higher bandwidth acquisition correlated with a shorter 
TE, a shorter TR, and therefore a shorter measurement 
time (~450 ms). In addition, the trueFISP has a signifi-
cant lower sensitivity to flow and motion artifacts as 
compared to the turboFLASH, leading to (almost) arti-
fact-free images.

Both methods are currently evaluated regarding their 
value in characterizing myocardial viability.

�2.4.6.4 	 Single-Shot Gradient-echo Imaging

The single-shot gradient-echo imaging is echo planar im-
aging (EPI). Similar to TSE imaging, EPI makes use of 
several phase-encoded echoes to fill the raw data matrix 
(Fig. 2.4.50). There are multiple ways to acquire the data. 
A single excitation can be utilized, followed by multiple 
phase–encoded gradient-echoes with a small, constant 
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Addressing a different way of k-space sampling, both, 
the frequency-encoding” gradient and the “phase-en-
coding” gradient may oscillate, causing a spiral trajec-
tory through k-space. Such a method is known as spiral 
EPI. The quotation marks are used to indicate that the 
magnetic field gradients do no longer have the apparent 
meaning of frequency and phase encoding. The high sen-
sitivity of EPI to local field inhomogeneities is utilized in 
(brain) perfusion imaging and for monitoring the oxygen 
level to identify cortical activation in BOLD (blood oxy-
genation level–dependent) imaging.

In spite of many limitations, the EPI sequences have 
attained high clinical potential in functional imaging and 
in perfusion studies.

�2.4.6.5 	 Single-Shot Gradient-echo Imaging 
with Preparation of Magnetization 
(Diffusion-Weighted Imaging)

The preparation of the longitudinal magnetization is not 
only possible with the previously described multi-shot 
techniques, but also with the single-shot version. Single 
shot, per definition, means one excitation pulse and mul-
tiple phase–encoded gradient-echoes for sampling of all 
Fourier lines. The primary preparation scheme for single-
shot gradient-echo imaging is diffusion weighting. Any 
magnetic field gradient in the presence of a transverse 
magnetization will cause the Larmor frequency to be a 
function of location. Sometimes this effect is desired, as 

in any phase encoding, and sometimes it is a byproduct 
of another desired functionality, e.g. the frequency en-
coding. To rephase or refocus the dephased transverse 
magnetization, a magnetic field gradient of opposite po-
larity can be used prior to the frequency-encoding gra-
dient. But, this will only work if the transverse magneti-
zation does not change the position in the meantime, as 
is the case for diffusion. If the transverse magnetization 
changed positions, then the phase history will be differ-
ent as compared with stationary tissue at that new loca-
tion, and the rephasing will be insufficient. Insufficient 
rephasing will result in a reduced signal. The signal drop 
is characterized by

S ≈ e–b D,	 (2.4.13)

with b being a system or method specific parameter, 
and D being the diffusion coefficient for the tissue. The 
method specific parameter b

b = γ 2 · G 2 · δ2 · (Δ – δ / 3)	 (2.4.14)

is a function of the gradient amplitude G used, the dura-
tion δ for each amplitude and the temporal distance ∆ 
between the two gradient amplitudes. ∆ is also called the 
diffusion time. A typical value for b = 1,000 s/mm2. A se-
quence illustration is given in Fig. 2.4.53. The result of the 
application of such a technique to a patient with an acute 
infarction is shown in Fig. 2.4.54. Diffusion-weighted im-
aging allows an evaluation of the extent of cerebral isch-
emia in a period where possible interventions could limit 
or prevent further brain injury. The diffusion anisotropy 
potentially measured with this method allows the map-
ping of neuronal connectivity and offers an exciting per-
spective to brain research.

Fig. 2.4.52  Axial T2-weighted-head-image, acquired with an 
SE-EPI sequence (TE 70, measurement time per slice = 180 ms, 
slice thickness = 3 mm). There is only one excitation per slice. 
No repeated excitations are necessary. All data are acquired 
using multiple phase–encoded gradient echoes

2.4  Image Contrasts and Imaging Sequences

RF

Fig. 2.4.53  Diffusion-weighted SE-EPI sequence. Diffusion 
weighting is provided using high gradient pulses placed sym-
metrically around the RF refocusing pulse. This method of dif-
fusion weighting is called Stejskal-Tanner approach
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�2.4.6.6 	 Hybrid Techniques

The turbo gradient spin-echo sequence (TGSE), also 
called gradient and spin-echo (GRASE) is a combination 
of multiple gradient-echoes that are acquired within mul-
tiple SE envelopes of a TSE sequence, as shown in Fig. 
2.4.55. This method holds several advantages in com-
parison to the “simple” TSE sequence: The use of several 
phase-encoded gradient-echoes has the potential of fur-
ther shortening measurement time. Figure 2.4.56 shows a 
transversal T2-weighted head image with a matrix size of 
1,024, which has been measured with a TGSE sequence 
in 2.56 min. Another advantage is the fact that with the 
use of several gradient-echoes per spin-echo envelope, 
the gap between the refocusing pulses widens. Therefore, 
the J-coupling remains intact. Fat appears darker, and 
the contrast approaches the contrast of conventional SE 
sequences. Further, the enhanced sensitivity toward the 
susceptibility gradients that has been introduced with the 
gradient-echoes allows for a better depiction of blood-
decay products, similar to conventional SE-imaging. 
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�2.5 	  Technical Components

M. Bock

Clinical MR systems come in various types and shapes; 
however, the fundamental components of a clinical MR 
tomograph are essentially the same. These are:
•	 The magnet: The magnet creates a static and homoge-

neous magnetic field B0, which is needed to establish a 
longitudinal magnetization.

•	 The gradients: The gradient coils generate additional 
linearly ascending magnetic fields that can be switched 
on and off. The gradient fields allow assigning a spatial 
location to the received MR signals (spatial encoding). 
For an image acquisition three independent gradient 
systems in x-, y-, and z-direction are required. 

•	 The radio frequency (RF) system: To rotate the lon-
gitudinal magnetization from its equilibrium orienta-
tion along B0 into the transverse plane, an oscillating 
magnetic field B1 is required. This RF field is generated 
by a transmitter and coupled into the patient via an 
antenna, the RF coil. Radio frequency coils are also 
used to receive the weak induced MR signals from the 
patient, which are then amplified and digitized. 

•	 The computer system: Measurement setup and image 
post-processing are performed by (distributed) com
puters that are controlled by a host computer. At this 
host computer, new measurements are planned and 
started and the reconstructed images are stored and 
analyzed. 

A schematic of the components of a clinical MR system 
is shown in Fig. 2.5.1; more detailed descriptions can be 
found in the works of Oppelt (2005), Vlaardingerbroek 
et al. (2002), and Chen and Hoult (1989). In the upper 
part, a cross-section through a superconducting mag-
net can be seen, with field-generating magnet windings 
embedded in a cryostatic tank. Closer to the patient, the 
gradient coil and the whole-body RF coil are located out-
side the cryostat. The magnet is surrounded by an electri-
cally conducting cabin (Faraday cage) which is needed to 
optimally detect the weak MR signals, without RF back-
ground from other RF sources (e.g., radio transmitters). 
In the lower part, the computing architecture and the 
hardware control cabinets are shown. A hardware com-
puter controls the gradient amplifier, the RF transmitter, 
and the receiver. The received and digitized MR signals 
are passed on to an image-reconstruction computer, 
which finally transfers the reconstructed image data sets 
to the host computer for display and storage. 

�2.5.1 	  Magnet

To generate the main magnetic field three different types 
of magnets can be utilized: permanent magnets, resistive 

magnets, and superconducting magnets (Oppelt 2005; 
Vlaardingerbroek 2002; Chen 1989). The choice of an in-
dividual magnet type is determined by the requirements 
on the magnetic field. Important characteristics are the 
field strength B0, spatial field homogeneity, temporal field 
stability, patient accessibility, as well as construction and 
servicing costs.

As outlined in Sect. 2.2 a high magnetic induction 
is desirable as the MR signal S is approximately pro
portional to B0², and the signal-to-noise ratio (SNR) in-
creases approximately linearly with B0. It is thus expected 
that with increasing field strength the measurement time 
can be substantially decreased. The field strength is lim-
ited however for the following reasons:
•	 For tissues in typical magnetic fields of 0.5 T and 

higher, the longitudinal relaxation time T1 increases 
with field strength. If the same pulse sequence with 
identical measurement parameters (TR, TE, etc.) would 
be used at low field and high field, the T1 contrast 
would be less pronounced in the high-field image, 
since image contrast typically depends on the ratio of 
TR over T1. To achieve a similar T1 contrast with a con-
ventional SE or GRE pulse sequence, TR (and thus the 
total measurement time) needs to be increased. 

•	 The resonance frequency ω0 increases linearly with 
field strength according to ω0 = γ B0. At higher frequen-
cies the wavelength of the RF waves are of the order 
of or even smaller than the dimensions of the objects 
to be imaged. Under these circumstances, standing 
waves can be created in the human body, which mani-
fests in areas of higher RF fields (hot spots) and neigh-
boring areas of reduced RF intensity. These unwanted 
RF inhomogeneities are difficult to control, as they are 
dependent on the geometry and the electric properties 
of the imaged object.

•	 The power that is deposited in the tissue during RF 
excitation rises quadratically with ω0 (and thus with 
B0). To ensure patient safety at all times during the 
imaging procedure the specific absorption rate (SAR), 
i.e., the amount of RF power deposited per kilogram 
of body weight, is monitored and limited by the MR 
system. With increasing field strength, the RF power 
generated by a pulse sequence increases, and thus the 
flip angle needs to be lowered to stay within the guide-
lines of SAR monitoring. Since most pulse sequences 
require certain flip angles (e.g., a 90–180° pulse pair 
for an SE), the RF pulses need to be lengthened at 
higher field strength to reduce the RF power per pulse. 
Additionally, the time-averaged power can be lowered 
by increasing the TR.

•	 At field strengths above 1 T, only superconducting 
magnets are used for whole-body imaging systems. 
These magnets become very heavy and expensive. A 
typical 1.5-T MR magnet weighs about 6 t, whereas a 
3-T magnet already has a weight of about 12 t. Shield-
ing of the stray fields, which is, e.g., necessary to avoid 
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Fig. 2.5.1  Schematic of a clinical MR system. The main magnet 
is located in an RF cabin to suppress external RF signals. The 
superconducting, actively shielded solenoid magnet shown here 
consists of a cryotank (1) that is filled with liquid helium. The 
cryotank also houses the primary magnet coils (4) together with 
the shielding coils (2) that create the magnetic field. The cryo-
tank is embedded in a vacuum tank (3). In a separate tubular 
structure in the magnet bore, the gradient coil (5) and the RF 
body coil (6) are mounted. An MR measurement is initiated by 

the user from the host computer. The timing of the sequence is 
monitored by the hardware computer, which controls (among 
others) the RF transmitter, RF receiver, and the gradient sys-
tem. During the measurement, the RF pulses generated by the 
transmitter are applied (typically) via the integrated body coil, 
whereas signal reception is done with multiple receive coils. The 
digitized MR signals are reconstructed at the image-reconstruc-
tion computer, which finally sends the image data to the host for 
further post-processing and storage
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interference with cardiac pacemakers, becomes in-
creasingly difficult. 

•	 The absolute differences in resonance frequency 
between chemical substances increase with field 
strength. This effect is beneficial for high-resolution 
spectroscopy, as high field strengths allow separating 
the individual resonance lines. During imaging, how-
ever, a substantially increased chemical shift artifact 
(i.e., a geometric shift of the fatty tissues versus the 
water-containing tissues) is seen, which can only be 
compensated using higher readout bandwidths. 

•	 Differences in magnetic susceptibility between neigh-
boring tissues create a static field gradient at the tissue 
boundaries. The strength of these unwanted intrinsic 
field gradients scales with B0. Therefore, increasingly 
higher imaging gradients are required at higher field 
strength to encode the imaging signal without geo-
metric distortion; however, gradient strengths are 
technically limited. On the other hand, in neurofunc-
tional MRI (fMRI) the increased sensitivity at higher 
field strengths is utilized to visualize those brain areas 
where local susceptibility differences in the blood are 
modulated during task performance.

In the clinical environment, magnetic field strengths be-
tween 0.2 and 3 T are common. Low-field MR systems 
(B0 < 1 T) are often used for orthopedic or interventional 
MRI, where the access to the patient during the imag-
ing procedure is important. High field strengths between 
1 T and 3 T are used for all other diagnostic imaging ap-
plications. Recently, whole body MR systems with field 
strengths up to 9.4 T have been realized (Robitaille et al. 
1999). With these systems, in particular neurofunctional 
studies, high-resolution imaging and spectroscopy as well 
as non-proton imaging (e.g., for molecular imaging) are 
planned, since these applications are expected to profit 
most from the high static magnetic field.

In the following, the three different types of magnet 
are described that are used to create the static magnetic 
field.

�2.5.1.1 	 Permanent Magnets

Permanent MRI magnets are typically constructed of the 
magnetic material NdBFe. Permanent magnet materials 
are characterized by the hysteresis curve, which describes 
the non-linear response of the material to an external 
magnetic field. If an external field is slowly increased, 
the magnetization of the material will also increase un-
til all magnetic domains in the material are aligned—at 
this point the magnet is saturated, and no further am-
plification of the external field is possible. If the external 
field is then switched off a constant, non-vanishing mag-
netic field remains in the material because some of the 

domains remain aligned. Permanent magnets offer very 
high remanence field strength.

Permanent magnets require nearly no maintenance 
because they provide the magnetic field directly without 
any electrical components. Permanent magnets often use 
a design with two poles, which are either above or below 
(Fig. 2.5.2) or at the sides of the imaging volume. Within 
this volume the magnetic field lines should be as parallel 
as possible (high field homogeneity), which is achieved 
by shaping of the pole shoes. Due to their construction, 
the magnetic field is typically orthogonal to the patient 
axis, whereas high-field superconductors use solenoid 
magnets with a parallel field orientation. Magnetic field 
lines are always closed; therefore, an iron yoke is used in 
permanent magnets to guide the magnetic flux between 
the pole shoes. 

With increasing field strength permanent magnets 
become very heavy (10 t and more), and the high price 
of the material NdBFe becomes a limiting factor. Addi-
tionally, to achieve high temporal field stability the mate-
rial requires a constant room temperature, which should 
not vary by more than 1 K. For these reasons, permanent 
magnets are typically used only for field strengths below 
0.3 T.

�2.5.1.2 	 Resistive Magnets

If an electrical current is flowing through a conductor, a 
magnetic field is created perpendicular to the flow direc-

Fig. 2.5.2  C-arc–type permanent magnet 0.35-T MR system 
(Magnetom C!, Siemens) with a weight of 16 t. The vertical mag-
netic field is created by two pole shoes that have a free opening 
of 38.5 cm for imaging
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tion that is proportional to the current amplitude. Unfor-
tunately, in conventional conductors (e.g., copper wire) 
the electric resistance converts most of the electric energy 
into unwanted thermal energy and not into a magnetic 
field. Therefore, a permanent current supply is required 
to maintain the magnetic field and to compensate for the 
Ohmic losses in the wire. Additionally, to dissipate the 
thermal energy resistive magnets need permanent wa-
ter cooling as their power consumption reaches several 
100 kW.

Resistive magnets use iron yokes to amplify and guide 
the magnetic field created by the electric currents. The 
iron yoke is surrounded by the current-bearing wires so 
that the field lines stay within the iron. In the simplest 
form, the closed iron yoke has a gap at the imaging loca-
tion and the magnet takes the form of a C-arc, which can 
also be rotated by 90° to provide a good access for the 
patient (Fig. 2.5.3). Other magnet designs use two or four 
iron posts that connect the pole shoes.

The magnetic field of a resistive magnet is typically not 
as homogeneous as that of a superconducting magnet of 
the same size. To achieve high field homogeneity within 
the imaging field-of-view, the diameter of the pole shoes 
should not be less than 2.5 times the desired diameter 
of the imaging volume (DFOV), and the pole separation 
should be more than 1.5 DFOV. At a typical pole separa-
tion of 45 cm, the imaging volume would thus have a 
diameter of 30 cm, and the pole shoe diameter amounts 
to 75 cm.

Resistive magnets are susceptible to field variations 
caused by instabilities of the electric power supply. To 
minimize this effect the magnetic field of the magnet can 
be stabilized using an independent method to measure 
the field strength (e.g., electron spin resonance). The dif-
ference between actual and desired field strength is then 
used to regulate the current in the magnet in a closed 
feedback loop.

�2.5.1.3 	 Superconducting Magnets

To create magnetic fields of more than 0.3 T with a bore 
size of 60 cm or more, today, typically superconduct-
ing magnets are utilized (Fig. 2.5.4). In principle, these 
magnets operate in a similar fashion as resistive mag-
nets without iron yoke—superconducting magnets also 
generate their magnetic field by wire loops that carry a 
current. Instead of copper wire, superconductors use 
special metallic alloys such as niobium–titanium (NbTi). 
The alloys completely lose their electric resistance below 
a certain transition temperature that is characteristic for 
the material; this effect is called superconductivity. The 
transition temperature itself is a function of the magnetic 
field, so that lower temperatures are required when a cur-
rent is flowing through the wire. Unfortunately, an upper 

limit for the current density in the wire exists, which is 
also a function of the temperature and the magnetic field. 
To maintain the required low temperatures cooling with 
liquid helium is typically necessary (T < –270°C).

The imaging volume of the MR system is typically 
kept at room temperature (T = 20°C), whereas the sur
rounding superconducting wires require temperatures 
near the absolute zero (–273.15°C). To maintain this 
enormous temperature gradient, the field-generating su-
perconducting coils are encased in an isolating tank, the 
cryostat. The cryostat is a non-magnetic steel structure 
that contains radiation shields to prevent heat diffusion, 
heat conduction, and heat transport. If this isolation is 
not working properly and the wire is locally warming up 
over the transition temperature, then this section of the 
wire will become normally conducting, and the energy 
stored in the current will be dissipated as heat. The heat 
will then be transported to adjacent sections of the wire, 
which will also lose their superconductivity. This very 
rapid process is called a quench. When the magnet wire is 
heating up the liquid helium will evaporate, and the cryo-

Fig. 2.5.3  Iron-frame electromagnet 0.6-T MR system (Up-
rightTM MRI, FONAR) with a horizontal magnetic field. This 
special construction of the MR systems allows for imaging in 
both upright and lying positions. This flexibility is especially ad-
vantageous for MR imaging of the musculoskeletal system
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stat is exposed to an enormous pressure. To prevent the 
cryostat from exploding, a so-called quench tube is con-
nected to superconducting magnets with helium cool-
ing, which safely guides the cold helium vapor out of the 
magnet room. 

Recently also ceramic superconducting materials on 
the basis of niobium–tin (Nb3Sn) alloys have been used 
to make superconducting wires. The brittle Nb3Sn alloys 
show a higher transition temperature (–263°C) and thus 
do not necessarily require liquid helium cooling. If the 
cryostat is equipped with a good thermal vacuum isola-
tion, a conventional cooling system (e.g., Gifford-Mc-
Mahon cooler) can be used to maintain the temperature. 
This technology has been realized both in a dual-magnet 
system (General Electric SP, B0 = 0.5 T) and a low-field 
open MR system (Toshiba OPART, B0 = 0.35 T). Because 
a helium-filled cryostat requires more space than does a 
system without helium, these magnets can be installed in 
smaller areas than can comparable magnets with helium.

In the recent years, several MR magnets have been 
equipped with helium liquefiers to regain the evaporated 
helium gas in the magnet. Once filled with helium these 
so-called zero boil-off magnets can operate in principle 
without any additional helium filling. Magnets without 
helium liquefiers require replenishment of the helium at 
intervals between several months and 1–2 years, depend-
ing on the quality of the cryostat and the usage of the MR 
system.

The most widespread form of a superconducting 
magnet is the solenoid, where the windings of the super
conducting wire form loops around the horizontal bore 
of the cylindrical magnet. At a typical inner bore diam-
eter of 60 cm for clinical MRI systems, solenoid magnets 
can create very homogeneous magnetic fields with varia-

tions of only a few parts per million (ppm). Because the 
relatively bulky magnet structure limits access to the pa-
tient, shorter magnets of 1.5 m length with wider diam-
eters of 70 cm have been designed (Siemens Magnetom 
Espree, B0 = 1.5 T) (Fig. 2.5.5). In these magnets, obese 
patients can be imaged more conveniently, claustropho-
bic patients feel more at ease and some MR-guided per-
cutaneous interventions might become feasible. Another 
variant of the solenoid is a dual magnet MR system con-
sisting of two collinear short solenoid magnets (General 
Electric SP, B0 = 0.5 T) — here the imaging area is located 
in between the two magnets and even intra-operative MR 
imaging is possible. Recently, also two-pole systems with 
a magnet design similar to low-field resistive magnets 
have become, which offer a good patient access in combi-
nation with higher field strengths (Fig. 2.5.6).

Outside a superconducting magnet, the field strength 
his falling off with the inverse third power of the distance 
(1/r ³) so that the stray fields can extend far outside the 
MR room. Magnetic fields in commonly accessible areas 
must not exceed 0.5 mT, because higher fields can af-
fect pace makers and other active electric devices (Fig. 
2.5.7). For this reason, two shielding technologies have 
been utilized to reduce the magnetic fringe fields. With 
passive shielding ferromagnetic materials such as steel 
are mounted near the magnet. This shielding technique 
confines the field lines to the interior of the shielding 
material, and the stray fields are reduced. Unfortunately, 
the amount of shielding material rapidly increases with 
increasing magnetic field, and between 400 t and 600 t of 
steel are required to shield a 7-T magnet (Schmitt et al. 
1998). 

With active shielding a second set of wire loops is in-
tegrated in the cryostat of the magnet. The shielding 

Fig. 2.5.4  Conventional 1.5-T supercon-
ducting MR magnet (Magnetom Symphony, 
Siemens) with a magnet length of 160 
cm and a free open–inner bore diameter 
of 60 cm. The system is equipped with 
an in-room monitor (left), which allows 
controlling the MR system from within the 
RF cabin
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coils create a magnetic field in the opposite direction 
of the imaging field so that the stray field falls off more 
rapidly. The shielding coils have a larger diameter than 
do the field-generating primary coils. Thus, the desired 
magnetic field within the magnet can be maintained by 
increasing the current in both coil systems. Additionally, 
the shielding coils and the primary coils repel each other 

(Lorentz forces), which requires a magnet design with 
more stable coil formers. The attractive forces acting on 
paramagnetic or ferromagnetic objects near such an ac-
tively shielded magnet are significantly higher than near 
an unshielded magnet; device compatibility and safety 
should thus always be specified with regard to the inves-
tigated magnet type. 

Fig. 2.5.5  Clinical 1.5-T super-
conducting MR system (Magne-
tom Espree, Siemens) with a very 
short magnet (125-cm length) 
and an open-bore diameter of 
70 cm. The additional 10 cm 
in bore diameter over conven-
tional MR system with solenoid 
magnets and the shorter magnet 
length offer a better access to the 
patient, so that, e.g., percutane-
ous interventions can be per-
formed in this magnet structure

Fig. 2.5.6  Superconducting 1-T MR system (Panorama 1 T, 
Philips) with a two-pole open configuration and a vertical mag-
netic field
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Fig. 2.5.7  Magnetic field line plots for an actively shielded 
1.5-T magnet (Magnetom Symphony, Siemens). In the hori-
zontal plane (top) the 0.5-mT (5 Gs) line stays within the RF 
cabin or the adjacent walls, so that access needs to be restricted 

to the RF cabin (controlled area) only. In vertical direction (bot-
tom) the 0.5-mT line extends partly into the lower floor (here: 
the basement), and warning signs need to be mounted to avoid 
involuntary exposure to the static magnetic field
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�2.5.2 	  Gradients

To localize the MR signals emitted by the imaging object, 
a linearly increasing magnetic field, the gradient G, is su-
perimposed on the static magnetic field B0. The gradient 
fields are created by gradient coils that are located between 
the magnet and the imaging volume (Schmitt et al. 1998). 
For each spatial direction (x, y, and z) a separate gradient 
coil is required, and angulated gradient fields are realized 
by linear superposition of the physical gradient fields. In 
a cylindrical bore superconducting magnet, the gradient 
coils are mounted on a cylindrical structure, which is of-
ten made of epoxy resin. This gradient tube reduces the 
available space in the cryostat from typically 90 cm, with-
out gradient coils, to 60 cm, with gradient coils. 

The functional principle of a gradient system is best 
illustrated by a setup of two coaxial wire loops with a 
radius a that are separated by a distance d (Fig. 2.5.8). 
If the two coils both carry the same current, however, in 
counterpropagating directions, their respective magnetic 
fields cancel at the iso-center of the setup. At distances 
not too far from iso-center the magnetic field will in-
crease linearly, which is exactly the desired behavior of 
a gradient field. To achieve this linear gradient field the 
condition d = 3a  must be met (Maxwell coil pair) 
(Jin 1999). In commercially available gradient system, 
much more complicated wiring paths are utilized, which 
are optimized using the so-called target field approach 
(Turner 1993). This often results in wire patterns that, 
when plotted on a sheet of paper, resemble fingerprints 
(fingerprint design). Nevertheless, a common feature of 
all gradient systems is the absence of current at the cen-

tral plane, which allows separating the gradient coils, e.g., 
for C-arc–type magnets.

The quality of the gradient system is characterized 
by several parameters: the maximum gradient strength 
Gmax, the slew rate smax, the homogeneity, the duty cycle, 
the type of shielding, and gradient pulse stability and pre
cision. Today, clinical MR systems have maximum gradi-
ent strengths of up to Gmax = 40 mT/m at bore diameters 
of 60 cm. Even higher gradient strengths of 80 mT/m and 
more can be realized when so-called gradient inserts with 
smaller diameters are used (e.g., for head imaging). The 
maximum gradient strength is limited by the capabilities 
of the power supply of the gradient system—modern gra-
dient systems use power supplies that can deliver voltages 
up to 2,000 V and currents up to 500 A. Another limiting 
factor for Gmax is gradient heating: With increasing cur-
rent through the gradient coil, the windings heat up to 
levels at which the gradient could be destroyed. There-
fore, to remove the heat from the gradient tube, pipes are 
integrated in the gradient coils for water-cooling. 

The maximum slew rate smax is the ratio of Gmax over 
the shortest time required to switch on the gradient (rise 
time). When the current in the gradient coil is increased 
during gradient switching, according to Lenz’s law the 
coil will produce a current, which opposes the change. 
Thus, it counteracts the switching process, and the rise 
time cannot be made infinitely short. During MR imag-
ing, however, it is desirable to have very short rise times 
(i.e., high slew rates), as these times only prolong the 
imaging process. Clinical MRI systems have slew rates 
between 10 mT/m/ms and 200 mT/m/ms. If the gradi-
ent coil is connected to a capacitance via a fast switch, 

Fig. 2.5.8  Magnetic field of two wire loops (radius a, distance d) 
that are carrying a current I with opposite polarity. Over a cer-
tain range between the loops, the magnetic field increases lin-

early with the position z (dashed line). With realistic values of 
a = 30 cm, d = 52 cm, and I = 200 A, a gradient amplitude of 
18 mT/m is achieved 
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very short rise times can be achieved, as the inductance 
of the gradient coil and the capacitance form a resonance 
circuit. Such a resonant gradient system has the disad-
vantage that the characteristic frequency of the resonance 
circuit determines the possible rise times. Additionally, 
gradients can only be switched on after the capacitances 
have been charged. Resonant gradient systems have 
nevertheless been successfully applied to EPI studies, in 
which the sinusoidal gradient waveforms are beneficial, 
and multistage resonant systems have been utilized to 
approximate the trapezoidal gradient waveforms (Harvey 
1994).

When the gradient is switched on, the maximal rate 
of field change is observed at the ends of the gradient 
coil (i.e., FOVmax/2): dB/dt = smax FOVmax/2. A changing 
magnetic field induces currents in electrically conduct-
ing structures in its vicinity—outside the gradient coil 
this structure is given by the cryostat, and on the inside 
the patient can act as a conductor. To avoid these para-
sitic currents (eddy currents) in the cryostat, which in 
turn create magnetic fields counteracting the gradients, 
often a second outer gradient structure is integrated in 
the gradient tube. The inner and outer gradient coils are 
designed so that their combined gradient field vanishes 
everywhere outside the gradient coil, whereas the desired 
gradient amplitudes are realized on the inside. This tech-
nique is called active shielding, and is conceptionally sim-
ilar to the active shielding of superconducting magnets 
(Mansfield and Chapman 1986; Harvey 1994).

Gradient-induced currents in the human body pose 
a more severe problem, as these currents can poten-
tially lead to painful peripheral nerve stimulation or, at 
higher amplitudes, to cardiac stimulation (Mansfield 
and Harvey 1994; Schaefer 1998; Liu et al. 2003). These 
physiologic effects are not only dependent on the ampli-
tude, but also on the frequency of field change. For clini-
cal MR systems, different theoretical models have been 
established to determine the threshold for peripheral 
nerve stimulation. To make the best use of the available 
gradient system some fast pulse sequences (e.g., for con-
trast-enhanced MRA or EPI) operate very close to these 
threshold values. As individuals are more or less suscepti-
ble to peripheral nerve stimulation, for some patients the 
individual threshold might be exceeded, and they experi-
ence a tickling sensation during fast MR imaging. This 
physiologic effect currently prohibits the use of stronger 
gradient systems.

Since the field change is lower at shorter distances from 
iso-center, peripheral nerve stimulation can be avoided 
if shorter gradient systems are used. Unfortunately, a 
shorter gradient system only covers a limited FOV, and 
the anatomical coverage is compromised. To overcome 
this limitation a combined gradient system with a shorter, 
more powerful inner coil and a longer, less intense outer 
coil has been proposed (twin gradients) (Harvey 1999). 
Such a system can be used, e.g., to rapidly image the beat-

ing heart with the small coil, or to acquire image data 
from the surrounding anatomy at lower frame rates.

When the gradient system is mounted in the MR mag-
net, strong mechanical forces act on the gradient tube, 
which are proportional to the gradient current. These 
forces are generated by the interaction of the gradient 
field with the static magnetic field and thus increase with 
B0. The permanent gradient switching creates time-vary-
ing forces that lead to acoustic noise. Several techniques 
have been proposed to reduce noise generation, which in 
some cases can exceed dangerous sound pressure levels 
of 110 dB. The wire paths in the coil can be designed in 
such a way that the forces are locally balanced, the gra-
dient tube can be mechanically stabilized, the gradients 
can be integrated in a vacuum chamber to prevent sound 
propagation in air, or the gradient system can be mounted 
externally to reduce acoustic coupling to the cryostat 
(Pianissimo gradient, Toshiba). Another possibility to re-
duce acoustic noise is to limit the slew rates in the pulse 
sequences to lower values than technically possible; in 
some pulse sequences (e.g., spin-echo sequences), this 
does not significantly affect the pulse sequence perfor-
mance, but severely increase patient comfort.

�2.5.3 	  Shim 

Shimming is a procedure to make the static magnetic 
field in the MR system as homogeneous as possible. Inho
mogeneities of the magnetic field that are caused during 
the manufacturing of the magnet structure can be com-
pensated with small magnetic plates (passive shim). Af-
ter a localized measurement of the initial magnetic field, 
the position of the plates is calculated, and the plates are 
placed in the magnet. This procedure is repeated until 
the desired homogeneity of the field is achieved (e.g., 0.5 
ppm in a sphere of radius 15 cm). 

During MR imaging, objects are present in the static 
magnetic field that distort the homogeneous static field. 
Field distortion is caused by susceptibility differences at 
the tissue interfaces and is thus specific for each patient. 
To at least locally compensate these field distortions, ad-
justable magnetic fields are required (active shim). If the 
field distortion is linear in space, then the gradient coils 
can be used for compensation. For higher-order field 
variations, additional shim coils are required. Typically, 
shim coils up to fifth order are present in an MR system. 

Higher-order shimming is particularly important for 
MR spectroscopy, where the field homogeneity directly 
affects the spectral line width. To optimize the shim cur-
rents, an interactive measurement process (the shim) is 
started after the patient is positioned in the magnet. Dur-
ing active shimming the field homogeneity is measured 
(e.g., using localized MR spectroscopy or a field mapping 
technique), and the currents are then adjusted to improve 
the field homogeneity (Webb and Macovski 1991). 
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�2.5.4 	  Radiofrequency System

The radiofrequency (RF) system of an MR scanner is 
used to both create the transverse magnetization via 
resonant excitation and to acquire the MR signals (Op-
pelt 2005; Vlaardingerbroek et al. 2002; Chen and Hoult 
1989). The RF system consists of a transmit chain and a 
receive chain. In the following, the details of the RF sys-
tem are described.

�2.5.4.1 	 RF Cabin

The MR signals, which are acquired by the RF coils of 
the MR system, are typically very low. To optimally de-
tect these low signals, any other electromagnetic signals 
(e.g., radio waves) must be suppressed. Therefore, the MR 
system is placed in a radiofrequency cabin (also called 
a Faraday cage), which dampens RF signals at the reso-
nance frequency by typically 100 dB and more. 

In low-field MR tomographs, the RF screening is 
sometimes realized as a wire mesh that is integrated in 
the MR system. This has the advantage that RF-emitting 
equipment such as television screens can be placed very 
close to the MR unit. At larger magnet dimensions, these 
local screens are often not suitable. Here, the whole MR 
room is designed as an RF cabin, and the screening mate-
rial is integrated into the walls, doors, and windows. For 
screening often copper sheets are used, which are glued 
to the wall panels, or the cabin consists completely of 
steel plates. 

To be able to transmit signals to and receive signals 
from the RF cabin, openings are integrated in the cabin. 
In general, one distinguishes between so-called filter 
plates, which contain electronic filters and open wave-
guides. Waveguides are realized as open tubes with a cer-
tain length-to-diameter ratio, which is dependent on the 
wavelength of the RF frequency. Waveguides are used to 
deliver anesthesia gases to the RF cabin and to guide the 
quench tube out of the shielded room.

�2.5.4.2 	 Transmitter

At the beginning of the transmit chain the RF transmit-
ter is found, which consists of a synthesizer with high-
frequency stability and an RF power amplifier. The low-
power synthesizer oscillates at the Larmor frequency. Its 
output signal is modulated by a digitally controlled pulse 
shaper to form the RF pulse, which is then amplified by 
the power amplifier. For typical clinical MR systems, the 
transmitter needs to provide peak power output at the 
Larmor frequency of 10 kW and more. Besides high peak 
power, the RF transmitter should also allow for a high 
time-averaged power output, as several pulse sequences 
such as fast spin-echo sequences require RF pulses at 

short repetition times. The RF power is then transferred 
into the RF cabin via a shielded cable, and is delivered to 
the transmit RF coil.

To guarantee a safe operation of the transmitter and 
to limit the RF power to values below the regulatory 
constraints for the specific absorption rates (SAR), di-
rectional couplers are integrated in the transmission line. 
These couplers measure the RF power sent to the RF coil 
as well as the reflected power. High power reflection is an 
indicator of a malfunctioning of the connected coil, which 
could endanger the patient. If the reflected power exceeds 
a given threshold (e.g., 20% of the forward power), then 
the RF amplifier could be damaged by the reflected RF 
power and the transmitter is switched off. 

�2.5.4.3 	 RF Coils

To couple the RF power of the RF transmitter to the hu-
man body an RF antenna is required, the so-called RF 
coil. Before MR imaging starts, the coil is tuned to the 
resonance frequency of the MR system (RF tuning). Simul
taneously, the properties of the connecting circuitry are 
dynamically changed to match the resistance of the coil 
with the imaging object (loaded coil) to the resistance of 
the transmit cable (RF matching). 

Once the coil is tuned and matched, the transmitter is 
adjusted. During this procedure, the MR system deter-
mines the transmitter voltage required to create a certain 
flip angle. For a given reference RF pulse shape Sref (t), 
the transmitter voltage Uref is varied until the desired flip 
angle αref (e.g., 90°) is realized. During the subsequent 
imaging experiments, use is made of the fact that the 
flip angle is linearly proportional to the (known) integral 
over the RF pulse shape, so that the required voltages can 
be computed from the reference values by linear scaling.

Radiofrequency coils are categorized into transmit 
(Tx) coils, receive (Rx) coils, and transmit/receive (TxRx) 
coils. Tx coils are only used to expose the imaging ob-
ject to an RF B1 field during RF excitation, whereas Rx 
coils detect the weak echo signal emitted from the hu-
man body—only if a coil performs both tasks, is it called 
a TxRx coil. A typical example of a TxRx coil is the body 
coil integrated into most superconducting MR systems; 
however, in some modern MR systems, it is used as a Tx 
coil only due to its suboptimal receive characteristics. 
Rx-only RF coils are the typical local coils found in MR 
systems that possess a (global) body coil, and local TxRx 
coils are used in all other MR systems without a body coil 
(ultra-high field, dedicated interventional systems, open-
configuration low field).

During signal reception, the oscillating magnetiza-
tion in the human body induces a voltage in the RF coil. 
For an optimal detection of this weak signal, the RF coil 
should be placed as close to the imaging volume as pos-
sible. For this reason, optimized imaging coils exist for 
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nearly any part of the human body. The largest coil of an 
MR system is typically the body coil (if present), which is 
often integrated in the magnet cover. To image the head 
or the knee, smaller volume resonators are used, where 
the imaging volume is in the interior of the RF coil (Fig. 
2.5.9). Flexible coils exist, that can be wrapped around 
the imaging volume (e.g., the shoulder). Small circular 
surface coils are used to image structures close to the 
body surface (e.g., eyes). Unfortunately, the sensitivity of 
these coils is rapidly decreasing with distance from the 
coil center, so that they are not suitable for imaging ex-
periments, where a larger volume needs to be covered.

During RF transmission, Rx coils need to be deacti-
vated, because a tuned and matched Rx coil would ide-
ally absorb the transmitted RF power, and a significant 
amount of the RF energy would be deposited in the coil. 
To avoid any electronic damages, the coil is actively de-

tuned during RF transmission; this is often accomplished 
by fast electronic switches (e.g., PIN diodes), which con-
nect a dedicated detuning circuitry.

To combine the high sensitivity of small surface coils 
with the volume coverage of a large volume resonator, 
the concept of the so-called phased-array coils has been 
introduced (Roemer et al. 1990). A phased-array coil 
consists of several small coil elements, which are directly 
connected to individual receiver channels of the MR sys-
tem. The separate reconstruction of the coil elements is 
technically demanding, because a full set of receiver elec-
tronics (amplifiers, analog-to-digital converters) as well 
as an individual image reconstruction are required for 
each coil element. The signals of the individual coil ele-
ments are finally combined using a sum-of-squares algo-
rithm, which yields a noise–optimal signal combination. 
Under certain conditions when SNR can be sacrificed, 
also a suboptimal image reconstruction can be achieved 
by a direct combination of the coil element signals, which 
reduces the number of receive channels and shortens the 
image reconstruction time. To be able to manually adjust 
SNR versus reconstruction overhead, special electronic 
mixing circuits have been introduced which allow com-
bining, e.g., three coil elements into a primary, a second-
ary, and a tertiary signal (Total Imaging Matrix Tim, Sie-
mens).

In a phased-array coil, the coil elements are positioned 
in such a way that an induced voltage in one element does 
not couple to the adjacent element—this can be achieved 
by an overlapping arrangement of the coil elements (geo-
metric decoupling). Phased-array coils with up to 128 
elements have been realized; however, typically the num-
ber of elements ranges between 4 and 32. Today, MRI sys-
tems with 32 independent receiver channels are available, 
at which up to 76 coil elements can be positioned simul-
taneously. The individual coil elements can be selected 
manually or automatically to achieve the highest possible 
SNR for a given imaging location.

Phased-array coils are not only required to achieve a 
high SNR. The individual coil elements can also be used 
to partially encode the spatial location in the image; this 
procedure is called parallel imaging. The simplest version 
of parallel imaging uses two adjacent coil elements with 
non-overlapping sensitivities. If one wants to image the 
full FOV covered by both coils only FOV/2 needs to be 
encoded, since each coil element is sensitive over this dis-
tance only. If the phase-encoding direction is chosen in 
this direction, the phase FOV can be reduced by a factor 
of 2, which in turn halves the total acquisition time. In 
practice, the sensitivity profiles of the coil elements over-
lap and more sophisticated techniques such as SMASH 
Sodickson and Manning 1997) or SENSE (Dumooulin et 
al. 1993) are required to reconstruct the image. Never-
theless, in parallel imaging the intrinsic spatial encoding 
present in the different locations of the imaging coils is 
exploited to reduce the number of phase encoding steps. 

Fig. 2.5.9  Various receive coils on the patient table of a clini-
cal 1.5-T MR system (Magnetom Avanto, Siemens) with 32 re-
ceive channels and the possibility to connect a total of 76 coil 
elements. The head coil with 12 coil elements is combined with 
a neck coil (4 elements), and the remaining parts of the anatomy 
are imaged with multiple flexible anterior phased-array coils 
(2 × 3 elements) and the corresponding posterior coils, which 
are integrated in the patient table. For smaller imaging volumes 
dedicated surface coils (flexible coil, open loop coil, small loop 
coil) can be used, which share a common amplifier interface
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Because the phase encoding direction is different for dif-
ferent slice orientations, the optimal phased-array coil for 
parallel imaging offers coil elements with separated sen-
sitivity profiles in all directions.

For MR spectroscopy and non-proton imaging, RF 
coils with resonance frequencies for the respective nuclei 
are required. These non-proton coils can also incorpo-
rate a coil at the proton resonance frequency to acquire 
proton images without the need for patient repositioning. 
Double-resonant coils are also important in situations 
when both frequencies are used at the same time as, e.g., 
in decoupling experiments. 

For interventional MRI, dedicated tracking coils have 
been developed that are attached to the interventional 
devices (e.g., catheters or needles). The signal from these 
coils can be used for high-resolution imaging (e.g., of the 
vessel wall), but it is often only utilized to determine the 
position of the device (Doumoulin et al. 1993). In these 
tracking experiments, the signal of the coil is encoded in 
a single direction using a non-selective RF excitation, and 
the position of the coil in this direction is extracted after 
a one-dimensional Fourier transform. 

�2.5.4.4 	 Receiver

The MR signal received by the imaging coil is a weak, an-
alog, high-frequency electric signal. To perform an image 
reconstruction or a spectral analysis, this signal must be 
amplified, digitized, and demodulated. The signal ampli-
fication is typically performed very close to the imaging 
coil to avoid signal interference from other signal sources. 
If the RF coil is a TxRx coil, then the signal passes a trans-
mit–receive switch that separates the transmit from the 
receive path.

The amplified analog signal still contains the high-fre-
quency component of the Larmor frequency. To remove 
this unwanted frequency component, the signal is sent 
to a demodulator, which receives the information about 
the current Larmor frequency from the synthesizer of the 
transmitter. After demodulation, the MR signal contains 
only the low-frequency information imposed by the gra-
dients. Finally, the analog voltage is converted into a digi-
tal signal using an analog-to-digital converter (ADC). 
Over the recent years the conversion into a digital signal 
has increasingly been performed at an earlier stage in the 
receiver chain (e.g., before demodulation), and all subse-
quent steps were carried out in the digital domain. At the 
end of the receiver chain, the digital signal is then handed 
over to the image reconstruction computer.

�2.5.5 	  Computer System

The computing system of an MR tomograph is typically 
realized by a system of distributed computers that are 

connected by a local high-speed network. The require-
ments for the computing system are manifold: For the 
user of the system it should provide an intuitive interface 
for measurement control, image processing, archiving, 
and printing. During sequence execution, the computers 
should control the hardware (i.e., gradients, RF, ADCs, 
patient monitoring, etc.) in real time. Additionally, the 
computing system must reconstruct and visualize the in-
coming MR data.

Since a single computer cannot perform all of these 
tasks at the same time, typically three computers are used 
in an MR system: the host computer for interaction with 
the user, the hardware control computer for real-time se-
quence control, and the image reconstruction computer 
for high-speed data reconstruction.

�2.5.5.1 	 Host Computer

The host computer provides the interface between the 
user and the MR system. Through the MR user interface, 
the whole MR system can be controlled, MR measure-
ments can be started, and the patient monitoring is vi-
sualized. At the host computer, the incoming images are 
sorted into an internal database for viewing, post-pro-
cessing, and archiving. 

The internal database stores and sorts the images by 
patients, studies, and series. The database is often con-
nected to the picture archiving and communication sys-
tem (PACS) of the hospital, from where it retrieves the 
patient information to maintain a unique patient registry. 
A 256 × 256 MR image typically requires about 130 KB of 
storage space, and for each patient investigation between 
100 and 1,000 images are acquired. On an average work-
ing day between 10 and 30 patients can be examined. 
The data of all of these patients need to be stored in the 
database so that a storage volume of about 4 GB per day 
should be provided. With increasing matrix sizes and im-
age acquisition rates, these numbers can easily be multi-
plied by factors of 10 and more. 

The host computer is also used to transfer the ac-
quired data to archiving media such as magneto-optical 
disks (MOD), tapes, compact disks (CD), digital versatile 
disks (DVD), or external computer archives (typically, 
the PACS). Data transfer is increasingly accomplished 
using the image standard DICOM (digital imaging and 
communications in medicine), which regulates not only 
the image data format, but also the transfer protocols. It 
is due to this imaging standard that images can be ex-
changed between systems from different vendors and can 
be shared between different modalities.

For post-processing, typically different software pack-
ages are integrated. In MR spectroscopy, software pack-
ages for spectral post-processing are available to calcu-
late, e.g., peak integrals automatically. For MR diffusion 
measurements, the apparent diffusion coefficient can be 
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mapped. With flow-evaluation software, the flow veloci-
ties and flow volumes can be assessed. To visualize three-
dimensional data sets often multi-planar reformatting 
tools or projection techniques such as the maximum in-
tensity projection (MIP) are used. All of these software 
packages retrieve the image data from the integrated im-
age database, into which the calculated images are finally 
stored.

Dedicated computer monitors are connected to the 
host computer for image visualization, which fulfill the 
special requirements for diagnostic imaging equipment. 
In addition, these screens must not be susceptible to dis-
tortions due to the magnetic field; for this reason liquid 
crystal monitors based on the thin-film transistor (TFT) 
technology are increasingly used. For interventional MR, 
shielded monitors for in-room image display have been 
designed, where the monitor is shielded against electro-
magnetic interference. These monitors can be used within 
the Faraday cage of the MR system without interfering 
with the image acquisition.

�2.5.5.2 	 Hardware-Control Computer

The control of the imaging hardware (i.e., the gradients 
in x, y, and z, the RF sub-system, the receiver, and the 
patient-monitoring system) requires a computer with a 
real-time operating system. Compared with conventional 
operating systems where the instructions are processed 
in an order and at a time that are influenced by many 
factors, a real-time operating system ensures that opera-
tions are executed on an exactly defined time scale. This 
real-time execution is necessary to maintain, e.g., the 
phase coherence during spin-echo MRI or to ensure that 
a given steady state is established during balanced SSFP 
imaging.

During sequence execution, the different instructions 
for the hardware are typically sent by the control pro-
gram to digital signal processors (DSP) that control the 
individual units. Thus, new instructions can be prepared 
by the control program, whereas the actual execution is 
controlled close to the individual hardware. To ensure 
that enough hardware instructions are available, many 
time steps are computed in advance during sequence 
execution. 

For real-time pulse sequences, this advance calcula-
tion needs to be minimized to be able to interactively 
change sequence parameters such as the slice position 
(controlled by the RF frequency) or orientation (con-
trolled by the gradient rotation matrix). In real-time se-
quences, the information about the current imaging pa-
rameters is thus retrieved not only once at the beginning 
of the scan, but continuously during the whole imaging 
experiment. 

�2.5.5.3 	 Image-Reconstruction Computer

The reconstruction of the data arriving at the ADCs is 
performed by the image-reconstruction computer. To es-
timate the amount of data this computer needs to process 
the following estimate can be used: During high-speed 
data acquisition about 256 raw data points (i.e., 256 × 
16 bytes) arrive per imaging coil at time intervals of TR 
= 2 ms, so that with 10 Rx coils a data rate of 20 MB/s 
results. These incoming data need to be rearranged, cor-
rected, Fourier transformed, combined, and geometri-
cally distorted before the final image is sent to the host 
computer. To perform this task today multiprocessor 
CPUs are used to perform some of these tasks in parallel. 
In particular, the image reconstruction for multiple coils 
lends itself naturally to parallelization, since each of the 
coils is independent of the other. 

Additionally, some manufacturers are including sim-
ple post-processing steps into the standard image recon
struction. Since the reconstruction computer does not 
provide a direct user interface, these reconstruction steps 
need to be designed in such a way that no user interaction 
is necessary. This is the case for the calculation of activa-
tion maps in fMRI, for MIP calculations under standard 
views in MR angiography, or for the calculation of the 
arrival time of a contrast agent bolus in perfusion studies. 
At the end of the image reconstruction, the image data 
are transferred to the host computer via the internal com-
puter network. 

�2.5.6 	  Patient Monitoring

Special MR imaging techniques require additional MR 
components that are not necessarily available at any MR 
scanner. These components often monitor certain physi-
ologic signals such as the electrical activity of the heart 
(electrocardiogram, ECG) or breathing motion (Fig. 
2.5.10). Typically, the measured physiologic signals are 
not used to assess the health status of the patient but to 
synchronise the image acquisition with the organ mo-
tion, since heart and breathing motion can cause signifi-
cant artifacts during abdominal imaging.

Synchronization of the image acquisition is performed 
either with prospective or retrospective gating. With pro-
spective gating (or triggering), the imaging is started 
with the arrival of a certain physiologic signal (e.g., the 
R wave in the ECG). Therefore, the physiologic signal is 
post-processed (e.g., thresholding and low-pass filtering) 
to create a trigger signal when the physiologic condition 
is present. With retrospective gating, the measurement is 
not interrupted, but data are acquired continuously, and 
for each measured data set, the physiologic state is stored 
with the data (e.g., the time duration after the last R 
wave). During image reconstruction, the measured data 
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are sorted in such a way that images are formed from data 
with similar physiologic signals (e.g., diastolic measure-
ments).

The advantage of the retrospective over the prospective 
data acquisition is the continuous measurement without 
gaps that could lead to artifacts in steady state pulse se-
quences. The post-processing effort of retrospectively ac-
quired data is higher because data need to be analyzed 
and sorted before image reconstruction. Additionally, on 
average more data need to be acquired as compared to 
prospective triggering to ensure that for each physiologic 
condition at least one data set is present (over-sampling).

�2.5.6.1 	 Electrocardiogram

To measure the ECG in the MR system MR-compatible 
electrodes made of silver–silver chloride (Ag/AgCl) are 
used. The measurement of the ECG in an MR system is 
difficult, because the switching of the gradients can in-
duce voltages in the ECG cables that completely mask the 
ECG signal. This effect can be minimized, if short and 
loopless ECG cables are utilized. Short ECG cables are 
additionally advantageous since long cables with a loose 
contact to the skin can be the cause for patient burns that 
are induced by the interaction with the RF field during 
RF excitation (Kugel et al. 2003).

To reduce this potential danger to a minimum, ECG 
systems have been developed that amplify the ECG signal 
close to the electrodes, and which transmit the ECG sig-
nal to the MR system either via optical cables (Felblinger 
et al. 1994) or as an RF signal at a frequency different 
from the Larmor frequency. With this technology, ECG 
signals can be acquired even during echo planar imag-

ing when gradients are permanently switched on and off 
(Ives et al. 1993).

It should be noted that the ECG signal in the MR sys-
tem significantly differs from the signal outside the mag-
net. 

The electrically conducting blood is flowing at differ-
ent velocities in the cardiac cycle. Within the magnetic 
field the blood flow induces velocity-dependent electric 
fields (Hall effect) across the blood vessels, which in turn 
change the electric potentials measured at the ECG elec-
trodes. Typically, the T wave of the ECG is augmented, an 
effect that is more pronounced at higher field strengths 
(Kangarlu and Robitaille 2000). For this reason, the ECG 
acquired in the MR system should not be regarded as of 
diagnostic quality. 

�2.5.6.2 	 Pulse Oximetry

Pulse oximeters measure the absorption of a red and an 
infrared light beam that is sent through perfused tissue 
(e.g., a finger). The absorption is proportional to the ox-
ygen content, so that devices can determine the partial 
oxygen pressure (pO2). Additionally, the pulsation of the 
blood leads to a pulse-related variation of the transmit-
ted light signal, which is used in the MR systems to de-
rive a pulse-related trigger signal (Shellock et al. 1992). 
Since the pulse wave arrives at the periphery with a sig-
nificant delay after the onset of systole, it is difficult to 
use the pO2 signal for triggering in systolic MR imag-
ing. Pulse oximeters consist solely of non-magnetic and 
non-conduction optical elements, so that they are not 
susceptible to any interference with the gradient or RF 
activity. 

Fig. 2.5.10  Whole-body imaging with 
array coils covering the patient from head 
to toe (Exelart VantageTM, Toshiba). Since 
not all coils are in the imaging volume of 
the MR system at the same time, a lower 
number of receiver channels (here: 32) are 
sufficient for signal reception

2.5  Technical Components
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�2.5.6.3 	 Breathing Synchronization

To detect breathing motion, several mechanical devices 
such as breathing belts or cushions have been introduced. 
Essentially, all these systems are air filled and change 
their internal pressure as a function of the breathing cycle 
when they are attached to the thorax of the patient. The 
pressure is continuously monitored and is used as an in-
dicator for breathing status. As with the pulse oximeters, 
these systems are also free of any electrically conducting 
elements, so that no RF heating is expected. However, in 
clinical practice breathing triggering can pose a problem 
in long-lasting acquisitions since patients start to relax 
over time, and the initial breathing pattern is not repro-
duced.

An alternative approach to the measurement of the 
breathing cycle is offered by the MR itself: If a single image 
line is excited in head–foot direction through the thorax 
(using, e.g., a 90° and 180° slice that intersect along the 
desired line), then the signal of this line has high contrast 
at the liver–lung interface. This diaphragm position can 
be detected automatically and can be used to extract the 
relative position in the breathing cycle. This technique is 
called a navigator echo (Ehman and Felmlee 1989), since 
an additional echo for navigation needs to be inserted 
into the pulse sequence. Similar approaches using low-
resolution two- or three-dimensional imaging can be 
used to correct for patient motion in long-lasting image 
acquisitions such as fMRI (Welch et al. 2002). Here, the 
change in position is determined and used to realign the 
imaging slices (prospective motion correction).

�2.5.6.4 	 Electroencephalogram

For neurofunctional studies, electroencephalogram 
(EEG) systems have been developed that can be oper-
ated in the MR tomography (Muri et al. 1998). Com-
pared with the ECG, the voltages induced during brain 
activity are about 100 times smaller in EEG recording, 
which poses a significant detection problem (Goldman 
et al. 2000; Sijbersa et al. 2000). Blood pulsation, patient 
motion, as well as induced voltages during gradient and 
RF activity can cause spurious signals in the EEG leads, 
which obscure the true EEG signal. To remove the imag-
ing-related artifacts, dynamic filtering can be used, which 
removes all signal contributions associated with the basic 
frequencies of the MR system. 

�2.5.7 	  Summary

A large variety of MR systems with different magnet 
types, coil configurations, and gradient sets is currently 
available for diagnostic and interventional MR imaging. 
To choose from these systems, the desired imaging ap-
plications as well as economic factors need to be consid-
ered: A small hospital might with few MR patients might 
want to use a low-field permanent magnet system with 
low maintenance cost, whereas a university hospital with 
a diverse patient clientele and high patient throughput 
should better offer a high-field MR system with state-of-
the-art gradient systems. 

Fig. 2.5.11  Physiologic monitoring and 
triggering units. The three electrodes of 
the ECG system as well as the tube of 
the breathing sensor are connected with 
a transceiver that transmits both signals 
to the patient monitoring unit of the MR 
system. The optical pulse sensor is attached 
to the finger, and the signals are guided via 
optical fibers to the detection unit. For in-
creased patient safety the ECG system must 
be used together with a holder system (not 
shown here), which provides additional 
distance between the ECG leads and the 
patient body
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2.6 	  Contrast Agents

A. Huppertz and C.J. Zech

During the pioneer period of MR imaging, expectations 
were that the high inherent contrast in MR imaging 
makes the use of contrast agents superfluous. However, 
increasing use of the modality in the clinical setting has 
revealed that a number of diagnostic questions require 
the application of a contrast agent. Similar to other imag-
ing modalities, the use of contrast agents in MR imaging 
aims at increasing sensitivity and specificity and, thereby, 
the diagnostic accuracy.

�2.6.1 	  Physicochemical Properties 
of MR Contrast Agents

The main contrast parameters in MR imaging are pro-
ton density, relaxation times, and magnetic susceptibility 
(ability of a material or substance to become magnetized 
by an external magnetic field). MR imaging contrast 
agents focus upon relaxation time and susceptibility 
changes. Most of them are either para- or superparamag-
netic. The most efficient elements for use as MR imaging 
contrast agents are gadolinium (Gd), manganese (Mn), 
dysprosium (Dy), and iron (Fe).

The magnetic field produced by an electron is much 
stronger than that produced by a proton. However, in 
most substances the electrons are paired, resulting in a 
weak net magnetic field. Gd with its seven unpaired elec-
trons possesses the highest ability to alter the relaxation 
time of adjacent protons (relaxivity).

For MR contrast agents, differentiation between posi-
tive and negative agents has to be made. Paramagnetic 
contrast agents Gd and Mn have a similar effect on T1 
and T2 and are classified as positive agents. Since the T1 of 
tissues is much higher than the T2, the predominant effect 
of these contrast agents at low concentrations is that of T1 
shortening. Thus, tissues that take up Gd- or Mn-based 
agents become bright in T1-weighted sequences.

On the other hand, negative-contrast agents influ-
ence signal intensity by shortening T2 and T2*. Super-
paramagnetic agents belong to this group and produce 
local magnetic field inhomogeneities of the local mag-
netic field. T2 is reduced due to the diffusion of water 
through these field gradients. Magnetite, Fe3O4, is such 
a paramagnetic particle. Coated with inert material (e.g., 
dextranes, starch), it can be used for oral or intravenous 
applications. 

In addition to the classification in positive or negative 
agents, MR contrast agents can be differentiated accord-
ing to their target tissue. The targeting of an agent is de-
termined by the pharmaceutical profile of the substance. 
In the clinical environment, we differentiate currently 
three classes of agents:

•	 Unspecific extracellular fluid space agents
•	 Blood-pool and intravascular agents
•	 Targeted and organ-specific agents

Unspecific extracellular fluid space agents. Low-mo-
lecular-weight paramagnetic contrast agents distribute 
into the intravascular and extracellular fluid space (ECF) 
of the body. Their contrast effect is caused by the cen-
tral metal ion. All approved ECF agents contain a Gd 
ion, which contains seven unpaired electrons. Because 
Gd itself is toxic, the ion is bound in highly stable com-
plexes. The different complexes and the physicochemical 
properties of all clinically used agents are listed in Table 
2.6.1. The agents are not metabolized and are excreted 
in unchanged form via the kidneys. Bound, they form 
low-molecular-weight, water-soluble contrast agents. 
Gadopentetate dimeglumine (Magnevist, Bayer Schering 
Pharma, Berlin, Germany) and gadoterate meglumine 
(Dotarem, Laboratoires Guerbet, Aulnay-Sous-Bois, 
France) are ionic high-osmolality agents, whereas gado-
diamide (Omniscan, GE Healthcare, Buckinghamshire, 
UK) and gadoteriol (ProHance, Bracco Imaging, Milan, 
Italy) are non-ionic low-osmolality agents. Due to the 
low total amount of contrast agent usually applied in MR 
imaging, no difference in tolerance between both classes 
could be demonstrated (Oudkerk et al. 1995; Shellock 
1999). An estimated 50% of ECF agents (as for example 
in gadopentetate dimeglumine, size 590 Da) is cleared 
from the vascular space into the extravascular compart-
ment on the initial passage through the capillaries. 

Two agents in the group of ECF agents have to be 
mentioned separately. Gadopentate dimeglumine (Mul-
tiHance, Bracco Imaging) is an agent with a weak pro-
tein binding (about 10%) in human plasma. The bound 
fraction of the agent has a higher relaxivity than does the 
unbound fraction. In sum, the relaxivity of gadopentate 
dimeglumine is 50% higher as compared with gado-
pentetate dimeglumine at 1.5 T/37°C in plasma. The ef-
fect of higher relaxivity is highest at low field strengths 
(Table 2.6.1). The concentration of the contrast agent 
is 0.5 mol/l. Gadopentate dimeglumine was primarily 
developed as a liver-specific MR imaging agent, and is 
currently approved both in the indication detection of 
focal liver lesions and in MR angiography. Most of the 
injected dose of gadopentate is excreted unchanged in 
urine within 24 h, although a fraction corresponding 
to 0.6–4.0% of the injected dose is eliminated through 
the bile and recovered in the feces (Spinazzi et al. 1999). 
The second particular ECF agent, gadobutrol (Gadovist, 
Bayer Schering Pharma) is approved in a higher con-
centration (1 M) than all other available MR imaging 
contrast agents. In addition, gadobutrol has a higher re-
laxivity than most extracellular 0.5 M contrast agents on 
the market (Table 2.6.1). The higher concentration has 
revealed to be particularly useful for MR perfusion stud-
ies and MR angiography (Tombach et al. 2003).
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Blood-pool and intravascular agents. Blood-pool agents 
stay within the intravascular space with no or only slow 
physiologic extravasation. The agents can be used for first-
pass imaging and delayed blood-pool phase imaging. The 
prolonged imaging window allows more favorable image 
resolution and signal-to-noise ratio. The absence of early 
extravasation also improves the contrast-to-noise ratio. 
The pharmacokinetic properties of blood-pool agents are 
expected to be well suited to MR angiography and coro-
nary angiography, perfusion imaging, and permeability 
imaging (detection of ischemia and tumor grading).

Currently, three types of blood-pool agents are being 
developed:
1	 Gd compounds with a strong but reversible affinity to 

human proteins such as albumin
2	 Macromolecular-bound Gd complexes
3	 Ultra small or very small super-paramagnetic particles 

of iron oxide (USPIO and VSOP)

There are important differences between the three groups 
regarding pharmacokinetics in the body, i.e., distribution 
and elimination. 

Gd compounds with a strong but reversible affinity 
to human proteins such as albumin exhibit prolonged 
plasma elimination half-life and increased relaxivity. 
The elimination is done by glomerular filtration of its 
unbound fraction. Given that there is equilibrium be-
tween the bound and unbound fraction in the presence 
of albumin, the excreted molecules are immediately sub-
stituted due to dissociation of agent from the agent–al-
bumin complex. Two agents with affinities to albumin 
were developed and tested in clinical trials: gadofosveset 
(Vasovist®, Bayer Schering Pharma) 80–96% bound in 
human plasma (Lauffer et al. 1998) and gadocoletic acid 
(B22956/1, Bracco Imaging), with a protein binding of 
approximately 95% in humans (Cavagna et al. 2002; La 
Noce et al. 2002).

Currently, gadofosveset is the only blood-pool agent 
approved (for MRA in Europe). All other contrast agents 
with blood-pool characteristics are in clinical or in ear-
lier phase development. Gadofosveset is a stable Gd di-
ethylenetriaminepentaacetic acid (Gd-DTPA) chelate 
substituted with a diphenylcyclohexylphosphate group. 
The mean plasma concentration at 1, 4 and 24 h after the 

Table 2.6.1  Physicochemical properties of Gd-based MR ECF contrast media

INN code Gadopentetate 
dimeglumine

Gadodiamide Gadoterate 
meglumine

Gadoteriol Gadobutrol Gadopentate 
dimeglumine

Tradename Magnevist® Omniscan™ Dotarem Prohance™ Gadovist® Multihance™
Manufacturer Bayer Schering 

Pharma AG, 
Germany

GE Bioscience 
Healthcare, 
UK

Laboratoires 
Guerbet, 
France

Bracco 
Imaging, 
Milan, Italy

Bayer Schering 
Pharma AG, 
Germany

Bracco, Italy

Concentration 
(mol/l)

0.5 0.5 0.5 0.5 1 0.5

Osmolality  
(mOsmol/kg 
H2O at 37°C)

1,960 780 1,350 630 1,603 1,970

Viscosity 
(mPA s at 37°C)

2.9 1.9 2.0 1.3 4.96 5.30

Relaxivity r1 in 
plasma 40°C
(l/mmol–1s–1 
at 0.47 T)

3.8 ± 0.2 4.4 ± 0.3 4.3 ± 0.2 4.8 ± 0.3 6.1 ± 0.4 9.2 ± 0.6

Relaxivity r1 in 
plasma at 37°C
(l/mmol–1s–1 
at 1.5 T)

4.1 ± 0.3 4.3 ± 0.3 3.6 ± 0.2 4.1 ± 0.3 5.2 ± 0.3 6.3 ± 0.4

Relaxivity r1 in 
plasma at 37°C
(l/mmol–1s–1 
at 3 T)

3.7 ± 0.2 4.0 ± 0.2 3.5 ± 0.2 3.7 ± 0.2 5.0 ± 0.3 5.5 ± 0.3

2.6  Contrast Agents
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bolus injection of 0.03 mmol/kg body weight dose were 
56%, respectively 41% and 14% of the concentration 
reached 3 min after injection.

The mean half-life of the distribution phase (t1/2α) was 
0.48 ± 0.11 h. Relative to the reported clearance values of 
the non–protein-bound MRI contrast agents, the clear-
ance values of gadofosveset are markedly slower. Gado-
fosveset is provided in a concentration of 0.25 mol/l and 
a dose of 0.03 mmol/kg body weight is recommended 
for MRA (Perrault et al. 2003). As a further benefit, Gd 
compounds with a strong, but reversible affinity to hu-
man proteins provide a long-lasting blood-pool effect 
even when small amounts of the substance leak out of 
the vasculature. The blood-pool effect persists because 
albumin remains highly concentrated in plasma while it 
shows a two- to three-times lower concentration in the 
extravascular space. Thus, even when Vasovist® leaks 
from the vasculature, the receptor-induced magnetiza-
tion enhancement (RIME) effect within the vascular 
spaces ensures that the signal enhancement in the blood 
dominates the MRI contrast. In rabbits, enhancement 
with gadofosveset persisted at relatively constant levels 
from two minutes to up to 1 h, whereas the enhancement 
of ECF had virtually disappeared within 60 min (Lauffer 
et al. 1998). 

The second blood-pool agent with binding to human 
serum albumin, gadocoletic acid has been tested in coro-
nary MRA (Paetsch et al. 2006). Compared with gado-
fosveset, the slightly higher percentage of bounded agent 
may result in a lower percentage of extravasation and a 
further decreased elimination period.

Macromolecular Gd-based blood-pool agents are 
large molecules with sizes between 30 and 90 kDa. They 
are eliminated rapidly by glomerular filtration. Due to 
their large size, they do not extravasate into the inter-
stitial space. The two agents used in clinical trials were 
Gadomer (Schering) and P 792 (Laboratoires Guerbet, 
Aulnay-Sous-Bois). Gadomer contains multiple Gd 
molecules (24 Gd atoms, Mr 35,000). P792 is a mono-
disperse monogadolinated macromolecular compound 
with Mr 6.47 kDa, based on a gadoterate meglumine core 
(Port et al. 2001). Four hydrophilic arms account for its 
intravascular properties. In a preclinical study, P792 al-
lowed acquisition of high-quality MR angiograms. Im-
age quality was rated as superior for P792 in the post-
bolus phase images compared with ECF agents. The 
intravascular properties lead to an excellent signal in 
the vasculature with limited background enhancement 
(Ruehm et al. 2002).

The first clinical use of USPIO was done in specific pa-
renchymal organ imaging due to the incorporation of 
USPIO/SPIO into cells of the reticuloendothelial system 
of the liver, bone marrow, spleen, or lymphatic tissue. 
These particles produce a strong augmentation of the 
local magnetic field. Predominant shortening of T2 and 

T2* produces a loss of signal intensity on MR images. The 
agents that have been developed as blood-pool agents 
provide different characteristics with a predominating T1 
effect and a prolonged intravascular residence time due 
to the small size of the particles. NC 100150 (Clariscan, 
GE Healthcare) was the first USPIO tested for MRA (Tay-
lor et al. 1999: Weishaupt et al. 2000). It is a strictly intra-
vascular agent with an oxidized starch coating and has an 
approximate diameter of 20 nm. The half-life is 45–100 
min, and it has shown to reduce blood T1 to below 100 
ms (Wagenseil 1999). 

Another iron oxide particle MR contrast agent in the 
phase of clinical development is VSOP-C184 (Ferupharm, 
Teltow, Germany). It is classified as a VSOP with a core 
diameter of 4 nm and a total diameter of 8.6 nm. VSOP-
C 184 is coated with citrate. The relaxivities in water at 
0.94 T are (T1) 20.1 and (T2) 37.1 l/[mmol*s]. The plasma 
elimination half-life at 0.045 mmol Fe/kg was 21.3 ± 5.5 
minutes in rats and 36.1 ± 4.2 minutes in pigs, resulting in 
a T1 relaxation time of plasma of <100 ms for 30 min in 
pigs (Wagner et al. 2002).

Qualitative evaluation of image quality, contrast, and 
delineation of vessels showed that the results obtained 
with VSOP-C184 at doses of 0.025 and 0.035 mmol Fe/
kg was similar to those of gadopentetate dimeglumine at 
0.1 and 0.2 mmol Gd/kg. VSOP-C184 is suitable for first-
pass MRA and thus, in addition to its blood-pool charac-
teristics, allows for selective visualization of the arteries 
without interfering venous signal (Schorr et al. 2004).

Another USPIO is SH U 555 C (Supravist, Bayer 
Schering Pharma), an optimized formulation of carboxy-
dextran-coated ferucarbotran (Resovist; Bayer Schering 
Pharma), which was formerly identified as SH U 555 A, 
with respect to T1-weighted MR imaging. SH U 555 C has 
a mean core particle size of about 3–5 nm and a mean 
hydrodynamic diameter of about 20 nm in an aqueous 
environment. Relaxivity measurements yielded an r1 of 
22 s–1 (mmol/l)–1 and an r2 of 45 s–1 (mmol/l)–1 at 40°C 
and 20 MHz in water (Reimer et al. 2004).

�2.6.2 	  Dependency of Contrast Agents 
from the Magnetic Field Strength

The efficacy of MRI contrast agents is not just determined 
by their pharmacokinetic properties (distribution and 
time dependence of their concentration in the area of in-
terest), but also by their magnetic properties, described 
by their T1 and T2 relaxivities. For all commercially avail-
able MRI contrast agents, relaxivities are published and 
listed in the respective package inserts. However, the 
most commonly used field strength for relaxation mea-
surements (0.47 T) is different from the currently most 
frequently used field strength of clinical MRI instruments 
(1–3 T). Rohrer et al. evaluated in a well-conducted and 
standardized phantom measurement study the T1 and T2 
relaxivities of all currently commercially available MR 
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contrast agents in water and in blood plasma at 0.47, 1.5, 
3, and 4.7 T, as well as in whole blood at 1.5 T (Rohrer et 
al. 2005). They quantified significant dependencies of re-
laxivities on the field strength and solvents (Table 2.6.2). 
Protein binding leads to both increased field strength and 
solvent dependencies and hence to significantly altered 
T1 relaxivity values at higher magnetic field strengths.

�2.6.3 	  Safety of MR Contrast Agents

MR contrast agents are in clinical use since 1988, and a 
wide experience is reported. Severe or acute reactions af-
ter single intravenous injection of Gd-based ECF agents 
are rare. In two large multiple-year surveys includ-
ing, respectively, 21,000 and more than 9,000 examina-
tions, an incidence of acute adverse reactions between 
0.17 and 0.48% were reported (Li et al. 2006: Murphy 
et al. 1996). The severity of these adverse reactions was 
classified as mild (75–96%), moderate (2–20%), and se-
vere (2–5%). 

Typical nonallergic adverse reactions include nausea, 
headache, taste perversion, or vomiting, and typical reac-
tions resembling allergy include hives, diffuse erythema, 
skin irritation, or respiratory symptoms. The incidence 
of severe anaphylactoid reaction is very low and was re-
ported to be between 0.0003 and 0.01% in the literature 
(De Ridder et al. 2001; Li et al. 2006: Murphy et al. 1996). 
The reported life-threatening reactions resembling al-
lergy were severe chest tightness, respiratory distress, and 
periorbital edema.

Known risk factors for the development of adverse 
reactions are prior adverse reactions to iodinated con-
trast media, prior reactions to a Gd-based contrast agent, 
asthma, and history of drug/food allergy. 

Concerning liver-specific contrast media, a higher 
percentage of associated adverse reactions were reported 
for mangafodipir trisodium (7–17%) and ferumoxides 
(15%) (Runge 2000). The recently approved bolus-in-
jectable agent ferucarbotran (Resovist, Bayer Schering 
Pharma) has proven a better tolerance profile during the 
clinical development compared to ferumoxides. Even bo-
lus injections caused no cardiovascular side effects, lum-
bar back pain, or clinically relevant laboratory changes 
(Reimer and Balzer 2003). For the two approved Gd-
based agents gadopentate dimeglumine and gadoxetic 
acid, far fewer patients have been examined to date. Ac-
cording to the results of the clinical trials conducted for 
the approval of both agents, they are comparable to Gd-
based ECF agents in terms of safety (Bluemke et al. 2005; 
Halavaara et al. 2006; Huppertz et al. 2004). Post-market-
ing surveillance of gadopentate dimeglumine reporting 
approximately 100,000 doses revealed an overall adverse 
event incidence of <0.03%, with serious adverse eventss 
reported for <0.005% of patients (Kirchin et al. 2001). 

In the class of blood-pool agents, only gadofosveset 
(Bayer Schering Pharma) has been approved recently 

in some European countries. The tolerance of the agent 
must be estimated based on the clinical trials. Based on 
these data, gadofosveset is well tolerated, and the inci-
dence and profile of undesired side effects is very similar 
to ECF agents (Goyen et al. 2005; Petersein et al. 2000; 
Rapp et al. 2005).

Magnetic resonance contrast agents, particularly the 
Gd-based agents, are extremely safe (Niendorf et al. 1994) 
and lack in the usually applied diagnostic dosage the 
nephrotoxicity associated with iodinated contrast media. 
Nevertheless, health care personnel should be aware of 
the (extremely uncommon) potential for severe anaphy-
lactoid reactions in association with the use of MR con-
trast media and be prepared should complications arise.

Nephrogenic systemic fibrosis (NSF) is a rare disease 
occurring in renal insufficiency that only has been de-
scribed since 1997. In 2006, a first report about a poten-
tial relationship with intravenous administration of Gd-
based MR contrast medium gadodiamide was published 
(US Food and Drug Administration 2007). NSF appears 
to occur in patients with kidney failure, along with high 
levels of acid in body fluids (a condition known as meta-
bolic acidosis) that is common in patients with kidney 
failure. The disease is characterized by skin changes that 
mimic progressive systemic sclerosis with a predilection 
for peripheral extremity involvement that can extend to 
the torso. However, unlike scleroderma, NSF spares the 
face and lacks the serologic markers of scleroderma. NSF 
may also result in fibrosis, or scarring, of body organs. 
Diagnosis of NSF is done by looking at a sample of skin 
under a microscope.

The risk of NSF in patients with advanced renal in-
sufficiency does not suggest being the same for all Gd-
based contrast agents, because distinct physicochemical 
properties affect their stabilities and thus the release of 
free Gd ions (Bundesinstitut für Arzneimittel und Med-
izinprodukte [Federal Institute for Drugs and Medi-
cal Devices] 2007). Some Gd-based contrast media are 
more likely than are others to release free Gd3+ through 
a process called transmetallation, with endogenous ions 
from the body (Thomsen et al. 2006). These agents have 
the largest amount of excess chelate. Gadodiamide and 
gadoversetamide differ from other Gd-based contrast 
media because of an excess of chelate and is more likely 
to release free Gd3+ as compared with other agents. Cyclic 
molecules offer better protection and binding to Gd3+, 
compared with linear molecules (Thomsen et al. 2006). 
The non-linear, non-ionic chelates gadodiamide and 
gadoversetamide seem to be associated with the highest 
risk of NSF (Broome et al. 2007; Sadowski et al. 2007). 

The recommendations to prevent development of 
NSF are nonspecific (US Food and Drug Administration 
2007):
•	 Gd-containing contrast agents, especially at high 

doses, should be used only if clearly necessary in pa-
tients with advanced kidney failure (those currently 



2  Basics of Magnetic Resonance Imaging and Magnetic Resonance Spectroscopy96

Ta
bl

e 
2.

6.
2 

r 1 
an

d 
r 2 

re
la

xi
vi

tie
s o

f M
R 

co
nt

ra
st

 m
ed

ia
 in

 w
at

er
 a

nd
 p

la
sm

a 
at

 3
7°

C
 at

 1
.5

 a
nd

 3
 T

 

IN
N

 c
od

e
Tr

ad
e 

na
m

e
C

la
ss

W
at

er
Pl

as
m

a

1.
5 

T
3 

T
1.

5 
T

3 
T

r1
r2

r1
r2

r1
r2

r1
r2

G
ad

op
en

te
ta

te
 

di
m

eg
lu

m
in

e
M

ag
ne

vi
st

0.
5 

M
 E

C
F

3.
3 ±

 0.
2

3.
9 ±

 1.
1

3.
1 ±

 0.
3

3.
7 ±

 0.
3

4.
1 ±

 0.
2

4.
6 ±

 0.
8

3.
7 ±

 0.
2

5.
2 ±

 0.
9

G
ad

ot
er

id
ol

Pr
oh

an
ce

2.
9 ±

 0.
2

3.
2 ±

 0.
7

2.
8 ±

 0.
2

3.
4 ±

 0.
3

4.
1 ±

 0.
4

5.
0 ±

 0.
8

3.
7 ±

 0.
2

5.
7 ±

 0.
9

G
ad

ot
er

at
e 

m
eg

lu
m

in
e

D
ot

ar
em

2.
9  

±  
0.

2
3.

2 ±
 0.

7
2.

8 ±
 0.

2
3.

3 ±
 0.

3
3.

6 ±
 0.

2
4.

3 ±
 0.

9
3.

5 ±
 0.

2
4.

9 ±
 0.

9

G
ad

od
ia

m
id

e
O

m
ni

sc
an

3.
3 ±

 0.
2

3.
6 ±

 0.
6

3.
2 ±

 0.
3

3.
8 ±

 0.
3

4.
3 ±

 0.
3

5.
2 ±

 1
4 ±

 0.
2

5.
6 ±

 0.
9

G
ad

ov
er

se
ta

m
id

e
O

pt
im

ar
k

3.
8 ±

 0.
2

4.
2 ±

 0.
7

3.
6 ±

 0.
3

4.
5 ±

 0.
3

4.
7 ±

 0.
3

5.
2 ±

 0.
9

4.
5 ±

 0.
3

5.
9 ±

 0.
9

G
ad

ob
ut

ro
l

G
ad

ov
ist

1 
M

 E
C

F
3.

3 ±
 0.

2
3.

9 ±
 0.

8
3.

2 ±
 0.

3
3.

9 ±
 0.

3
5.

2 ±
 0.

3
6.

1 ±
 0.

9
5 ±

 0.
3

7.
1 ±

 0.
9

G
ad

op
en

ta
te

 
di

m
eg

lu
m

in
e

M
ul

tih
an

ce
0.

5 
M

, l
ow

 p
ro

-
te

in
 b

in
di

ng
4.

0 ±
 0.

2
4.

3 ±
 0.

5
4.

0 ±
 0.

3
4.

7 ±
 0.

3
6.

3 ±
 0.

3
8.

7 ±
 0.

9
5.

5 ±
 0.

3
11

 ±
 1

G
ad

ox
et

ic
 a

ci
d

Pr
im

ov
ist

®
4.

7 ±
 0.

2
5.

1 ±
 0.

6
4.

3 ±
 0.

3
5.

5 ±
 0.

3
6.

9 ±
 0.

4
8.

7 ±
 0.

9
6.

2 ±
 0.

3
11

 ±
 1

G
ad

of
os

ve
se

t
Va

so
vi

st
0.

25
 M

, l
ar

ge
-p

ro
-

te
in

 b
in

di
ng

5.
2 ±

 0.
3

5.
9 ±

 0.
6

5.
3 ±

 0.
3

6.
1 ±

 0.
4

19
 ±

 1
34

 ±
 2

9.
9 ±

 0.
5

60
 ±

 4

G
ad

om
er

N
A

M
ac

ro
m

ol
ec

ul
ar

 G
d

17
.3

 ±
 0.

9
22

 ±
 1

13
 ±

 0.
7

23
 ±

 1
16

 ±
 1

19
 ±

 1
13

 ±
 1

25
 ±

 2

Fe
ru

m
ox

id
e

En
do

re
m

®
SP

IO
4.

7 ±
 0.

3
41

 ±
 2

4.
1 ±

 0.
3

93
 ±

 6
4.

5 ±
 0.

3
33

 ±
 2

2.
7 ±

 0.
2

45
 ±

 3

Fe
ru

ca
rb

ot
ra

n
Su

pr
av

ist
U

SP
IO

13
.2

 ±
 0.

7
44

 ±
 3

7.
3 ±

 0.
4

57
 ±

 3
10

.7
 ±

 0.
6

38
 ±

 2
5.

6 ±
 0.

3
95

 ±
 9

N
A

 n
ot

 ap
pl

ic
ab

le



97

requiring dialysis or with a glomerular filtration rate 
(GFR) = 15 ml/min or less). 

•	 It may be prudent to institute prompt dialysis in pa-
tients with advanced kidney dysfunction who receive 
a Gd contrast MRA. Although there are no data to de-
termine the utility of dialysis to prevent or treat NSF 
in patients with decreased kidney function.

2.6.4 	  Value of Contrast Agents 
in Clinical Practice

�2.6.4.1 	 Contrast Agents in Neuroimaging 

The use of contrast agents in neuroimaging is an accepted 
standard for the assessment of pathological processes, 
which utilizes the extravasation of contrast agents through 
a compromised blood–brain or blood–spinal cord bar-
rier. Compared with contrast-enhanced CT, MR imaging 
with Gd-based contrast agents is far more sensitive and 
depicts even subtle disruptions of the blood–brain bar-
rier that are caused by a variety of noxious agents as, for 
example neoplastic or inflammatory processes and isch-
emic stress. Moreover, MR contrast agents are increas-
ingly used to evaluate brain perfusion in clinical practice 
for a variety of applications, including tumor character-
ization, stroke, and dementia. The contrast-enhanced 
brain perfusion MR examination is based on a magnetic 
susceptibility contrast phenomenon that occurs owing to 
the T2 and T2* relaxation effects of rapidly intravenous 
bolus–injected contrast agents. 

The contrast agents in current use are the standard 
ECF Gd chelates (Table 2.6.1). These extracellular agents 
show no appreciable differences in their enhancement 
properties and biologic behavior (Akeson et al. 1995; 
Brugieres et al. 1994; Grossman et al. 2000; Oudkerk et 
al. 1995; Valk et al. 1993; Yuh et al. 1991). They equili-
brate rapidly between the intra- and extracellular spaces 
of soft tissues and enter central nervous system lesions 
only at sites of damaged blood–brain barrier. The stan-
dard dose for MR imaging of the central nervous system 
is 0.1 mmol/kg body weight; however, it has been shown 
that a higher dose of Gd chelate–based contrast agents 
may help reveal more subtle disease states of the blood–
brain barrier regardless whether caused by tumors or by 
inflammatory lesions (Bastianello et al. 1998; Haustein et 
al. 2003; Yuh et al. 1994). This raises the question, in how 
far Gd contrast agents with a higher concentration as for 
example gadobutrol or agents with a higher relaxivity as 
for example gadopentate dimeglumine help to increase 
the sensitivity and accuracy to detect lesions as compared 
to standard Gd chelates. 

For gadobutrol, no comparative studies to standard 
Gd chelates exist up to now; however, based on smaller 
cohorts it can be assumed that the higher amount of Gd, 
which can be achieved by the higher Gd concentration, is 
of value for lesion detection and characterization (Vogl 

et al. 1995). Moreover, based on animal experiments 
the amount of Gd in gliomas was higher after injection 
of gadobutrol in comparison to gadopentetate dimeglu-
mine although identical doses of Gd per kilogram body 
weight were injected for both contrast agents (Le Duc et 
al. 2004).

Gadopentate dimeglumine proved significantly supe-
rior tumor enhancement of intraaxial enhancing primary 
and secondary brain tumors at a dosage of 0.1 mmol/kg 
body weight as compared with the same dosage of gado-
pentetate dimeglumine (Knopp et al. 2004). Similar re-
sults were also obtained in comparison of gadopentate 
dimeglumine with other contrast agents as well as in 
special populations as for example in pediatric patients 
(Colismo et al. 2001, 2004, 2005). The increased contrast 
enhancement resulted also in an increased number of de-
tected brain metastases.

Dynamic susceptibility-weighted (DSC) contrast 
agent-enhanced MR imaging is increasingly used for 
the assessment of cerebral perfusion in many differ-
ent clinical settings, such as ischemic stroke (Parsons et 
al. 2001), neurovascular diseases (Doerfler et al. 2001), 
brain tumors (Essig et al. 2004), and neurodegenerative 
disorders (Bozzao et al. 2001). Unlike MR angiography, 
which depicts the blood flow within larger vessels, perfu-
sion-weighted MR techniques are sensitive to perfusion 
on the level of the capillaries. The technique is based on 
the intravenous injection of a T2*-relaxing contrast agent 
and subsequent bolus tracking using a fast susceptibil-
ity-weighted imaging sequence. After converting voxel 
signal into concentration values, parametric maps of 
regional cerebral blood volume (rCBV) and blood flow 
(rCBF) can be calculated by unfolding tissue concentra-
tion curves and the concentration curve of the feeding 
artery. The contrast agents used for dynamic susceptibil-
ity-weighted MR perfusion are usually standard Gd che-
lates; however, the dosages of Gd per kilogram of body 
weight as well as the value of higher concentrated agents 
have been widely discussed. During the first pass of the 
Gd chelate, the high intravascular concentration of Gd 
causes the T2* effects, which can be measured by rapid 
imaging techniques. The length and the peak concentra-
tion of the bolus seem to have influence on the resulting 
measured signal with a highly concentrated small bolus 
of contrast agent being advantageous for MR brain per-
fusion imaging (Essig et al. 2002; Heiland et al. 2001). 
In between the standard Gd chelates, no notably differ-
ent behavior of the available agents has been published 
up to now. The recommended dose for DSC perfusion 
MRI is in the range of 0.15–0.30 mmol/kg body weight, 
with most authors preferring a value of 0.2, because the 
volume of the bolus gets too high when higher dosages 
are applied (Bruening et al. 2000). Therefore, the use of 
higher concentrated contrast agents or agents with higher 
relaxivity are also interesting for cerebral perfusion MRI. 
Again, studies were able to demonstrate the value of the 
1 M gabobutrol and gadopentate dimeglumine. Tombach 
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et al. (2003) showed that 1 M gadobutrol resulted in a sig-
nificantly improved quality of the perfusion examination 
in comparison to 0.5 M gadobutrol at the same dosage 
of 0.3 mmol/kg body weight. The results were explained 
by the sharper, more concentrated bolus, which could be 
achieved due to the smaller injection volume. Essig et al. 
directly compared 1 M gadobutrol and 0.5 M gadopentate 
dimeglumine at 1.5 T with a similar dosage of 0.1 mmol/
kg body weight and found no significant differences be-
tween the two agents (Essig 2006). The benefit of a double 
dose of 0.2 mmol was observed only as a trend; however, 
it was not considered to be of clinical relevance. Simi-
lar results in a comparison between the two agents were 
recently obtained also on a 3-T system (Thilmann et al. 
2005). For both agents sufficient high-quality perfusion 
examinations can be achieved with an acceptable injec-
tion volume, which is helpful for their clinical application 
in daily practice and can be considered superior to stan-
dard Gd chelates (Essig et al. 2004; Thiman et al. 2005; 
Tombach et al. 2003).

In a limited number of proof-of-concept studies, 
USPIO were also used in neuroimaging (Corot et al. 
2004; Manniger et al. 2005). The long blood-circulating 
time and the progressive macrophage uptake in inflam-
matory tissues of USPIOs are two properties of major im-
portance for pathologic tissue characterization. 

In the human carotid artery USPIO, accumulation 
in activated macrophages induced a focal drop in sig-
nal intensity compared with unenhanced MRI. The 
USPIO signal alterations observed in ischemic areas of 
stroke patients is probably related to the visualization 
of inflammatory macrophage recruitment into human 
brain infarction, since animal experiments in such mod-
els demonstrated the internalization of USPIO into the 
macrophages localized in these areas. In brain tumors, 
USPIO particles that do not pass the ruptured blood–
brain barrier at early times post injection can be used to 
assess tumoral microvascular heterogeneity. Twenty-four 
hours after injection, when the cellular phase of USPIO 
takes place, the USPIO tumoral contrast enhancement 
was higher in high-grade than in low-grade tumors. Sev-
eral experimental studies and a pilot multiple sclerosis 
clinical trial in 10 patients have shown that USPIO con-
trast agents can reveal the presence of inflammatory le-
sions related to multiple sclerosis. The enhancement with 
USPIO does not completely overlap with the Gd-chelate 
enhancement.

�2.6.4.2 	 Contrast Agents in MR Angiography

During the last few years magnetic resonance angiogra-
phy (MRA) has been established as a non-invasive alter-
native to conventional X-ray angiography in the diagno-
sis of arteriosclerotic and other vascular diseases (Meany 
et al. 1997; Meany 1999). With the exception of imaging 

intracerebral vessels (Gibbs et al. 2005; Ozsarlak et al. 
2004), contrast-enhanced techniques have revealed su-
periority over non–contrast-enhanced techniques as the 
time-of-flight (TOF-MRA) or phase-contrast (PC MRA) 
technique (Sharafuddin et al. 2002). The main advantages 
over unenhanced techniques are the possibilities to ac-
quire larger volumes, allowing, e.g., demonstration of the 
carotid artery from its origin to the intracranial portion, 
shorter acquisition times, and reduced sensibility to flow 
artifacts.

Contrast-enhanced MR angiography can be per-
formed during the first-pass of a contrast agent, prefer-
ably in breath-hold technique, after rapid bolus injection 
or during steady-state conditions after injection of vascu-
lar specific blood-pool agents. 

Most experiences were reported for first-pass MRA 
after injection of ECF contrast agents. The demands on 
the agent are a high influence on the signal intensity on 
blood after injection and the possibility of fast and com-
pact bolus injection. The most commonly applied group 
of contrast agents are 0.5 molar ECF. 

In the last years, two novel ECF agents with innovative 
properties were used for MRA. The first one, the 0.5 M 
contrast agent gadopentate dimeglumine offers a higher 
T1 relaxivity. In studies in which gadopentate dimeglu-
mine is compared at equal dose with other Gd-based 
MR contrast agents without relevant protein binding 
in plasma, gadopentate dimeglumine has consistently 
shown significantly better quantitative and qualitative 
performance (Goyen and Debatin 2003). Even at lower 
doses compared with gadopentetate dimeglumine in-
jected at a dose of 0.2 mmol/kg body weight, the greater 
relaxivity of gadopentate dimeglumine provides higher 
intravascular signal and signal-to-noise ratio (Pediconi et 
al. 2003). Thus, gadopentate dimeglumine can be consid-
ered to have a very favorable risk–benefit ratio for MRA.

The second one, gadobutrol is available in 1 M con-
centration. In combination with a higher relaxivity com-
pared to other ECF agents, the agent has revealed in 
quantitative evaluations a significant increase in signal-
to-noise and contrast-to-noise ratios in comparison to 
gadopentetate dimeglumine in pelvic MRA and in whole 
body MRA (Goyen et al. 2001, 2003). Better delineation 
of arterial morphology was reported especially for small 
vessels, but no statistically significant difference in image 
quality could be seen. Two different options for injection 
have been described: reduction of the injection rate by 
50% compared to injection protocols using 0.5 M ECF 
(equimolar dosing) or reduction of the injection time by 
50%. The equimolar dosing mainly exploits the higher re-
laxivity potential of gadobutrol. In this case, the injection 
duration is identical to a corresponding protocol using a 
0.5M contrast agent a similar bolus geometry, and contrast 
delivery in the ROI is obtained (e.g., in a 70-kg-weighing 
patient 7 ml of gadobutrol are injected at 1 ml/s com-
pared with 14 ml of gadopentetate dimeglumine injected 
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Fig. 2.6.1  Whole-body MRA of a healthy volunteer after bolus 
injection of gadofosveset (0.025 mmol/kg body weight). First-
pass and steady-state acquisition acquired immediately (a) and 
10 min (b) after injection of the contrast agent. T1-weighted 
3D gradient recalled echo sequence (TR/TE/α 3.1/1.1/25, spatial 

resolution 1.6 × 1 × 1.5 mm). First-pass imaging depicts exclu-
sively the arteries. Steady-state imaging shows an enhancement 
of both arteries and veins. Due to the higher concentration of 
the contrast agent during first-pass imaging the absolute level of 
enhancement is higher (a)

at 2 ml/s). Hence, well-known protocols can be adopted 
with good results. The second option keeps the injection 
speed unchanged in comparison to the 0.5 M agent pro-
tocol, resulting in shortening of the initial bolus duration 
by a factor of two (Fink et al. 2004). The philosophy is 
to use a very compact, high-relaxivity bolus and to fully 
exploit the potential of 1 M gadobutrol. This approach is 
particularly recommended in conjunction with very fast 
acquisition techniques, e.g., time-resolved (often referred 
to as 4D) MRA. Although the effective bolus geometry in 
the respective ROI is broadened, dependent on individual 
physiology and mainly influenced by the lung passage, 
this approach requires higher demands on precise bolus 
timing and is recommended to users with advanced MRA 
experience and ultrafast imaging equipment. 

In addition, a further approach was reported by re-
ducing the amount of contrast agent by a factor of two 
in abdominal MRA (Vosshenrich et al. 2003). The injec-
tion speed was kept constant in comparison to a 0.5 M 
agent protocol, resulting in very short total bolus dura-
tion. Vosshenrich et al. used an amount of 0.1 mmol/kg 
body weight. They compared the examinations qualita-
tively and quantitatively to exams acquired after injec-
tion of gadopentetate dimeglumine (0.2 mmol/kg), and 
concluded that for MRA of the hepatic arteries and the 
portal veins, gadobutrol can be used at half the dosage as 
recommended for a standard 0.5 M contrast agent.

The concept of contrast-enhanced MRA based on 
ECF agents has some limitations. The primary problem 
is the rapid extravasation of the contrast agents limiting 
acquisition time and therefore spatial resolution as well 
as contrast-to-noise-ratio. To improve spatial resolution 
it is necessary to prolong imaging time. Intravascular 
contrast agents are able to overcome the restrictions of 

spatial resolution. The longer acquisition period can be 
used to decrease voxel size, to repeat measurements, or 
to trigger acquisitions by ECG and/or respiratory gat-
ing. The second limitation of currently used MRA is the 
quantification of artery stenoses, which still seems to be 
inferior to invasive catheter angiography. The cause is 
the inferior spatial resolution in MRA using ECF agents, 
with which the increase of spatial resolution is limited 
by the acquisition time during first-pass (arterial phase). 
With intravascular contrast agents, a longer data acquisi-
tion during the distribution phase is possible. The spatial 
resolution can be increased on a similar level compared 
with catheter angiography and, therefore, the accuracy of 
stenosis quantification is significantly increased.

Optimally, a blood-pool agent permits a long acquisi-
tion window including first-pass MRA as well as the pos-
sibility of separate imaging of arteries and veins by tim-
ing the injection and data acquisition. Gadofosveset, the 
first MR blood-pool agent approved for clinical use, per-
mits both a high-resolution approach with a long acqui-
sition windows and first-pass contrast-enhanced MRA 
(Fig. 2.6.1). The approval was based on the data of clini-
cal trials in all different types of arterial vessels including 
high-flow vessels with large diameter (e.g., the pelvic ar-
teries), low-flow vessels (e.g., foot arteries), and high-flow 
vessels with a small diameter (e.g., the renal arteries). 

�2.6.4.3 	 Contrast Agents for Soft-Tissue Lesions

ECF contrast agents are widely used in MR imaging of 
soft-tissue lesions. The enhancement in either inflamma-
tory or neoplastic lesions makes their use inevitable for 
the detection and characterization of soft tissue lesions. 

2.6  Contrast Agents
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Relevant anatomical sites that in the daily clinical prac-
tice are subject to MR imaging are the female breast and 
the soft tissue related to the musculoskeletal system.

For the female breast, MR imaging with extracellular 
contrast agents (MR mammography) is nowadays widely 
used for the detection and for the characterization of un-
clear breast tumors Morris et al. 2002). The histopatho-
logical basis of the different enhancement patterns in 
breast masses is not yet fully understood; however, it is 
well known that angiogenesis with the formation of new 
vessels, is an important aspect (Knopp et al. 1999). The 
amount of angiogenesis and contrast agent extravasation 
is considered different for several benign and malignant 
lesions; however, the visible phenomenon of different en-
hancement is usually too small to be analyzed only visu-
ally. The discrete changes of contrast-agent enhancement 
are usually evaluated by using a semiquantitative evalu-
ation with region-of-interest measurements at differ-
ent time-points (Kuhl et al. 2005). The thereby achieved 
enhancement kinetics, as represented by the time–sig-
nal intensity curves, differ significantly for benign and 
malignant enhancing lesions, and are used as an aid in 
differential diagnosis. Usually four to six measurements 
with an interval of 1–2 min are applied in the daily clini-
cal practice (Kuhl et al. 1999; Pediconi et al. 2005). A re-
cently published study showed that the temporal resolu-
tion for the assessment of time–signal intensity curves is 
not as critical as the spatial resolution; therefore, the rec-
ommendations for the dynamic postcontrast MR imag-
ing tend toward a 2-min interval with a high spatial reso-
lution (e.g., full 512 imaging matrix) (Kuhl et al. 2005). A 
more detailed evaluation of perfusion parameters needs, 
however, a very high temporal resolution in a range of 
3–5 s. First results for the differentiation of unclear breast 
tumors in an investigational setting are very promising; 
however, due to the high temporal resolution only single 
slices can be measured, which is not feasible for daily 
practice (Brix et al. 2004). Usually standard Gd chelates at 
a dose of 0.1 mmol/ kg body weight are used for contrast-
enhanced MR mammography. First results indicate that 
the use of the high-relaxivity MR contrast agent gado-
pentate dimeglumine in the same dosage can achieve a 
superior detection and identification of malignant breast 
lesions at MR imaging as compared with gadopentetate 
dimeglumine. However, up to now gadopentate dimeglu-
mine is not officially approved for this indication. 

There are also first approaches to perform MR mam-
mography with blood-pool contrast agents. A major limi-
tation of ECF is that they extravasate nonselectively from 
the vasculature into the interstitium of both normal and 
pathological tissues in the breast. It is hypothesized that 
the degree of microvascular endothelial disruption inher-
ent to cancer vessels with the resulting extravasation of 
macromolecular contrast agents may predict tumor ag-
gressiveness and tumor grade more accurately that with 
standard Gd chelates (Daldrup-Link and Brasch 2003; 

Daldrup-Link et al. 2003). First results with USPIO have 
shown an improved characterization of unclear breast 
tumors at the expense of tumor enhancement, which is 
important for tumor detection. An interesting approach 
is also the use of small molecular Gd chelates, which bind 
reversibly to plasma proteins as for example gadofosveset. 
This might allow for a sensitivity and specificity due to 
the presence of small and large molecules (Daldrup-Link 
et al. 2003). The assessment of microvascular changes in 
experimental breast tumors seem not to be reliably de-
picted with theses agents in contrast to the macromolec-
ular albumin-Gd-(DTPA)30 (Daldrup-Link et al. 2003; 
Turetscheck et al. 2001). However, clinical experience on 
breast tumors does not exist now. Although potential di-
agnostic applications have been investigated with various 
sized albumin-Gd-DTPA, this contrast agent is consid-
ered a poor candidate for development as a clinical drug 
due to slow and incomplete elimination and a potentially 
immunologic toxicity (Daldrup-Link and Brasch 2003).

For soft-tissue or bone lesions in the musculoskeletal 
system, the application of extracellular Gd-contrast agents 
has become a clinical standard for characterization, stag-
ing of the local extent, biopsy planning, and the therapy 
monitoring (Verstraete and Lang 2000). The basic prin-
ciple of contrast-enhanced imaging is as described above 
the distribution of the Gd chelates in the intravascular 
space, showing enhancement in tumors with dense vas-
cularity and neoangiogenesis as well as distribution into 
the extracellular space. For these clinical standard appli-
cations, there seem to be no relevant differences in the di-
agnostic performance between the different extracellular 
Gd chelates, similar to neuroimaging. 

The role of Gd-enhanced MRI for exact tissue char-
acterization is still very limited. A differential diagno-
sis in between different sarcomas, nerve sheath tumors, 
or other mesenchymal tumors is not possible based on 
the contrast agent behavior up to know. The differentia-
tion between benign and malignant tumors is also often 
very limited, even with tools like dynamic time-resolved 
contrast-enhanced MRI (Verstraete and Lange 2000). 
Nevertheless, surrogate parameters for angiogenesis like 
histological tumor-vessel density can be correlated with 
this method (van Dijke et al. 1996). One major limita-
tion is the extravasation of standard Gd chelates through 
the intact endothelium so that pathological extravasa-
tion in tumor vessels disrupted endothelium cannot be 
separated from the physiological distribution. Therefore, 
the experimental studies mainly focus on contrast agents 
which show no or only minor physiological extravasa-
tion. Different studies—mainly in the animal-experimen-
tal stage—were able to show that characterization in be-
nign and malignant tumors, evaluation of angiogenesis, 
and even tumor grading is feasible with blood-pool con-
trast agents (Daldrup et al. 1998; Kobayashi et al. 2001; 
Preda et al. 2004a, b). There have been promising results 
with albumin-Gd-(DTPA); however, as mentioned above 
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this agent is unlikely to be available for diagnostic use in 
humans (Daldrup et al. 1998; Daldrup-Link and Brasch 
2003). Similar to breast tumors, USPIO have also been 
utilized for the evaluation of perfusion and for the char-
acterization of soft-tissue tumors in the past (Bentzen et 
al. 2005). 

�2.6.4.4 	 Hepatobiliary Imaging

The basic group of contrast agents for hepatobiliary 
imaging is the group of ECF Gd-based contrast agents. 
However, there are also tissue-specific contrast agents 
available, which allow for an increased detection and 
characterization of focal and diffuse liver disease.

Liver-specific contrast agents can be divided into two 
groups: On the one hand, there are iron-oxide particles 
(SPIO, or superparamagnetic particles of iron oxide), 
which are targeted to the reticuloendothelial system 
(RES) to the so-called Kupffer cells. These agents cause a 
signal decrease in T2/T2*-weighted sequences by inducing 
local inhomogeneities of the magnetic field. On the other 
hand, there is the group of hepatobiliary contrast agents, 
which are targeted directly to the hepatocyte and are ex-
creted via the bile. These agents cause signal increase in 
T1-weigthed sequences by shortening of the T1 relaxation 
time. In Europe there are five different liver specific con-
trast agents available on the market (Table 2.6.3).

The basic principle behind SPIO is the fact, that there 
are usually no Kupffer cells in malignant liver tumors, in 
contrast to the normal liver parenchyma and to solid be-
nign liver lesions. Therefore, in the liver specific phase, 
which starts for ferucarbotran after about ten min and for 
ferumoxide after about 30 min, high contrast is produced 
in between malignant liver lesions and normal liver pa-
renchyma. Due to the signal loss in normal liver paren-
chyma the malignant lesions are contrasted as hyperin-
tense lesions in T2*-weighted and T2-weighted sequences 
against the dark liver parenchyma. The first SPIO on 
the market in Europe has been ferumoxide (Endorem®, 
Guerbet, Aulnay Sous Bois, France). Since 2001 in most 

European countries and in Asia the bolus-injectable 
ferucarbotran (Resovist®, Bayer Schering Pharma AG, 
Berlin, Germany) is available. With regard to the basic 
principle of imaging there is no difference between the 
two agents; however, direct comparative studies have not 
been performed so far. The most striking advantage of 
ferucarbotran is the better workflow due to the possibil-
ity to inject ferucarbotran as a bolus. Bolus-applicability 
is possible for ferucarbotran due to the different particle 
sizes and the coating of the particles; this is also respon-
sible for the fewer rate of side effects (especially fewer 
events of severe back pain), which are encountered with 
ferucarbotran.

In earlier clinical trials the effects of SPIO particles 
were evaluated almost exclusively on T2-weighted FSE 
and T2

*-weighted GRE sequences, whereas usually not 
much attention was paid to the T1-effects. However, the 
effect of SPIO particles on proton relaxation is not con-
fined to T2 and T2

*. They also influence T1 relaxivity with 
increased signal intensity on T1-weighted GRE sequences 
at low concentrations (Chambon et al. 1993). This gave 
raise to the hope, that with the bolus-injectable ferucar-
botran vascularity of focal liver lesions could be depicted; 
however, investigations have been shown, that the feru-
carbotran-enhanced early dynamic examination with 
T1-weighted sequences does not permit to evaluate lesion 
vascularity, since (with exception of the cotton-wool pad-
dling of hemangioma) the expected enhancement pattern 
cannot be seen with reliability (Zech et al. 2005). 

With regard to the T2 /T2* effects there might be dif-
ferences between both agents, which could be related to 
the different average particle size of both agents (approxi-
mately 150 nm for ferumoxide and 60 nm for ferucar-
botran). 

With help of SPIO-enhanced MR an accurate liver le-
sion detection can be achieved. There have been several 
studies comparing SPIO to CT during arterial portogra-
phy (CTAP), which has been considered as best practice 
and reference standard. These studies showed detection 
rates of more than 90% (Ba-Ssalamah et al. 2000; Vogl 
et al. 2003). In comparison to CTAP this detection rate 

Table 2.6.3  Liver-specific MR imaging contrast agents

Product name Generic Name Group Manufacturer

Endorem® 
FerridexTM

Ferumoxide SPIO/RES specific Guerbet, Aulnay Sous Bois, France
Berlex Laboratories, NY

Resovist® Ferucarbotran SPIO/RES specific Bayer Schering Pharma AG, Berlin, Germany

Teslascan® Mangafodipir trisodium Hepatobiliary GE Healthcare Biosciences, Buck-
inghamshire, UK

MultiHance® Gadopentate dimeglumine Hepatobiliary Bracco Imaging, Milano, Italy

Primovist® Gadoxetic acid Hepatobiliary Bayer Schering Pharma AG, Berlin, Germany

2.6  Contrast Agents
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was comparable; moreover, SPIO-enhanced MR is more 
specific than CTAP, in which false positive lesions are en-
countered frequently. The above cited references investi-
gated SPIO-enhance MR in a mixed collective of patients; 
publications focusing on the cirrhotic liver showed, that 
in these patients the combination of SPIO and extracel-
lular Gd-contrast agents have to be considered as the 
gold-standard for lesion detection (Ward et al. 2000). 
With regard to lesion characterization SPIO particles can 
be of help for the differential diagnosis of focal liver le-
sions based on the cellular composition and function of 
the different lesions (or rather based on different Kuppfer 
cell density and function). When the same MR sequence 
is acquired pre-contrast and after a definite time interval, 
then the signal loss in normal liver parenchyma and in 
different focal liver lesions can be quantitatively evalu-
ated. This is helpful for the differentiation of benign and 
malignant lesions; when a threshold of 25% signal loss 
is chosen, than lesions with less signal loss are of a ma-
lignant nature with over 90% sensitivity and specificity 
(Namkung and Zech et al. 2007). However, the sequence 
must have the same parameters (including the same ac-
celeration in case parallel imaging is used), since applica-
tion of parallel imaging makes systematic changes in the 
spread of image-noise (Zech et al. 2004). 

The second important group is the group of hepato-
biliary contrast agents. The basic principle behind this 
group of contrast agents is the specific uptake directly 
into the hepatocyte. Since the agents all shorten the T1 
relaxation times, they cause a signal increase in normal 
liver parenchyma and in solid benign lesions, whereas in 
malignant lesions like metastases no specific uptake can 
be seen. These lesions contrast as hypointense lesions 
against the bright liver parenchyma. Approved agents in 
Europe are the manganese-based agent mangafodipir tri-
sodium (Teslascan®, GE Healthcare), and the Gd-based 
agents gadopentate dimeglumine and gadoxetic acid 
(Primovist®, Bayer Schering Pharma).

Mangafodipir has the drawback that it must not be ad-
ministered as a bolus, but only as a short infusion; there-
fore, dynamic studies are not possible with mangafodipir. 
However, the liver specificity is high and the high uptake 
in normal liver parenchyma enables imaging of, e.g., 
metastases with high contrast to the surrounding liver 
parenchyma. Gadopentate dimeglumine and gadoxetic 
acid are injectable as boluses. With both contrast agents, 
a valid early dynamic examination is feasible, allowing 
differentiation of lesions with regard to their hyper- or 
hypovascularity (Huppertz et al. 2005; Petersein et al. 
2000b). Due to the lower liver specificity of gadopentate 
dimeglumine, the imaging time-point of the liver-specific 
phase starts about 40 min after injection; whereas gadox-
etic acid allows for imaging at 20 min after injection. This 
can be of value with regard to the workflow in the MR de-
partment. Similar to the situation at SPIO agents, direct 
comparative studies between the agents have not been 

published yet; therefore, the following remarks again hold 
true for all hepatobiliary contrast agents. However, with 
regard to lesion characterization, only gadoxetic acid has 
the official approval to be used for this indication.

All three hepatobiliary agents are approved for lesion 
detection. In comparison to SPIO agents, the potential ad-
vantage of hepatobilary agents is the fact that T1-weighted 
sequences usually can be performed with less acquisition 
time, less artifacts, and substantial higher spatial resolu-
tion. This holds true especially for T1-weighted 3D-GRE 
sequences derived from MR angiography sequences as, 
for example, VIBE, or volumetric interpolated breathhold 
examination (Siemens Medical Solutions, Erlangen, Ger-
many), or LAVA, for liver acquisition with volume accel-
eration (GE Healthcare). In how far these high-resolution 
sequences with a slice thickness of usually below 3 mm 
allow further increasing the detection of small (<1 cm) 
malignant lesions has to be investigated in the future. The 
present date for the hepatobiliary agents was acquired 
mostly with conventional 2D-GRE sequences and a slice 
thickness between 6 and 8 mm; however even in this set-
ting the detection of lesions <1 cm was improved in com-
parison to baseline MRI and spiral CT (Bartolozzi et al. 
2004; Gehl et al. 2001; Huppertz et al. 2004; Peterseing 
et al. 2000b). An earlier trial showed slight superiority of 
SPIO-enhanced MRI versus hepatobiliary MRI in detec-
tion of liver metastases; however, the potential advan-
taged of modern T1-weighted 3D GRE sequences were 
not available for this evaluation (Del Frate et al. 2002). A 
recent evaluation showed comparable detection rates be-
tween these two contrast agent groups (Kim et al. 2005).

For the diagnosis of solid benign liver lesions (as fo-
cal nodular hyperplasia [FNH] and hepatocellular ad-
enoma), the basis is still the extracellular contrast agent 
behavior with flush-like, mostly homogenous arterial 
hypervascularization and fast, but only faint washout, 
being in portovenous and equilibrium phase mostly 
slightly hyperintense (and not hypointense in contrast 
to the strong washout in malignant lesions). Contrast 
agents used for patients with suspected solid benign le-
sions must enable that this information can be acquired. 
Therefore, SPIO agents or mangafodipir alone are not 
sufficient for this indication; however, especially SPIO 
can contribute to the diagnosis of these lesions in com-
bination with extracellular contrast agents, which have 
to show the abovementioned enhancement pattern. With 
SPIO agents solid benign lesions typically show liver-spe-
cific uptake of the substance in the range of normal liver 
parenchyma, thereby allowing the differentiation from 
malignant lesions as for example hepatocellular carci-
noma (HCC). With regard to the differential diagnosis 
between FNH and adenoma, results in a limited number 
of patients indicated that the quantification of iron up-
take can be helpful for this issue, because in our cohort, 
adenoma showed stronger iron uptake in comparison to 
FNH, with only minimal overlap of the percentage sig-
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nal intensity loss (PSIL) measured in a T2-weighted FSE 
sequence with fat-sat (Namkung and Zech et al. 2007). 
With the hepatobiliary contrast agents gadopentate 
dimeglumine and gadoxetic acid, diagnosis of FNH and 
adenoma is also possible on the one hand based on the 
extracellular contrast phenomena, on the other based on 
the liver specific uptake of the agents into these lesions 
(Grazioli et al. 2001, 2005; Huppertz et al. 2005). There is 
also valid data indicating that the differentiation between 
FNH and adenoma is feasible with hepatobiliary contrast 
agents. Therefore, with the bolus-injectable agents of this 
class a time- and presumably cost-effective diagnosis can 
be achieved (Fig. 2.6.2). 

In patients with extrahepatic malignoma, confirma-
tion or ruling out of liver metastasis is often crucial for 
the therapeutic management. Moreover, the exact stag-
ing of metastatic disease of the liver is getting more 
and more important, since sophisticated, stage-adapted 
therapeutic regimens with different options from atypi-
cal liver resection over local ablative minimally invasive 

treatment (e.g., radiofrequency ablation) up to extended 
liver resection exist. Therefore, contrast agents used for 
this indication have to provide an excellent detection 
rate for focal liver lesions; however, the characterization 
of these lesions is also important, especially the differen-
tial diagnosis of small cystic metastases and small benign 
cysts or atypical hemangioma. After injection of extracel-
lular contrast agents, the vascularity can be differentiated 
in hypo- und hypervascular metastases. Hypovascular 
metastases appear as hypointense lesions in the portove-
nous phase, whereas hypervascular metastases appear as 
hyperintense lesions in the arterial-dominant phase. In 
contrast to the enhancement pattern of benign lesions, 
the nodular “cotton-wool”-like paddling in hemangioma 
or the homogeneous enhancement of FNH or adenoma 
metastases typically show a heterogeneous, ring-like en-
hancement with strong washout in the portovenous and 
equilibrium phase, resulting in first hyper-, and then 
hypointense lesions. However, in very small lesions the 
morphology of vascularization between the different en-

Fig. 2.6.2  MR images of a 27-year-old male patient with a for-
merly unclear liver lesion. The primary MR examination (upper 
row) with gadopentetate dimeglumine and ferucarbotran shows 
a lesion (arrow) with strong arterial enhancement in the Gd-en-
hanced T1-weighted 3D-GRE sequence (a) (TR, 5.02 ms; TE, 1.77 
ms; flip angle 15°) and ongoing washout in portovenous and 
equilibrium phase (not shown). The T2-weighted FSE sequence 
with fat-saturation 10 min after application of ferucarbotran (b) 
depicts the lesion as nearly liver isointense. The calculated per-
centage iron uptake compared to the pre-contrast T2-weighted 
sequence was about 40%, showing the benignity of the lesion. 
Based on these imaging features and the lobulated margins as 

well as the central scar, the diagnosis of a FNH was made. The 
follow-up study (lower row) was performed with gadoxetic acid 
after a single bolus injection. In the T1-weighted 3D-GRE se-
quence (same parameters as above) in the arterial phase (c), the 
same enhancement characteristics as the in prior study can be 
delineated. In the delayed T1-weighted 2D-GRE sequence (d), 
the presence of hepatocytes is proven due to the liver-specific 
enhancement. Note the excellent delineation of the central scar 
in the delayed images. In contrast to the upper row, the follow-
up study gave information about vascularity and tissue compo-
sition, with a single contrast agent injection only

2.6  Contrast Agents
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tities is getting more and more similar, so that the present 
or missing liver-specific uptake is an additional criterion 
for differentiation. Several publications have shown that 
detection of metastasis is feasible with the highest accu-
racy with help of liver-specific contrast agents, regardless 
if SPIO or hepatobiliary. According to the literature for 
detection of liver metastases, all liver-specific agents can 
be used with a very high diagnostic reliability and superi-
ority to merely extracellular MRI or spiral CT (Bartolozzi 
et al. 2004; Ba-Ssalamah et al. 2000; Del Frate et al. 2002; 
Gehl et al. 2001; Huppertz et al. 2004; Kim et al. 2005; 
Petersein et al. 2000b; Vogl et al. 2003).

A difficult situation is liver imaging in cirrhotic liver. 
It is known that extracellular agents are helpful for detec-
tion and characterization of HCC nodules, the sensitiv-
ity is with T1-weighted 3D-GRE sequences 76 and 75% 
specificity (Burrel et al. 2003). Moreover, for diagnosis 
a HCC according to the accepted guidelines, hypervas-
cularity has to be demonstrated. Therefore, a valid early 
dynamic phase is a mandatory part for imaging in the 
cirrhotic liver. Because regenerative nodules, which can 
be found frequently in the cirrhotic liver, also can show 
hypervascularity differentiation between these nodules 
and HCC nodules, it is a crucial issue for the manage-
ment of patients suffering from liver cirrhosis. This is the 
reason that liver-specific contrast agents play an impor-
tant role for imaging of the cirrhotic liver. 

It has been demonstrated that HCC shows no relevant 
uptake of SPIO particles in contrast to benign regenera-
tive nodules (Bhartia et al. 2003; Imai et al. 2000; Ward 
et al. 2000; Namkung and Zech et al. 2007). Since in the 
cirrhotic liver fibrotic areas are present frequently, SPIO 
alone are not sufficient to evaluate the cirrhotic liver. A 
reasonable approach for the diagnosis of HCC based on 
imaging alone is the correlation of hypervascularity and 
missing or at least decreased iron uptake (Bhartia et al. 
2003; Ward et al. 2000). However, there is also an indefi-
nite area of overlapping phenomena between dysplastic 
nodules and well-differentiated HCC, which is the reason 
for false negative findings—meaning well-differentiated 
HCC with substantial iron uptake (Imai et al. 2000). With 
regard to lesion detection, the availability of high-resolu-
tion MR sequences gives advantages for Gd-enhanced ar-
terial-phase imaging alone (Kwak et al. 2004) or in com-
bination with SPIO as double contrast (Ward et al. 2000). 

Imaging with hepatobiliary contrast agents is consid-
ered as inferior in comparison to SPIO agents in the cir-
rhotic liver, mainly due to substantial overlapping in the 
liver-specific uptake between well-differentiated HCC 
and regenerative nodules.

�2.6.4.5 	 Lymph Node Imaging

The assessment of lymph node affections by extranodal 
tissue, i.e., lymph node metastasis, is currently based on 

morphologic parameters including, lymph node size, 
shape, irregular border, and signal intensity inhomoge-
neities (Brown et al. 2003; Zerhouni et al. 1996). For all 
parameters, no clear cut-off values or cut-off character-
istics can be defined. The definition of a cut-off value in 
individual studies is the result of finding a compromise 
between sensitivity and specificity (e.g., larger values 
around 10 mm give a high specificity but low sensitivity, 
whereas the reverse of low specificity and high sensitivity 
is observed when smaller diameter <10 mm are defined). 
The use of unspecific Gd-based extracellular contrast 
agents has not revealed to overcome this limitation.

Lymphotropic MR contrast agents were, therefore, 
developed to increase the diagnostic accuracy of positive 
lymph node involvement. Currently, none of these agents 
is approved for clinical use, and the experience with dif-
ferent formulations is limited to clinical studies. The most 
frequently used agents are USPIOs. They are adminis-
tered intravenously and, as a result of their small diameter 
and their electrical neutrality, pass the first lymphatic bar
riers, i.e., the liver and the spleen. In the lymphatic nodes, 
they are phagocytosed by local macrophages. In healthy 
lymphatic tissue, the local concentration of iron oxides 
is resulting in a significant decrease of T2 and T2* relax-
ation, resulting in a marked decrease of signal in T2- and 
T2*-weighted sequences. In contrast, metastatic tissue re-
placing the lymphatic tissue shows no relevant uptake of 
USPIO, and no relevant change in signal intensity can be 
observed. Gradient-recalled echo T2-weighted sequences 
are considered the most accurate to detect the signal loss 
in nonmetastatic nodes. The application of USPIOs offers 
not only the possibility to differentiate between tumor-
free, reactive (Koh et al. 2004) and tumor-positive lymph 
nodes, but enables to depict micrometastasis in case se-
quences when high spatial resolutions are used (Haris-
inghani et al. 2003).

One representative of the group of lymph node–spe-
cific USPIO, ferumoxtran-10 (Sinerem® Guerbet, Paris, 
France) is infused after dilution. The recommended dose 
is 2.6 mg Fe/kg body weight. The optimal time-point for 
postcontrast imaging is 24–36 h after application. Dur-
ing their clinical development, USPIOs have shown to be 
effective in staging lymph nodes of patients with various 
primary malignancies (Deserno et al. 2004; Jager et al. 
1996; Michel et al. 2002; Nguyen et al. 1999). The usual 
way for diagnosis is to perform an initial precontrast 
scan and to compare the images with postcontrast im-
ages acquired 24–36 h after infusion of USPIOs for signal 
changes between both time-points. The type, onset, and 
intensity of adverse events after application of ferumox-
tran-10 was evaluated in phase III studies and seems to 
be similar to those related to infusion of ferumoxides 
(Anzai et al. 2003).

In patients with esophageal or gastric cancer, USPIOs 
revealed a sensitivity of 100% and specificity between 
92.6 and 95.4% (diagnostic accuracy between 94.8 and 
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96.2%) for diagnosis of metastatic nodes (Nishimura et 
al. 2006; Tatsumi et al. 2006). In patients with carcinomas 
of the upper aerodigestive tract, application of ferumox-
tran-10 has shown to increase the sensitivity from 64 to 
94% while maintaining a specificity of 78.9%, compared 
with precontrast imaging (Curvo-Semedo et al. 2006). In 
patients with rectum cancer, USPIOs have shown well-
predictable signal characteristics in normal and reactive 
lymph nodes, and were able to differentiate the latter 
from malignant lymph nodes (Koh et al. 2004). 

Dissimilarly, Keller et al. studied females with uterine 
carcinoma and were able to show high specificity, but a 
low sensitivity for metastatic lymph nodes; mainly mi-
cro-metastases around 5 mm diameter were missed. A 
possible way to further improve the diagnostic accuracy 
for detection of small positive lymph nodes could be the 
use of 3-T high magnetic field strength scanner resulting 
in a lower spatial resolution (Heesakkers et al. 2006).

Different results were published concerning the neces-
sity of both pre- and postcontrast images. Whereas the 
majority of clinical publications using USPIO for lymph 
node imaging used both pre-and postcontrast images 
and Stets et al. (2002) were able to statistically prove the 
advantage of pre- and postcontrast studies, Harisinghani 
et al. (2003) were showed that on ferumoxtran-10–en-
hanced MR lymphangiography, contrast-enhanced im-
ages alone may be sufficient for lymph node characteriza-
tion. However, a certain level of interpretation experience 
seems to be required before contrast-enhanced images 
can be used alone. 

Both USPIOs (Rogers et al. 1998) and SPIOs (Maza et 
al. 2006) can alternatively be administered with subcu-
taneous or submucosal injection. This application route 
is able to identify sentinel lymph nodes and lymphatic 
drainage patterns (Fig. 2.6.3). 

Additionally, high diagnostic accuracy of interstitial 
MR lymphography using blood-pool Gd-based agents 
has been described (Herborn et al. 2002, 2003).Using dif-
ferent macromolecular agents or Gd-based agents with 
high protein binding in animal models, Herborn et al. 
were able to show that the differentiation of tumor-bear-
ing lymph nodes from reactive inflammatory and nor-
mal nodes based on a contrast uptake pattern assessed 
qualitatively as well as quantitatively is possible. In dif-
ference to the intravenous administration, subcutaneous 
injection gives the possibility to acquire the MR images 
as early as some min after application. 

The use of Gd-based non-lymphotropic blood-pool 
agents induced a relatively short and inhomogeneous 
lymph node enhancement (Misselwitz et al. 2004). With 
the aim to become more specific, a new generation of 
lymphotropic T1 contrast agents was developed and 
tested in animal models after subcutaneous injection. 
These perfluorinated Gd chelates were able to visualize 
fine lymphatic vasculature, even the thoracic duct in ani-
mal models (Staatz et al. 2001). 

�2.6.4.6 	 Gastrointestinal Imaging

Bowel MR contrast agents are generally classified as either 
positive (bright lumen) or negative (dark lumen) agents. 
In addition to enteral contrast agents especially approved 
for MR imaging, several existing pharmaceutical agents, 
such as methyl cellulose, mannitol, and polyethylene gly-
col preparations, licensed for other enteric application 
than MRI, have also been exploited. 

Fig. 2.6.3  Lymphatic drainage of a mucosal melanoma in the 
left nasal cavity to a lymph node located in the left submandibu-
lar region. MR images (upper row) and SPECT images (lower 
row). a Concordant alignment of hot spots caused by the skin 
markers on the SPECT images with the vitamin E caps on the 
MR images (yellow arrows). b Accurate sentinel lymph node lo-
calization (blue arrow) after subcutaneous injection of ferucar-
botran (mg Fe/kg body weight). T2*-weighted 2D gradient–re-
called echo sequence TR /TE /a 997/15/90. Homogeneous signal 
intensity decrease in the depicted lymph node (arrow) indicates 
normal lymphatic tissue and, thereby, metastatic involvement 
can be ruled out (Maza et al. 2006)

2.6  Contrast Agents



2  Basics of Magnetic Resonance Imaging and Magnetic Resonance Spectroscopy106

The specific demands for enteral contrast media in-
clude:
•	 Opacification of intraluminal space for better delin-

eation of bowel structures and clear differentiation to 
extraintestinal structures

•	 Suppression of bowel signal in non-enteral indications 
(MRCP and MR urography)

•	 No interaction with enteral mucosa for clear delinea-
tion of bowel wall

•	 Distension of bowel for visualization of the entire wall 
and lumen

•	 High contrast between bowel lumen and bowel mu-
cosa

•	 Excellent safety profile and no contrast absorption 
trough the enteral mucosa

For enteral and rectal application a special formulation 
of gadopentetate dimeglumine was developed (Magnev-
ist enteral, Schering). The agent contains a total of 15 g 
mannitol/l to prevent the absorption of the fluid simulta-
neously introduced in the GI tract, thus allowing homo-
geneous filling, distension, and constant Gd concentra-
tion during the entire examination period. In the early 
development, an increase in diagnostic accuracy in ex-
aminations of the pancreas in the diagnostics of abdomi-
nal lymphoma and in pelvic MR imaging was shown 
(Claussen et al. 1988). 

Negative agents provide desirable contrast to those 
pathologic processes that are signal intense. They have 
been shown to improve the quality of images obtained 
by techniques such as MR cholangiopancreaticography 
(MRCP) and MR urography by eliminating unwanted 
signal from fluid-containing adjacent bowel loops, thus 
allowing better visualization of the pancreatic/biliary 
ducts and the urinary tract. An alternative to oral SPIOs 
was described by using ordinary pineapple juice. It was 
demonstrated that pineapple juice decreased T2 signal in-
tensity on a standard MRCP sequence to a similar degree 
than a commercially available negative contrast agent 
(ferumoxsil) (Riordan et al. 2004).

Oral SPIO preparations usually contain larger par-
ticles than injectable agents do. In Europe, two SPIO 
preparations with the INN code ferumoxsil are approved 
for oral use: Lumirem (Laboratoires Guerbet, France) 
with a particle size of 300 nm, and (oral magnetic par-
ticles) Abdoscan (GE Healthcare) with a particle size of 
350 nm. They are coated with a non-biodegradable and 
insoluble matrix (siloxane for Lumirem and polystyrene 
for Abdoscan), and suspended in viscosity-increasing 
agents (usually based on ordinary food additives, such 
as starch and cellulose). These preparations can prevent 
the ingested iron from being absorbed, particles from ag-
gregating, and improve homogeneous contrast distribu-
tion throughout the bowel. If SPIO particle aggregating 
occurs, magnetic susceptibility artifact may result, espe-
cially when high magnetic field strength and gradient-
echo pulse sequence are used (Wang et al. 2001). 

Lumirem is composed of crystals of approximately 10 
nm; the hydrodynamic diameter is approximately 300 nm 
(Debatin and Patak 1999). The recommended concentra-
tion is 1.5–3.9 mmol Fe/l.

Oral SPIO are administered over 30–60 min, with a 
volume of 900 ml for contrast enhancement of the whole 
abdomen, and 400 ml for imaging of the upper abdomen. 
Oral SPIO suspensions are well tolerated by the patients 
(Haldemann et al. 1995); the iron is not absorbed and the 
intestinal mucosal membrane is not irritated.

Combination of Gd-enhanced T1-weighted sequences 
and T2-weighted sequences after oral contrast with SPIO 
has revealed highest accuracy in the evaluation of Crohn’s 
disease (Maccioni et al. 2006). Furthermore, it has been 
shown that MRI with negative superparamagnetic oral 
contrast is comparable to endoscopy in the assessment 
of ulcerative colitis. In difference to patients with Crohn’s 
disease, the double-contrast imaging does not provide 
more information than single oral contrast (De Ridder 
et al. 2001). In MRCP, negative oral contrast agents can 
be given before the examination to provide non-super-
imposed visualization of the bile and pancreatic ducts. 
There is no negative influence of the oral contrast agents 
on the diameter of the ducts (Petersein et al. 2000a).

�2.6.4.7 	 Cardiac Imaging

In cardiac MRI, contrast agents are obligatory for the as-
sessment of myocardial perfusion, for the evaluation of 
enhancement of cardiac masses, and for the evaluation 
of myocardial viability. In addition, contrast agents are 
frequently used when MR angiography of the coronary 
arteries is performed. 

�2.6.4.7.1 	  Myocardial Perfusion 

Myocardial perfusion imaging is a promising and rapidly 
increasing field in cardiac MR imaging. In comparison 
to radionuclide techniques, MR imaging has several ad-
vantages, including higher spatial resolution, no radiation 
exposure, and no attenuation problem related to anatomi-
cal limitations. The examination is performed after rapid 
intravenous administration (e.g., 3–5 ml/sec) of a contrast 
agent and evaluation of the first-pass transit of the agent 
through the myocardium. With the use of fast scan tech-
niques, perfusion imaging can be performed as a multislice 
technique, with imaging of three to five slice levels per 
heartbeat, possibly allowing coverage of the entire ventri-
cle. From a series of images, signal intensity–time curves 
are derived from regions of interest in the myocardial tis-
sue for generation of parametric images. The majority of 
data are published using ECF agents. In clinical practice, 
most investigators are using fast T1-weighted imaging and 
bolus injection of doses of 0.025 up to 0.05 mmol/kg body 
weight (Edelman 2004).
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For the evaluation, both quantitative and qualitative 
approaches can be used. In case of ECF agents, gener-
ally semiquantitative assessments are applied. To quan-
tify myocardial perfusion a calculation was published 
by Wilke et al. on the basis of first-pass data acquired 
after fast bolus injection of 0.025 mmol/kg body weight 
of ECF agents (Wilke et al. 1997). In practice, Gd con-
centrations between 0.2 and 1.2 mmol/l result in a linear 
progression of the MR signal compared with the concen-
tration of the agent itself. Above this dose, the maximal 
relative increase in signal intensity begins to saturate 
(Schwitter et al. 1997). When the evaluation is performed 
by visual evaluation, a higher dose of 0.1–0.2 mmol/kg 
should be preferred to reach better myocardial enhance-
ment and image quality. Good correlation between the 
perfusion reserve with MR imaging and the coronary 
flow reserve with Doppler ultrasonography could be 
proven. 

Blood-pool agents have the potential to be applied for 
quantitative measurements also because their volume of 
distribution is limited to the intravascular space. A re-
quirement for quantitative perfusion measurements is 
that the relation between the measured signal intensity 
on the MR images and the contrast agent concentration 
in the blood is known (Brasch 1991). There are two ma-
jor differences between first-pass curves obtained from 
blood-pool agents and extracellular contrast agents. 
First, blood-pool contrast agents reach a lower tissue 
signal because their volume of distribution is limited to 
the intravascular space (Wendland et al. 1997; Wilke et 
al. 1995). Second, there is a better return to baseline for 
blood-pool contrast agents. The wash-in kinetics and 
the signal intensity in the myocardial tissue depend on 
the concentration of the contrast agent, the coronary 
flow rate, diffusion of the contrast agent into the inter-
stitium, relative tissue volume fractions, bolus duration, 
and recirculation effects (Burstein et al. 1991). Abso-
lute quantification of myocardial perfusion has been 
performed in animal models using NC100150. A high 
absolute quantification correlation was found between 
MRI and contrast-enhanced ultrasound (Johansson et al. 
2002).

�2.6.4.7.2 	  Myocardial Viability

Delayed enhancement allows direct visualization of ne-
crotic or scarred tissue and is an easy and robust method 
to assess myocardial viability. By measuring the trans-
mural extent of late enhancement, a prognosis toward 
the degree of functional recovery of cardiac tissue may 
be possible. Although several studies have been aimed at 
describing the mechanisms of late enhancement, these 
could not be fully explained up to now. The extent of late 
enhancement possibly depends on the time-point after 
injection as well as the time-point after myocardial in-
farction. Relevant publications about delayed enhance-

ment are reporting data after the administration of 0.5 M 
ECF agents in a dose range of 0.1–0.2 mmol/kg.

ECF agents are probably more efficient in assessing 
the cellular integrity when they are distributed homog-
enously through damaged myocardium (Wendland et 
al. 1997), but homogenous distribution is not always the 
case, as in microvascular obstruction (Kroft and de Roos 
1995). Differences exist between the distribution patterns 
of extracellular and blood-pool agents, and hypo-en-
hanced cores may be observed earlier using blood-pool 
agents (Schwitter et al. 1997).

The sensitivity of blood-pool agents for myocardial 
infarction and, therefore, their potential value for the 
evaluation of myocardial viability, is unknown.

A different strategy to determine myocardial vi-
ability is the use of necrosis-specific MR contrast agents. 
Gadophrin-2 and -3 (Schering) have shown to possess a 
marked and specific affinity for necrotic tissue compo-
nents and showed persistent enhancement in necrotic 
tissue (40 min to 12 h in myocardial infarction). In pre-
clinical studies, the agent has not proven superiority in 
estimation of infarcts compared with ECF agents, and the 
further development of the agent was, therefore, not con-
tinued (Barkhausen et al. 2002).

�2.6.4.7.3 	  Coronary MRA

To depict coronary arteries in MRI, both unenhanced 
and contrast-enhanced techniques are used. A frequently 
performed contrast-enhanced examination strategy with 
acquisition of multiple 3D slaps in breath-hold depicting 
each coronary artery separately was primarily described 
by Wielopolski et al. (1998). For 3D coronary MR angi-
ography, however, the contrast between blood and myo-
cardium in relation to the inflow of unsaturated protons 
is reduced. Thus, the use of an intravascular contrast 
agent may be particularly convenient due to the T1 re-
laxation time reduction in blood. The application of ECF 
agents has proven to be most effective for breath‑hold 
acquisitions. However, the concentration of ECF agents 
declines rapidly as they extravasate into the interstitial 
space, thereby reducing the contrast between blood and 
myocardium. Newly developed strategies use high-reso-
lution free-breathing MR sequences for coronary MRA. 
In this situation, ECF agents are less beneficial due to the 
relatively long acquisition time of these free breathing 
3D sequences. This problem can be solved by the use of 
intravascular contrast agents. An additional benefit from 
application of a blood-pool agent is a longer acquisition 
window, which may be used to further increase both the 
signal-to-noise ratio and/or image resolution (Nassen-
stein et al. 2006). In an animal model use of the macro-
molecular Gd-based agent P792 with a free-breathing 
technique allowed more distal visualization of the coro-
nary arteries than did an ECF agent or non-enhanced 
MR images (Dirksen et al. 2003).

2.6  Contrast Agents
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�2.7 	  Flow Phenomena 
and MR Angiographic Techniques

M. Bock

�2.7.1 	  Introduction

“Blut ist ein ganz besonderer Saft.” 
[Blood is a very special juice.] 

J. W. Goethe (1749–1832), Faust

One of the strengths of MRI is the ability to visualize 
soft tissues with different image contrasts. Additionally, 
various two and three-dimensional MR imaging tech-
niques for morphologic and functional examinations 
exist. Among the functional techniques the visualization 
and measurement of blood flow is of particular interest, 
since nearly all physiologic processes rely on an adequate 
blood supply.

As with many other MR imaging techniques, the sen-
sitivity of MRI to blood flow was first observed in arti-
facts visible near larger blood vessels. To suppress these 
artifacts new imaging methods have been investigated. 
In a further refinement of these techniques the artifact 
(here: the blood flow) has been made the primary source 
of the imaging technique; thus, in search for new meth-
ods of flow artifact suppression the blood flow itself be-
came the contrast-generating element. 

The delineation of the vascular tree with MRI, MR an-
giography (MRA), is such a development: in T1-weighted 
3D gradient-echo data, it was observed that the blood 
vessel signal of the margin partitions was significantly 
higher than at the center of the image stack. Further-
more, signal voids were seen in regions of turbulent flow, 
and in blood vessels with pulsating flow, ghost images 
of the vessel were visible in phase encoding direction. 
In the following, the underlying physical phenomena of 
these artifacts will be discussed, as they form the basis for 
time-of-flight MRA, phase-contrast MRA, and MR flow 
measurements.

Since the pioneering work of Prince (1994), many 
MR angiographies are acquired using contrast-enhan
ced acquisition techniques. In contrast-enhanced MRA, 
the signal difference between the bright blood vessel and 
the dark surrounding tissue is induced by a reduction 
of the blood’s T1 relaxation time. Again, this technique 
has evolved from an unwanted vascular signal artifact in 
spin-echo images acquired after contrast agent injection 
into a major MR application. With the development of 
new contrast agents with a longer half-life in the vascular 
system, the so-called intravascular contrast agents, con-
trast-enhanced MRA has been developed even further. In 
this section, techniques for MRA with either intravascu-
lar or extracellular contrast agents will be presented.

�2.7.2 	  MR Properties of Blood

The visualization of the blood vessels with MRI relies 
particularly on the specific properties of blood. Blood 
consists nearly entirely of liquids, so that blood has a very 
high spin density and thus yields a strong MR signal. The 
T1 time of blood is long compared to that of other tis-
sues (e.g., 1 200 ms at 1.5 T) (Gomori et al. 1987), and 
it depends on its oxygenation state. Long T1 values are a 
disadvantage in T1-weighted acquisition strategies as the 
signal decreases with increasing T1. This disadvantage can 
be converted into an advantage if the blood signal needs 
to be suppressed (black-blood angiography) for visualiza-
tion of the vessel walls. Furthermore, using an inversion 
(or saturation) recovery technique, the prepared magne-
tization can be tracked for a longer time, as the prepara-
tion persists much longer than in other tissues; this is the 
basis of arterial spin labeling techniques.

Typical T2 values are of the order of 150–200 ms (at 
1.5 T). This T2 value is long enough to provide a high 
signal in the blood vessels using dedicated T2-weighted 
image acquisition strategies. With conventional T2-
weighted spin-echo techniques, MR angiographies are 
difficult to acquire since the motion of the blood needs to 
be compensated; nevertheless, T2-weighted MRA pulse 
sequences for imaging of the peripheral vasculature have 
been reported (Miyazaki et al. 2000). Another approach 
is the use of balanced SSFP pulse sequences, where the 
contrast is dependent on the ratio of T1/T2—these fast 
pulse sequences have found a widespread use in the visu-
alization of the cardiac system. 

In addition to the relaxation times, blood velocity is 
an important parameter. In healthy arterial vessels veloc-
ity values between 100 cm/s (e.g., in the aortic arch) and 
30 cm/s (e.g., in the intracranial vessels) are common, 
whereas much lower values are found in the venous vas-
culature. High blood flow velocities lead to a pronounced 
inflow of fresh, unsaturated magnetization into an imag-
ing slice, which increases the signal in the blood vessels—
this is the well-known time-of-flight contrast. Further-
more, the velocity in the arterial system is not constant 
but changes as a function of time in the cardiac cycle. 
This pulsatility can be exploited to separate arterial from 
venous vessels, if image data are acquired with cardiac 
synchronization. All of the presented MRA techniques 
rely on these properties of the blood; some exploit only 
one of them, whereas others use a combination of them 
to increase the vascular contrast even further.

�2.7.3 	  Time-of-Flight MRA

In any MR pulse sequence, the magnetization in a mea-
surement slice is exposed to a series of radio frequency 
(RF) pulses. If the magnetization does not move out of 
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the measurement slice (e.g., in static tissue) it approaches 
a so-called steady state which, for a spoiled gradient-echo 
pulse sequence, depends on the flip angle, the repetition 
time TR, and the relaxation times T1 and T2. The steady 
state magnetization is smaller than the magnetization at 
the beginning of the experiment—it is partially saturated. 
Fresh, unsaturated blood flowing into the imaging slice is 
carrying the full magnetization and thus generates a sig-
nificantly higher MR signal (Fig. 2.7.1); this is known as 
time-of-flight (TOF) contrast (Anderson and Lee 1993; 
Potchen et al. 1993).

A major disadvantage of TOF MRA is the sensitivity 
to blood signal saturation: the longer the inflowing blood 
remains in the measurement slice, the more its signal is 
saturated. In situations where the blood vessel is oriented 
over a long distance parallel to the imaging slice (or 3D 
slab), the inflowing magnetization is progressively satu-
rated. Thus, blood appears bright near the entry site but is 
seen less intense with increasing distance from this posi-
tion. To maintain the TOF contrast over the whole imag-
ing volume TOF MRA should therefore be performed as 
a 2D acquisition with thin slices or, if a 3D acquisition 
technique is preferred, in the arterial vasculature where 
high-flow velocities result in fewer saturation pulses for 
the arterial blood.

The inflow effect can be maximized if the measurement 
slice is oriented perpendicular to the blood vessel. This is 
often possible for the straight arterial vessels (e.g., the ca-
rotids in the head), but can be difficult for extended vas-
cular territories with tortuous vessels. In 3D acquisitions 
of larger vessel structures, the saturation effect can be 
partially compensated, if the flip angle is increased from 
the entry side of the slab to the exit side (Fig. 2.7.2). Thus, 
the saturation effect is less pronounced during entry, and 
the magnetization is still visible when it enters smaller 

vessels that are far away from the entry side. Often, an RF 
pulse with a linearly increasing flip angle is utilized (tilted 
optimized non-saturating excitation, or TONE [Nagele et 
al. 1995]). For an optimal vessel contrast the blood flow 
velocity, the repetition time, the mean flip angle, and the 
slope of the RF pulse profile are important parameters. 

In 2D TOF MRA, a very strong TOF contrast can be 
achieved, if the slice thickness D is chosen such that the 
magnetization flowing with a velocity v is completely re-
placed during one TR interval, i.e. D ≤ TR · v. At a typi-

Fig. 2.7.1  Transient longitudinal magne-
tization, which is subjected to a series of 
excitation pulses (30°) at a repetition time 
of 30 ms after entering the readout slice 
at t = 0 during TOF MRA. The longer the 
blood spins remain in the slice the more 
they are saturated, and a differentiation 
between blood and surrounding tissue 
becomes difficult

Fig. 2.7.2  3D TOF MRA data set of the intracranial vasculature 
in lateral (top) and axial (bottom) maximum intensity projec-
tion. To minimize saturation, a TONE RF pulse was used for 
excitation, and the signal from static brain tissue was addition-
ally suppressed using magnetization transfer pulses

�2.7  Flow Phenomena and MR Angiographic Techniques
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cal TR of 10 ms and a blood flow velocity of 40 cm/s, 
the slice thickness should thus not be larger than 4 mm. 
With these small slice thicknesses, the data acquisition in 
larger vascular territories such as the legs is very time-
consuming, and patient movements cannot be excluded 
during the several minutes of scan time. Patient move-
ments lead to artificial vessels shifts between the imaging 
slices, which are particularly observed in orthogonal data 
reformats—these artifacts can mimic pathologies such 
as stenoses and thus significantly reduce the diagnostic 
quality of the data sets (Fig. 2.7.3). 

3D TOF MRA is advantageous over sequential 2D 
TOF MRA because an isotropic spatial resolution in all 
directions can be achieved. To reduce the saturation ef-
fects in 3D TOF MRA not only one thick, but also several 
thinner 3D slabs are acquired consecutively. Thus, the 
saturation effects are smaller for the individual slabs and 
a stronger TOF contrast is seen. Unfortunately, the flip 
angle in fast 3D acquisitions is not constant over the slab, 
but is declining towards its margins. This inhomogeneous 
excitation results in a higher signal for the stationary tis-
sue at the slab margin, providing an inhomogeneous sig-
nal background in lateral views of the data. Combined 
with a higher TOF contrast at the entry side compared 
with the exit side, spatially varying signal intensity is seen 

in lateral views of the whole data set (venetian blind ar-
tifact). To reduce this artifact, overlapping 3D slabs are 
acquired (multiple overlapping thin slab acquisition, or 
MOTSA [Parker et al. 1991]), and the marginal slices 
of each slab are removed; however, this results in an in-
creased total scan time.

To increase the contrast between the blood vessels and 
the surrounding tissue in TOF MRA, often magnetiza-
tion transfer pulses are included in the pulse sequences 
(Edelman et al. 1992). Using off-resonant RF pulses, the 
magnetization transfer contrast (MTC) selectively satu-
rates those tissues where macromolecules are present. For 
brain tissue, these additional RF pulses can reduce the 
signal from background tissue by 40% and more, which 
increases the conspicuity especially of the smaller blood 
vessels. The use of magnetization transfer pulses however 
increases the minimally achievable TR and, thus, the total 
acquisition time. Additionally, through the integration 
of the MTC pulses more RF power is applied to the pa-
tient, so that the regulatory power limits for the specific 
absorption rate (SAR) might be exceeded, an effect that is 
more pronounced at higher field strengths. Nevertheless, 
MTC is often included in intracranial TOF MRA proto-
cols where longer TRs can be an advantage, as long TRs 
additionally reduce the saturation effect. 

The flow velocity in arteries is typically not constant 
but varies over the cardiac cycle. Thus, the TOF contrast 
is a function of time, so that for image acquisition times 
that are longer than one cardiac cycle, a signal variation 
during k-space sampling is present. This periodic signal 
variation results in phantom images of the blood vessels 
in phase encoding direction after image reconstruction: 
the so-called pulsation artifacts or ghost images (Haacke 
and Patrick 1986; Wood and Henkelman 1985). To avoid 
pulsation artifacts, the image acquisition can be synchro-
nized with the cardiac cycle using ECG triggering, which 
typically prolongs the total acquisition time, as only part 
of the measurement time is used for data acquisition. An-
other option to reduce pulsation artifacts is to saturate 
the inflowing blood in a slice upstream of the imaging 
slice. Therefore, a slice-selective RF excitation is applied 
in a (typically parallel) saturation slice, so that the mag-
netization of the inflowing blood is significantly reduced. 
Spatial presaturation avoids pulsation artifacts; however, 
the interior of the blood vessel now has a negative con-
trast, and the positive TOF contrast is gone. 

Another important ingredient of a TOF MRA pulse 
sequence is flow compensation (cf. paragraphs on flow 
measurements, below): The movement of the spins 
causes an additional velocity-dependent phase shift that 
is seen in TOF MRA data sets without flow compensa-
tion as a displacement. If multiple velocities are present 
as in turbulent flow, the different phases can cause signal 
cancellation (intra-voxel dephasing) that manifests, e.g., 
as a signal void behind a stenosis (Saloner et al. 1996). 
With special compensation gradients the velocity-depen-

Fig. 2.7.3  Motion artifacts in lateral views of multi-slice 2D 
TOF MRA data sets of the arterial vasculature in the neck. Due 
to swallowing, the blood vessel can move from one acquisition 
to the next, and the edges appear with discontinuities in the lat-
eral views of the maximum intensity projection
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dent phase shifts can be reduced; however, this typically 
prolongs the echo time TE. 

TOF MRA is susceptible to several artifacts and is 
strongly dependent on a sufficient inflow velocity of un
saturated blood. Therefore, 3D TOF MRA techniques are 
typically only used in the head, where the arterial flow ve-
locities are high and enough time is available for imaging. 
For abdominal studies, TOF techniques are of minor in-
terest, because long measurement times are not possible 
due to respiratory motion.

�2.7.4 	  Arterial Spin Labeling

In conventional TOF MRA, the difference in longitudi-
nal magnetization between the saturated stationary tis-
sue and the unsaturated inflowing blood is exploited to 
create a positive contrast between blood and tissue. With 
arterial spin-labeling techniques, a similar approach is 
taken to the visualization of the inflowing blood; how-
ever, here only a certain fraction of the inflowing blood is 
tagged (or labeled) and subsequently visualized, whereas 
in TOF MRA all inflowing material is detected (Detre et 
al. 1994).

Spin-labeling pulse sequences consist typically of a la-
beling section, during which an RF pulse is applied to the 
spins upstream of the imaging slice (Fig. 2.7.4). For label-
ing often adiabatic inversion pulses are used, which are 
less susceptible to motion during the inversion and that 
allow inverting the magnetization even in RF coils with 
a limited transmit homogeneity (e.g., a transmit/receive 
head coil). 

After an (often variable) inflow delay time TI, during 
which the labeled blood is flowing into the vascular tar-
get structure, the signal in the imaging slice is acquired. 
For signal reception different image-acquisition strate-
gies can be employed such as segmented spoiled gradi-
ent-echo (FLASH), fast spin-echo (RARE, HASTE), or 
even echo planar imaging (EPI). Note: This image data 
set contains both the signal from the labeled blood and 
the static background tissue.

In a second acquisition, the entire pulse sequence is 
repeated without labeling of the blood, and a second im-
age data set is acquired. To selectively visualize only the 
labeled blood the two data sets are subtracted; since the 
signal intensity of the blood differs in both acquisitions, 
a non-vanishing blood signal is seen, whereas the signal 
contribution from static tissue cancels. If the phase of the 
second image data set is shifted by 180° compared to the 
first, labeled data set, the images can be added (the minus 
sign is provided by the phase), and the technique is called 
signal targeting with alternating radiofrequencies (STAR) 
(Edelman et al. 1994). 

In clinical MRI systems, arterial spin labeling (ASL) 
is typically implemented with the described labeling 
pulses, which are applied only once per data readout; 

this approach is also termed pulsed arterial spin labeling 
(PASL). Another method for ASL uses a small transmit 
coil for the labeling pulse, which continuously applies an 
RF pulse to the arterial vessel, and thus achieves a much 
higher degree of inversion. Unfortunately, these continu-
ous ASL techniques often cannot be used in a clinical MR 
system due to the regulatory constraints for the maxi-
mum RF power applied to the patient (SAR limits).

ASL techniques are typically applied to study perfu-
sion in the brain and other organs, where the inflow de-
lay is chosen long enough for the labeled blood to have 
reached the capillary bed (Golay et al. 2004). Unfortu-
nately, the labeling in the blood does not persist for much 
longer than one T1 time (i.e., 1–2 s at 1.5 T), and the sig-
nal differences are generally very small (2–5% of the to-
tal signal), which makes perfusion measurement ASL a 
time-consuming procedure. 

Another application to ASL is the time-resolved vi-
sualization of blood flow, e.g., in intracranial malforma-
tions (Essig et al. 1996), where saturation effects limit the 
diagnostic quality of conventional 3D TOF MRAs. Here, 
dynamic ASL data sets are acquired at a series of inflow 
delays to visualize the transit of the labeled bolus through 
the nidus of the malformation, and, more importantly, 
the arrival of the blood in the draining venous vessels, 

Fig. 2.7.4  Concept of arterial spin labeling: magnetization is 
prepared (e.g., using a slice-selective inversion pulse) in a sec-
tion of the artery (red). After an inflow delay of several hundred 
milliseconds, the magnetization has reached the imaging slice 
(green), and an image is acquired. The procedure is repeated 
without preparation, and the two data sets are subtracted to re-
move the signal background from static tissue
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that cannot be seen on the TOF data sets (Fig. 2.7.5). 
In addition to a morphologic representation of these 
blood vessels, transit-time measurement of the blood 
becomes feasible, which could be used as an indicator, 
e.g., for an increase in vascular resistance after a radiation 
therapy. 

�2.7.5 	  Native-Blood Contrast

MR angiographies can also be acquired using the special 
contrast properties of blood. In balanced steady state free 
precession pulse sequences (bSSFP, trueFISP, FIESTA), an 
image contrast is created that depends on the ratio of the 
relaxation times T1 and T2 (Oppelt et al. 1986). For blood, 
this ratio is high, and thus the interior of the blood ves-
sels are shown with higher signal intensity than the sur-
rounding tissue. Unfortunately, other liquid-filled spaces 
such as the ventricles also appear with a bright signal, so 
that conventional MRA post-processing strategies such 
as the maximum intensity projection cannot be used to 
visualize the vascular tree (Fig. 2.7.6). 

Despite their short repetition times and balanced 
gradient schemes, these pulse sequences are susceptible 
to flow artifacts caused by intra-voxel dephasing, which 
can be compensated using flow-compensation gradients 
(Storey et al. 2004; Bieri and Scheffler 2005). Another 
problem with balanced steady state pulse sequences is 
the susceptibility to off-resonance artifacts: Since both 
transverse and longitudinal magnetizations contribute 
to the MR signal, perfect phase coherence must be main

tained within one TR to establish the desired contrast. In 
off-resonant regions, this phase coherence is perturbed, 
and a contrast variation is seen in the form of dark bands. 
The banding artifacts can be reduced using a repetition 
time that is shorter than the inverse of the off-resonance 
frequency, i.e., for a 200-Hz off-resonance, the TR should 
be shorter than 5 ms. Off-resonance frequencies scale 
with field strength, so that banding artifacts become an 
increasing problem at higher field strengths. Neverthe-
less, fast balanced SSFP pulse sequences are increasingly 
used in MRA studies of the heart and the neighboring 
vessels in combination with ECG triggering to visualize 
the vascular anatomy and to assess.

2.7.6 	  Black-Blood MRA

In conventional spin-echo images, one often observes 
that the interior of the blood vessels is darker than the 
surrounding tissue. This so-called black-blood contrast 
is caused by an incomplete signal refocusing of the 180° 
pulse. Compared with TOF MRA with gradient-echo 
sequences, where the inflow of blood causes signal am
plification, spin-echo sequences attenuate the signal 
from flowing blood because spins leave the imaging slice 
between the 90° excitation pulse and the 180° refocus-
ing pulse, and thus do not contribute to the MR signal. 
Therefore, blood signal attenuation can be increased with 
a longer spacing between the two RF pulses, i.e., with 
longer echo times TE. To further suppress signals from 
slowly flowing blood near the vessel walls, often addi

Fig. 2.7.5  TOF MRA (top) and time-
resolved dynamic MRA with arterial 
spin labeling (bottom) of an intracranial 
arteriovenous malformation. In the TOF 
MRA, the nidus of the malformation is 
clearly seen, but the draining vein can 
hardly be identified because the inflowing 
blood is already completely saturated when 
it arrives in this part of the AVM. In the 
three ASL images acquired 100, 600, and 
1 200 ms after signal preparation, the filling 
of the nidus and the drainage through the 
vein is clearly visible
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tional strong gradients are introduced in the black-blood 
pulse sequences, which cause an increased intra-voxel 
dephasing and thus suppress the signal (Lin et al. 1993).

A different technique for blood signal suppression 
makes use of an inversion recovery blood signal prepa-
ration (Edelman et al. 1991): Similar to arterial spin la-
beling a non-selective 180° inversion pulse is applied; 
however, the signal in the imaging slice is reinverted by 
a subsequent slice-selective inversion pulse. With this 
preparation ,the magnetization of the blood (and of all 
other tissues) outside the imaging slice is selectively in-
verted. After a delay-time that is chosen to achieve a zero 
crossing of the longitudinal magnetization of the inverted 
blood, an image is acquired. If the blood has been com-
pletely exchanged during the delay, then the signal of the 
labeled blood is nulled and only the static tissue is visible. 
This technique is often used in combination with cardiac 
triggering to visualize, e.g., the myocardium (Fig. 2.7.7). 
In cardiac black-blood applications, both techniques are 
combined, which is possible, because data are acquired 
during diastole when the heart is nearly at rest, whereas 
the signal preparation is applied during systole.

Fig. 2.7.6  Balanced SSFP image (left) and contrast-enhanced 
MRA (right) of the heart and the abdominal aorta of a patient. 
In this image blood is seen with high signal intensity; however, 
the surrounding tissue also appears with a strong MR signal. In 
the ascending aorta, signal voids are seen which are caused by 
turbulent flow, and banding artifacts are visible in the subcuta-

neous fat. Nevertheless, balanced SSFP sequences provide good 
angiographic overview images in very short acquisition times, 
without the need for contrast agent injection. In the contrast-
enhanced data acquisition, a better background suppression is 
possible, and the projection image of the 3D data set clearly de-
lineates the aorta and the adjacent vessels

Fig. 2.7.7  ECG-triggered dark blood image of the heart ac-
quired with a single-shot fast spin-echo technique (HASTE). 
The blood signal both in the heart and in the cross-section of 
the descending aorta is completely suppressed

�2.7  Flow Phenomena and MR Angiographic Techniques
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�2.7.7 	  Velocity-Dependent Phase

The TOF contrast relies on the increase in signal ampli-
tude due to the inflow of unsaturated magnetization. In 
addition to elevated signal amplitude, the spin movement 
can also create a change in the phase of the MR signal. If a 
gradient is turned on and blood moves along the gradient 
direction (here: the x-direction), the phase ϕ(t) of the MR 
signal is given by:

	 (2.7.1)

Here, the motion x(t) of the magnetization is expressed 
as a Taylor series, and only the constant term (i.e., the 
initial position x0) and the linear term (i.e., the velocity 
v0) are considered. The two integrals M0 and M1 solely 
depend on the gradient timing and are called the zeroth 
and first moment of G(t). The next higher order term is 
proportional to the acceleration of the spins; however, the 
proportionality constant M2 only becomes large if long 
time scales are considered; thus, the estimation of the 
spin phase from the zeroth and first moments is justified 
for gradient-echo sequences with short echo times.

If the gradient timing is modified such that the first 
moment is zero, the gradients are called flow compen-
sated. Flow compensation is important ingredient in 
many MR pulse sequences: If a range of velocities is pres-
ent in a single voxel, then the MR signal amplitude is at-
tenuated due to the incoherent addition of the signals. 
With flow compensation, the individual signals all have 
the same phase, and the signals of the different veloci-
ties add up coherently. Flow compensation is especially 
important in regions of high velocity gradients as, e.g., 
turbulent jets or in highly angulated vessels. 

In general, both M0 and M1 will be non-vanishing, 
and the phase of the signal will become proportional to 
the local spin velocity. Unfortunately, many other factors 
such as off-resonance, field inhomogeneity, or chemical 
shift also affect the spin phase, so that a direct velocity 
measurement is not possible with a single MR experi-
ment alone. To create an MR image that is dependent on 
the local velocity, a minimum of two image acquisitions 
are required. In the first, velocity-sensitized acquisition 
a gradient timing is used with a carefully selected, non-
vanishing first gradient moment (the zeroth moment is 
defining the spatial encoding, i.e., the k-space trajectory). 
In a second, flow-compensated acquisition, a gradient 
timing is chosen that cancels M1. 

�2.7.7.1 	 Flow Measurements

If the two phase images are directly subtracted, the re-
sult is a phase difference image that is linearly depen-
dent on the spin velocity: this is the basis of an MR flow 
measurement (Bryant et al. 1984). Since phase data are 
only unambiguous in the angular range of ±180°, so is 
the velocity information in an MR flow measurement. To 
avoid artifacts due to multiple rotations of the spin phase 
(so-called wrap around artifacts), the first moment needs 
to be chosen such that the maximum velocity in the im-
age creates a phase shift of 180°. In general, this veloc-
ity is set via the so-called velocity encoding, or VENC, 
parameter in the pulse sequence. Higher VENC values 
require weaker encoding gradients, which can be realized 
in shorter echo times. Despite an inadequate choice of 
the VENC value, MR flow measurements are susceptible 
to phase noise, which is present in regions of low signal 
amplitude. If the SNR is 1 or less, the phase in the image 
is nearly uniformly distributed between –180° and +180°; 
under these conditions a meaningful flow measurement 
is not possible. Unfortunately, phase noise is also often 
present near blood vessels (e.g., in the air-filled spaces of 
the lung, close to the pulmonary vessels). Here, the meas
urement of velocity values requires a very careful place-
ment of the regions of interest (ROIs) to avoid systematic 
errors from included noise pixels.

In a conventional flow measurement, velocity encod-
ing is typically performed in slice-selection direction only, 
because the orthogonal placement of the flow measure-
ment slice induces a high TOF signal in the cross-section 
of the vessel lumen. Additionally, a parallel orientation 
of the velocity encoding direction with the image plane 
makes the image acquisition susceptible to systematic er-
rors due to displacement, as, e.g., the readout gradient are 
used for both spatial encoding and velocity measurement 
simultaneously. 

Flow measurements in arterial vessels are often per-
formed with cardiac synchronization to account for the 
pulsatility of the blood flow. Cardiac synchronization can 
be performed by prospective ECG triggering or retro-
spective ECG gating. With prospective triggering, data 
acquisition is started by a trigger signal, which is gener-
ated by the ECG electronics during the QRS complex of 
the ECG (Fig. 2.7.8). After data have been acquired for 
a certain number of cardiac phases, the measurement 
sequence is stopped until a new cardiac trigger signal is 
detected. In retrospective gating, image data are continu-
ously acquired, and the time between the last trigger and 
the current data set is stored. Later, data are resorted into 
predefined time intervals (bins) in the cardiac cycle, and 
the images are reconstructed. Prospective triggering is less 
time-consuming during image reconstruction and is very 
precise in the delineation of the cardiac activity; however, 
a temporal gap at the end of the cardiac cycle is required 
and thus flow measurements at late diastole are difficult. 
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Prospective gating uses continuous image acquisition, 
and the magnetization steady state is always maintained. 
Unfortunately, more data need to be acquired than with 
prospective triggering to ensure a sufficient coverage of 
the cardiac cycle, and a temporal blurring due to the in-
terpolation is seen in the velocity data. 

�2.7.7.2 	 Phase-Contrast MRA

When the complex image data of the two acquisitions 
are subtracted instead of the phases, and the magnitude 
of the difference is displayed, a so-called phase-contrast 
MRA image is created (Dumoulin 1995). This PC MRA 
image is not only dependent on the velocity of the spins, 
but also on the signal amplitude in both acquisitions; 
thus, every PC MRA data set always has an overlaid TOF 
contrast (Fig. 2.7.9). An advantage of PC MRA is the fact 
that signal background of the surrounding stationary tis-
sue is almost completely suppressed, and vessels can be 
traced further into the vascular periphery than with TOF 
MRA, with comparable measurement parameters. In PC 
MRA, often not only the velocity in one spatial direc-
tion is encoded, but in all three directions. Since separate 
velocity-encoded acquisitions have to be performed for 
each direction, the measurement time of a PC MRA is 
two- to fourfold longer than that of a TOF MRA.

A careful selection of the VENC value is especially 
important in PC MRA. If, e.g., the maximum velocity in 

the imaging slice is twice the VENC value, a phase shift 
of 360° (or 0°, which cannot be distinguished) is created. 
Under these conditions, the velocity-encoded and the 
velocity-compensated acquisition have the same phase, 
and no PC MRA signal would be observable. As blood 
does not flow with a constant velocity and velocity values 
can be reduced by pathologies (aneurysms) or increased 
(stenoses), the optimum choice of VENC value is often 
difficult. Because PC MRA is more time-consuming, is 
susceptible to artifacts, and suffers from the same signal 
saturation as TOF MRA, it is rarely used in clinical rou-
tine. 

�2.7.8 	  Contrast-Enhanced MRA

With TOF and PC MRA techniques, the blood motion 
is used to create a signal difference between the vessel 
lumen and the surrounding tissue, whereas contrast-
enhanced MRA utilizes the reduction of the longitudi-
nal relaxation time T1 after administration of a contrast 
agent. When a contrast agent is injected, the T1 of blood 
is shortened from T1blood = 1.2 s (for B0 = 1.5 T) to less 
than 100 ms during the first bolus passage (first pass). 
The relaxation rate R1 (i.e., 1/ T1) is a function of the local 
contrast agent concentration:

 	 (2.7.2)

Fig. 2.7.8  ECG-triggered MR velocity measurement showing a 
typical velocity time curve in the aorta (left). From the phase-
difference images, the mean velocity in the aorta are calculated 
after a region of interest is defined around the cross section of 

the blood vessel. (right) The enlarged region around the aorta 
and the vena cava shows the aortic pulsating flow (dark, round 
region) and the nearly constant flow (bright region) in the op-
posite direction

�2.7  Flow Phenomena and MR Angiographic Techniques
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The proportionality constant between contrast agent con-
centration C and the change in relaxation rate is called 
the relaxivity r1. The relaxivity is different for each con-
trast agent – typical values range from 4 to 10 mmol–1s–1. 
In general, high relaxivities are desirable because lower 
contrast-agent concentrations are needed to achieve the 
same change in image contrast.

To enhance the signal in the contrast agent bolus and 
to suppress the signal background from static tissue, 
heavily T1-weighted spoiled gradient-echo sequences 
(FLASH) with very short repetition times (TR < 5 ms) 
and high flip angles (α = 20°–50°) are used (Fig. 2.7.10). 
The use of short TRs is advantageous because very short 
acquisition times of only a few seconds can be achieved 
even for the acquisition of a complete 3D data set. These 
short acquisition times are needed, because the contrast 
agent is progressively diluted during the passage, which 
reduces the vessel-to-background contrast. Short acquisi-
tion times are also favorable because MRA data sets can 
thus be acquired in a single breath hold; for this reason, 
contrast-enhanced MRA techniques are especially suited 
for abdominal applications (Prince 1996; Sodickson and 
Manning 1997). 

To ensure isotropic visualization of the vascular ter-
ritories, typically 3D techniques are used for data acqui-
sition. Conventional 3D techniques have measurement 
times of several minutes, so that even with short repeti-
tion times larger parts of the k-space data are acquired 
after the contrast agent concentration has fallen to lev-
els where only a weak signal enhancement is observable. 
For this reason, the measurement times are reduced us-
ing partial k-space sampling, parallel imaging, and view 
sharing between subsequent 3D data sets (Sodickson and 
Manning 1997; Wilson et al. 2004; Goyen 2006).

In general, contrast agents can be categorized into ex-
tracellular agents that can leave the blood stream and in-
travascular agents that are specifically designed to remain 
in the vascular system. Historically, the first approved 
MR contrast agent was Gd-DTPA (gadopentate dimeglu-
mine, Magnevist, Schering, Germany), an extracellular 
agent, which has the paramagnetic Gd3+ ion as the cen-
tral atom in an open-chain ionic complex (chelate). Over 
the years, several similar extracellular agents such as 
Gd-BT-DO3A (Gadovist, Schering), Gd-DOTA (Dota-
rem, Guerbet, France), Gd-BMA (Omniscan, GE Health-
care), Gd-HP-DO3A (ProHance, Bracco Imaging, Italy), 
and Gd-BOPTA (MultiHance, Bracco, Italy) have been 
approved for clinical use, which only slightly differ in the 
stability of the Gd chelates, pharmacokinetic properties, 
and safety profiles. In general, the most recently approved 
contrast agents have higher relaxivities and thus allow ac-
quiring MRA data sets with higher contrast at the same 
dose or with similar contrast at lower dose.

Only recently, the first intravascular contrast agent 
gadofosveset trisodium (Vasovist, Schering) has been 
approved for clinical use in Europe (Goyen 2006). This 

Fig. 2.7.9  Phase-contrast images encoding flow in head–foot 
(top) and left–right (center) direction, and phase contrast MRA 
image (bottom). In the flow images, a velocity-sensitive and a 
velocity-compensated data set are subtracted, whereas the PC 
MRA image is generated by complex subtraction of the respec-
tive signal amplitudes. Note, that the PC MRA image has nearly 
no background signal from static tissue



123

molecule has a diphenylcyclohexyl group, which is cova
lently bound to a Gd complex, which creates a reversible, 
non-covalent binding of the molecule to serum albu-
min that significantly prolongs the half-life of the agent 
in blood to about 16 h. After injection of the agent, at 
first a more rapid decline of concentration is observed, 
because the fraction of the contrast agent bound to al-
bumin is dependent on the contrast agent concentration; 
thus, a steady-state concentration is established after the 
unbound fraction is renally excreted.

Both extracellular and intravascular agents can be im-
aged during the first pass of the contrast agent, when a 
high vessel-to-background contrast is present, whereas 
intravascular contrast agents additionally allow angio-
graphic imaging during the subsequent steady state.

�2.7.8.1 	 First-Pass Studies

The T1 shortening is dependent on the contrast agent 
concentration, which is getting smaller already a few sec-
onds after infusion of the contrast agent, as the contrast 
agent bolus in the blood is increasingly diluted and, for 
the extracellular agents, the contrast agent is extravas-
culized. Therefore, contrast-enhanced MRA techniques 
usually use pulse sequences with very short acquisition 
times (TA < 30 s). 

The short passage time of the contrast agent bolus 
of a few seconds requires that imaging be precisely syn
chronized with the contrast agent infusion. The transit 
time of the bolus from the point of injection (usually a 
vein in the arm) through to the vascular target structure 
(e.g., the renal arteries) varies significantly with the heart 
rate and cardiac output and can be difficult to predict. 
Therefore, various synchronization and acquisition tech

niques have been proposed for a reliable MRA data ac-
quisition:
•	 Automatic Start 
	 An automatic technique to start the 3D MRA data 

acquisition (SmartPrep™, General Electric) uses a fast 
pulse sequence before the 3D MRA, which continu-
ously acquires the signal in the vascular target region 
(Prince et al. 1997). After administration of the contrast 
agent, this signal exceeds a certain signal threshold, 
and the 3D MRA acquisition is automatically started. 
If the signal threshold is selected too low, image noise 
can mimic a bolus arrival and the measurement is trig-
gered too early, whereas a too high value of the thresh-
old can lead to an omission of the data acquisition.

•	 Test Bolus 
	 With the test bolus technique, a small bolus of a few 

milliliters of the contrast agent is infused, and the 
passage of the bolus is imaged near the target vessel 
with a fast time-resolved 2D MR measurement (Earls 
et al. 1997). The trigger delay TD for the subsequent 
3D measurement is then calculated from the transit 
time of the bolus TT and the acquisition time of the 3D 
MRA TA as: TD = TT – necho × TA. Here, necho denotes the 
fraction of TA before the center of k-space is acquired 
(Fig. 2.7.11). 

•	 MR Fluoroscopy 
	 As in the automatic start of the sequence, fluoroscopic 

previews (CareBolus™, Siemens Medical Solutions) 
image the contrast bolus during its passage; however, 
here fast 2D sequences are used with real-time image 
reconstruction and display Riederer et al. 1988; Wil-
man et al. 1997). Once the bolus has reached the tar-
get region, the operator of the MR scanner manually 
switches to the predefined 3D MRA pulse sequence, 
which is then executed with minimal time delay. 

Fig. 2.7.10  Signal intensity as a function 
of T1-contrast in a spoiled gradient-echo 
pulse sequence (FLASH). At high flip 
angles and short repetition times the signal 
from tissue (T1 > 300 ms at 1.5 T) is nearly 
completely saturated, whereas a high 
intraluminal signal is seen due to the high 
concentrations of the contrast agent
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•	 Multiphase MRA 
	 Time-resolved MRA has been increasingly used to 

completely avoid manual or automated synchroniza-
tion. Multiphasic acquisitions consecutively acquire 
3D MRA data sets during the bolus passage so that 
the optimal vessel contrast is obtained in at least one 
of the data sets. Various methods of measurement ac-
celeration are combined to ensure adequate temporal 
resolution; these include parallel imaging, asymmetric 
k-space readout, and temporal data interpolation (Ko-
rosec et al. 1996; Fink et al. 2005). Nevertheless, time-
resolved MRA data sets are usually of a lower spatial 
resolution than are optimally acquired MRA data with 
bolus synchronization (Fig. 2.7.12).

Artifacts arise, if the 3D MRA data acquisition is not per-
fectly synchronized with the bolus passage. The appear-
ance of these artifacts depends on the relative timing of 
the k-space acquisition and the concentration-time curve 
of the contrast agent. If the bolus arrives too late in the 
target vessel, then the center of the k-space has already 
been sampled and large structures, such as the interior 
of the blood vessel, appear dark, whereas fine structures, 
such as vessel margins, have a high signal if the bolus 
arrives during sampling of the k-space periphery. If the 
data acquisition is started too late, then the bolus has al-
ready reached the target vessel and the contrast has partly 
disappeared – thus, the signal is significantly reduced 
compared with an optimally synchronized data acquisi-
tion (Maki et al. 1996; Wilman et al. 2001; Svensson et 
al. 1999). 

Another disadvantage of suboptimal bolus timing is 
the fact that the bolus may have passed from the arterial 

to the venous system in some vascular regions (e.g., the 
extremities) so that both veins and arteries are seen in the 
images. This venous contamination makes the interpreta-
tion of the image data difficult in cases where arterial and 
venous vessels are parallel to each other.

The variation in contrast agent concentration over 
time also results in a reduction in the achievable image 
resolution (Fain et al. 1999). The spatial resolution of 
an MR image sampled with Cartesian data acquisition 
is always uniquely defined by the measured number of 
k-space lines. With increasing number of k-space lines 
(i.e., larger k-space coverage), finer image details are en-
coded in the image. This so-called Nyquist scanning the-
orem only applies if the signal intensity is constant dur-
ing data acquisition. Even with perfect synchronization 
with the contrast agent bolus, the contrast agent concen-
tration is only optimal during acquisition of the central 
k-space lines. Later on, the concentration is reduced and 
the peripheral k-space regions are acquired with signifi-
cantly reduced signal intensity (Fig. 2.7.13). This different 
weighting of the k-space regions results in a reduction in 
spatial resolution (blurring), which is mathematically de-
scribed by the point-spread function, PSF. The PSF is the 
image of a point object – for linear imaging systems, it is 
used to describe the imperfections of the image acqui-
sition system. The PSF depends on the acquisition time, 
the contrast agent dynamics, and the measurement pa-
rameters of the pulse sequence. 

The deviation from an ideal PSF is particularly vis-
ible in those spatial directions that are acquired with the 
lowest sampling velocity. In conventional 3D acquisition, 
this is either the phase encoding direction or the partition 
encoding direction. To eliminate this asymmetry and to 

Fig. 2.7.11  Test bolus measurement in 
the heart (blue) and the aorta (red) of a 
patient. For an optimal visualization of the 
aortic arch, a time delay of 16 s is required 
between contrast agent injection and the 
acquisition of the central k-space lines
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evenly distribute the blurring in both spatial directions, 
elliptical scanning of the phase and partition encoding 
steps has been proposed (Bampton et al. 1992; Wilman 
and Riederer 1996; Wilman et al. 1996), where the en-
coding steps are acquired along an elliptical path, starting 
from the center of the k-space. 

Using the signal–time curve of a test bolus, the signal 
variation during data acquisition can be avoided. There-
fore, an injection scheme is calculated for the signal–time 
curve using linear system theory, where the injection rate 
is modulated such that there is a constant contrast agent 
concentration (i.e., an ideal PSF) in the target region 
throughout the data acquisition. This technique requires 
a programmable contrast-agent injector and additional 
computations, and the constant concentration can only 
be achieved in a limited target volume. Another option 
for reducing the intensity changes is to induce a blood 
flow stasis for a brief period after contrast agent inflow. 
This can be achieved in the peripheral blood vessels, 
without endangering the patient using an inflatable cuff, 
which temporarily blocks the blood flow during data 
acquisition; this technique has been used successfully 
applied to contrast-enhanced MRA studies of the hand 
(Zhang et al. 2004) and the legs (Zhang et al. 2004; Vogt 
et al. 2004).

In addition to reducing T1, an MR contrast agent al-
ways also reduces T2 (and T2*). The reduction in T2* can 
lead to a significant signal reduction in the MRA image 
at high contrast agent concentrations; often the venous 
vessel through which the bolus is infused are seen dark in 
the MRA data sets (Albert et al. 1993). To avoid these ar-

tifacts, the contrast agent concentration or the echo time 
TE can be reduced. Besides reducing T2*, the contrast 
agent also causes a concentration-dependent resonance 
frequency shift. Radial or spiral k-space data acquisitions 
especially susceptible to these frequency shifts that cause 
blurring artifacts, which can be compensated using dedi
cated off-resonance correction algorithms.

Contrast-enhanced MRA studies are also susceptible 
to artifacts known from TOF MRA. In particular, pulsa-
tion artifacts are visible in contrast-enhanced measure-
ments (Al-Kwifi et al. 2004). Intra-voxel dephasing is 
observed, although the effect is much lower due to the 
shorter TEs used here. To keep the acquisition time short, 
generally flow compensation is not integrated into con-
trast-enhanced MRA pulse sequences, because the ad-
ditional gradients significantly prolong the measurement 
time.

Contrast-enhanced MRA offers substantial advan-
tages over TOF or PC MRA, because the saturation ef-
fects seen in TOF MRA are almost completely avoided. 
Thus, extended vascular structures for example in the 
abdomen or the extremities can be visualized with a few 
slices oriented parallel to the vessel. The short acquisi-
tion times of contrast-enhanced MRA allow breath-held 
acquisitions (TA < 30 s), which significantly reduces mo-
tion artifacts (Maki et al. 1997). The dynamic informa-
tion of multiphase 3D MRA contains information about 
vascular anatomy, flow direction (e.g., in aortal aneu-
rysms), tissue perfusion (e.g., in the kidney), and vas-
cular anomalies, which might not be visible on a single 
MRA data set.

Fig. 2.7.12  Multiphase MRA of the lung vasculature in a patient 
with a patent ductus arteriosus. The irregular flow pattern of 
the early enhancing descending aorta is clearly identified in the 
time series of 3D MRA data sets. To achieve a high temporal 

resolution of 2.3 s, temporal interpolation techniques (TRICKS) 
were applied. In the later phases, additionally, a qualitative as-
sessment of lung perfusion is possible
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Fig. 2.7.13  (Top) Simulated signal–time curve during a first-
pass MRA (solid line) and a study with an intravascular contrast 
agent (dotted line). At the center of the acquisition window, when 
the central k-space lines are acquired, a maximal signal is seen 
in the first-pass study, whereas a constant signal is present in 

with the intravascular contrast agent. (Bottom) The correspond 
point spread functions show that during a first-pass study ob-
jects appear blurred in phase-encoding direction, whereas the 
theoretical resolution of the data acquisition can be achieved 
when the concentration is constant
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�2.7.8.2 	 Intravascular Contrast Agents

Using intravascular agents, the contrast agent concentra-
tion in the blood is maintained over time spans of min-
utes to hours. In general, the same pulse sequences can 
be applied for MRA with intravascular contrast agents as 
with the extracellular contrast agents, as they share the 
same contrast mechanism; however, as the concentra-
tion of intravascular contrast agent in blood attains an 
equilibrium state after a few re-circulations (typically 
20–40 s), MRA data sets can also be acquired over lon-
ger acquisition times. This prolonged acquisition window 
can be used to increase the image resolution, because an 
ideal PSF can be achieved and, thus, no blurring should 
be present (van Bemmel et al. 2003a; Grist et al. 1998). 

Because data acquisition does not have to be syn-
chronized with the contrast agent bolus, data acquisition 
can be started once the contrast agent concentration has 
reached equilibrium. The contrast agent injection does 
not need to be performed with a contrast agent pump, 
but can be infused manually via a venous access port even 
prior to the MR examination. With intravascular contrast 
agents, the acquisition time TA is not limited by the tran-
sit time of the bolus, and data sets can be acquired over 
much longer acquisition periods. With longer acquisition 
times, special trigger and gating techniques (ECG trig-
gering, respiratory gating, navigator echoes [Ahlstrom et 
al. 1999]) to suppress motion artifacts are required. 

If image data are acquired in the equilibrium phase, 
venous overlay is a fundamental problem in MRA with 
intravascular contrast agents (Fig. 2.7.14). Venous con-
tamination particularly makes those images hard to 
interpret that are calculated through a projection tech-
nique such as the maximum intensity projection (MIP), 
because here, the depth information is lost. A separation 
of arterial and venous vessels is possible with the help of 
dedicated post-processing software. Therefore, a region 
in an arterial vessel is identified and a region-growing 
algorithm is used to find all connected regions. Unfortu-

nately, when arteries and veins are in close proximity the 
algorithm may artifactually connect arterial to venous 
vessels. With equilibrium-phase MRA, data sets of intra
vascular contrast agents, these artifacts are easier to avoid 
than in first-pass studies because of the higher spatial res-
olution. Nevertheless, for direct arteriovenous connec-
tions or shunts, a manual correction of the segmentation 
is always required (van Bemmel et al. 2003b; Svensson et 
al. 2002). 

The use of intravascular contrast agent is not limited 
to the equilibrium phase, but can be combined with a 
first-pass study during the initial contrast agent injection 
to obtain both the dynamics of the contrast agent passage 
as well as the vascular morphology (Grist et al. 1998). 
Additionally, the dynamic information can be utilized to 
separate arteries from veins in the high-resolution equi-
librium-phase 3D MRA data sets (Bock et al. 2000).

Although the long half-life of the intravascular con-
trast agent is advantageous for intraluminal studies, it can 
become a problem if a dynamic study has to be repeated. 
With extracellular contrast agents, this is possible within 
a few minutes, whereas up to several hours have to be 
waited after a study with an intravascular contrast agent. 
In practice, intravascular contrast agents are still advan-
tageous for MRA, as they allow combining high spatial 
resolution in the equilibrium phase with dynamic infor-
mation during first passage. Additionally, these contrast 
agents can be used to quantify perfusion (Prasad et al. 
1999) or to delineate vessels during MR-guided intravas
cular procedures (Wacker et al. 2002; Martin et al. 2003). 

�2.7.9 	  Summary

Various techniques for MR angiography and MR flow 
measurements exist that make use of the different physi-
cal properties of blood: flow, pulsation, or signal variation 
following administration of contrast agent. TOF MRA is 
often used in anatomical regions where a high inflow is 

Fig. 2.7.14  Surface rendering (left) and 
MIP (right) visualization of an abdominal 
MRA with an intravascular contrast agent. 
The three-dimensional character of the 
data set is better captured with the surface 
display, whereas the finer details are better 
visualized on the MIP. The presence of 
venous signal is making the interpretation 
of the data more difficult; however, a sig-
nificantly higher spatial resolution can be 
achieved with intravascular contrast agents
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present, and long measurement times can be tolerated. 
Phase-contrast flow measurements provide a quantitative 
assessment of blood flow when combined with cardiac 
triggering. Contrast-enhanced studies are favorable in 
abdominal regions and the periphery, where saturation 
effects are a limiting factor for TOF MRA. Intravascular 
contrast agents further extend the capabilities of contrast-
enhanced MRA because high-resolution data sets can be 
acquired over an extended time. 
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�2.8 	  Diffusion-Weighted Imaging 
and Diffusion Tensor Imaging

O. Dietrich

�2.8.1 	  Introduction

Diffusion in the context of diffusion-weighted MRI or 
diffusion tensor imaging (DTI) refers to the stochas-
tic thermal motion of molecules or atoms in fluids and 
gases, a phenomenon also known as Brownian motion. 
This motion depends on the size, the temperature, and in 
particular on the microscopic environment of the exam-
ined molecules. Diffusion measurements can therefore 
be used to derive information about the microstructure 
of tissue. In MRI, stochastic molecular motion can be 
observed as signal attenuation. This was first recognized 
in the NMR spin-echo experiment by E.L. Hahn in 1950 
(Hahn 1950), long before the invention of actual magnetic 
resonance imaging. A number of more sophisticated ex-
periments were described in following years that allowed 
the quantitative measurement of the diffusion coefficient 
(Carr and Purcell 1954; Torrey 1956; Woessner 1961). Of 
particular importance is the pulsed-gradient spin-echo 
(PGSE) technique proposed by Stejskal and Tanner in 
1965 (Stejskal and Tanner 1965) that is described in de-
tail in Sect. 2.8.3.1.

Diffusion as an imaging-contrast mechanism was first 
incorporated in MRI pulse sequences in 1985 (Taylor and 
Bushell 1985; Merboldt et al. 1985) and applied in vivo 
in 1986 (LeBihan et al. 1986). Its great potential for clini-
cal MRI became evident in around 1990, when diffusion-
weighted images were recognized to be extremely valuable 
for the early detection of stroke (Moseley et al. 1990a,b; 
Chien et al. 1990, 1992). Areas of focal cerebral ischemia 
appear hyperintense in diffusion-weighted images only 
minutes after the onset of symptoms (see also Chap. 3, 
Sect. 3.4). Having thus been pushed into publicity, dif-
fusion-weighted imaging was evaluated in many other 
applications such as the characterization of brain tumors 
(Tien et al. 1994; Sugahara et al. 1999; Okamoto et al. 
2000) and of multiple sclerosis lesions (Cercignani et al. 
2000; Filippi and Inglese 2001), but none of these reached 
the clinical significance of stroke diagnosis. Mainly due to 
limitations of image quality, there are considerably fewer 
publications about diffusion-weighted imaging outside 
the central nervous system. Examples of these are stud-
ies with the purpose of differentiating osteoporotic and 
malignant vertebral compression fractures (Baur et al. 
1998, 2003; Herneth et al. 2002) or benign and malignant 
lesions of the liver (Moteki et al. 2002; Taouli et al. 2003) 
and the kidneys (Cova et al. 2004).

Molecular diffusion is a three-dimensional process 
and is—depending on the tissue microstructure—in gen-
eral anisotropic, i.e., the extent of molecular motion de-
pends on spatial orientation. A physical quantity called 

the diffusion tensor is required to fully describe anisotro-
pic diffusion. MRI techniques to measure the diffusion 
tensor have been introduced in the 1990s (Basser et al. 
1994; Pierpaoli et al. 1996) and gained considerably more 
popularity when tracking algorithms were proposed for 
three-dimensional reconstruction of white matter fiber 
tracts (Mori et al. 1999; Conturo et al. 1999). Today, dif-
fusion tensor imaging is a valuable research tool with ap-
plications, e.g., in neurodevelopment (Neil 2002; Snook 
et al. 2005), neuropsychiatry (Taber et al. 2002, Moseley 
et al. 2002, Sullivan and Pfefferbaum 2003), or aging 
(Moseley 2002, Sullivan and Pfefferbaum 2003, Sullivan 
et al. 2006).

�2.8.2 	  Physics of Diffusion

�2.8.2.1 	 Brownian Molecular Motion

All molecules in fluids or gases perform microscopic ran-
dom motions. This motion is called molecular diffusion 
or Brownian motion after Robert Brown (1773–1858), 
who observed a minute motion of plant pollens float-
ing in water in 1827 (Brown 1866). These pollens were 
constantly hit by fast-moving water molecules, resulting 
in a visible irregular motion of the much larger particles. 
Due to Brownian motion, a tracer such as a droplet of ink 
given into water will diffuse into its surroundings, result-
ing in spatially and temporally varying tracer concentra-
tions, until the ink is diluted homogeneously in the water. 
However, Brownian molecular motion does not require 
concentration gradients, but occurs also in fluids consist-
ing of only a single kind of molecule. The molecules of 
any arbitrary droplet of water within a larger water res-
ervoir will stochastically disperse into their surround-
ings; this process is called diffusion or, to emphasize that 
the observed molecules do not diffuse into an external 
medium, self-diffusion. It should be noted that diffusion 
always refers to a stochastic and not directed motion and 
is strictly to be distinguished from any kind of directional 
flow of a liquid.

The molecules in fluids or gases perform random mo-
tions due to their thermal kinetic energy, Ekin, which is 
proportional to the temperature, T: Ekin = –23 kT (k = 1.38 
× 10–23 J/K is the Boltzmann constant). This energy cor-
responds to a mean velocity� mEv kin2=  for a mole-
cule of mass m; in the case of water at room temperature 
(T = 300 K), the mean velocity is about 650 m/s. Due to 
frequent collisions with other particles, however, mol-

�	 Strictly speaking, we calculate the square root of the mean 
value of squared velocity, i.e., mean (ν�) , which is slightly different 
(by a factor of 3π / 8 ≈ 1.085, i.e., by 8.5%) from the actual mean 
value of the velocity due to the asymmetry of the Maxwell distribu-
tion.
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ecules do not move linearly in a certain direction but fol-
low a random course that can be visualized in a random-
walk simulation as shown in Fig. 2.8.1a. This figure also 
demonstrates that, macroscopically, the mean displace-
ment or diffusion distance, s, after a time t is much more 
interesting than is the linear velocity of the molecule. The 
mean diffusion distance of a particle is proportional to 
the square root of the diffusion time t and is described 
by the diffusion coefficient D: Dts 6= . This relation is 
shown in Fig. 2.8.1b for a water molecule with a diffusion 
coefficient of D = 2.03 × 10–3 mm2/s at a temperature of 
20°C. Since diffusion is a stochastic process, the diffusion 
distance after the time t is not the same for all molecules 
but is described by a Gaussian probability distribution as 
illustrated in Fig. 2.8.2. As shown in this illustration, af-
ter a diffusion time t most molecules are still found at or 
close to their original position; the diffusion distance s, 
corresponds to the standard deviation of the shown dis-
tributions. Typical diffusion distances for free water mol-
ecules at room temperature are about 25 µm after a diffu-
sion time of 50 ms and 110 µm after 1 s.

Fig. 2.8.1  Simulated diffusion path of a single molecule. a Random-walk simulation after N = 2,000, 10,000, 50,000, and 150,000 
simulated steps. b Dependence of diffusion distance, s, on diffusion time, t

Fig. 2.8.2  Gaussian probability distribution of individual mo-
lecular diffusion distances, d, after diffusion times of t = 50 ms, 
150 ms, and 300 ms; the distributions are based on the diffusion 
coefficient of water molecules at room temperature. The stan-
dard deviations of the Gaussian distributions are marked by 
dashed lines and indicate the mean diffusion distance, s

�2.8  Diffusion-Weighted Imaging and Diffusion Tensor Imaging
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In contrast to free diffusion in pure water (Fig. 2.8.3a), 
the water molecules in tissue cannot move freely, but 
are hindered by the cellular tissue structure, in particu-
lar by cell membranes, cell organelles, and large macro-
molecules as shown schematically in Fig. 2.8.3b. Due to 
additional collisions with these obstacles, the mean dif-
fusion distance of water molecules in tissue is reduced 
compared to that of free water, and a decreased effective 
diffusion coefficient is found in tissue called the appar-
ent diffusion coefficient (ADC). Obviously, the ADC de-
pends on the number and size of obstacles and therefore 
on the cell types that compose the tissue. Hence, diffu-
sion properties can be used to distinguish different types 
of tissue. Examples of diffusion coefficients in different 
tissues and in fluids at different temperatures are sum-
marized in Table 2.8.1.

Not only does the number and size of organelles influ-
ence diffusion, but also the geometrical arrangement of 
the cell membranes. In particular, the diffusion of water 
molecules can reflect an anisotropic arrangement of cells 
as indicated in Fig. 2.8.3c. Since cell membranes are bar-
riers for diffusing molecules, water diffuses more freely 
along the long axis of the cell than perpendicular to it 
(Beaulieu 2002). Hence, the ADC measured in the direc-
tion parallel to the cellular orientation will be greater than 
that measured in an orthogonal direction. This property, 
the dependence of a quantity on its orientation in space, 
is called anisotropy.

�2.8.2.2 	 Diffusion Tensor

It has proven useful to illustrate the diffusion proper-
ties by spheres for isotropic diffusion and by three-di-
mensional ellipsoids for anisotropic diffusion as shown 

in Fig. 2.8.3d–f. These shapes visualize the probability 
density function of diffusion distances in space. Isotropic 
diffusion can be completely described by its (apparent) 
diffusion coefficient, D, which corresponds to the radius 
of the sphere (Fig. 2.8.3d,e). More quantities are required 
for a complete description of anisotropic diffusion, e.g., 
three angles that define the orientation of the ellipsoid in 
space, and the length of the three principal axes describ-
ing the magnitude of the diffusion coefficients. In phys-
ics or mathematics, a quantity that corresponds to such a 
three-dimensional ellipsoid is called a tensor.

The physical object called tensor can also be ex-
plained by comparing it to more commonly known ob-
jects such as scalars and vectors. A scalar is a quantity 
that can be measured or described as a single number; 
typical examples are the temperature, the mass, or the 
density of an object. In imaging, the image intensity, e.g., 
in a T2-weighted image, is a scalar: a single number is re-
quired for each pixel to describe the intensity. As dem-
onstrated in the last example, scalars can be spatially 
dependent and be visualized as intensity maps; another 
example is a temperature map of an object that describes 
the temperature as scalar quantity for each spatial posi-
tion of an object.

Other physical quantities cannot be described by a 
single number, such as the velocity or acceleration of a 
particle in space or the flow of a liquid. These quanti-
ties are vectors and require both a direction in space and 
a magnitude to be fully described. A vector is typically 
visualized as an arrow. For example, in the case of ve-
locity, the direction of the arrow describes the direction 
of motion and the length of the arrow represents the 
magnitude of the vector, e.g., as measured in meters/sec-
ond. Such an arrow can be mathematically described by 
three independent numbers: either by its length and two 
angles defining its orientation or by three coordinates 
(x-, y-, and z-component of the vector). These coordi-
nates are often presented as a column or row vector, e.g., 
v = (vx vy vz). Vectors as well as scalars can depend on the 
spatial position; a flowing liquid can be described by a 
velocity vector at each position. A full data set consisting 
of a vector (i.e., an arrow) at each point in space is called 
a vector field.

Some quantities such as the molecular diffusion can-
not be fully described as scalars or vectors; they are ten-
sors. As mentioned above, the diffusion properties can be 
depicted by a three-dimensional ellipsoid and therefore 
require six independent numbers to define the direction 
and length of all axes. These six values are visualized in 
Fig. 2.8.4 as the three lengths of the axes defining the 
shape of the ellipsoid and the three angles describing its 
orientation. However, instead of using angles, tensors can 
equally well be described by six coordinates arranged in 
a symmetric 3 × 3-matrix in analogy to the three coor-
dinates of a vector. These coordinates are called Dxx, Dyy, 
Dzz, Dxy, Dxz, and Dyz and form the matrix representation 

Table 2.8.1  Examples of diffusion coefficients of different fluids 
and tissues

ADC 
(10–3 mm2/s)

�
Reference

Water, 5°C 1.31 Mills 1973

Water, 20°C 2.02 Tofts et al. 2000

Water, 35°C 2.92 Mills 1973

Ethanol, 20°C 0.98 Tofts et al. 2000

Brain, white matter 0.70 Helenius et al. 2002

Brain, gray matter 0.89 Helenius et al. 2002

Liver 1.83 Boulanger et 
al. 2003

Kidney 2.19 Cova et al. 2004
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Fig. 2.8.3  Apparent diffusion coefficient 
and schematic depiction of diffusion 
properties: a Free diffusion in pure water 
b Hindered isotropic diffusion in tissue 
c Hindered anisotropic diffusion in tissue 
d schematic depiction of free isotropic dif-
fusion as sphere with radius D e schematic 
depiction of hindered isotropic diffusion 
as sphere with radius D and f schematic 
depiction of anisotropic diffusion as el-
lipsoid with axes of different lengths
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of the tensor D:
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This matrix is called symmetric because the elements 
are mirrored at the diagonal. Of these matrix elements, 
only the diagonal elements, Dxx, Dyy, Dzz, can be measured 
directly in MRI and correspond to the diffusion in the 
x-, y-, and z-directions; the off-diagonal elements must 
be determined indirectly from further measurements as 
described in Sect. 2.8.4.

In the case of isotropic diffusion, i.e., if the ellipsoid is 
a sphere, then this matrix has a very simple form, because 
a single diffusion coefficient suffices to describe the diffu-
sion. This diffusion coefficient is found on the diagonal of 
the matrix, and all off-diagonal elements are zero:
















=

D
D

D
D

00
00
00

isotropic

The diffusion tensor has some properties that are impor-
tant to understand in order to measure and interpret dif-
fusion imaging data. The mean diffusivity, i.e., the diffu-
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sion coefficient averaged over all spatial orientations, can 
be derived from the trace of the diffusion tensor, i.e., the 
sum of its diagonal elements:

zzyyxx

zzyzxz
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xzxyxx
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DDD
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DDD

DD ++=

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




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



== trtr of trace

The mean diffusivity, D , or ADC is a third of the trace 
of D: DD trADC 3

1== . An MRI measurement of the 
mean ADC is therefore also called trace imaging.

To analyze the non-isotropic properties of the diffu-
sion tensor, a process called diagonalization of the ten-
sor is used. The meaning of tensor diagonalization can be 
visualized as finding the three axes (i.e., their length and 
orientation) that define the ellipsoid in Fig. 2.8.4. Math-
ematically, the tensor matrix is transformed into a form 
where all off-diagonal elements are zero:
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The three new diagonal elements, D1, D2, D3, are called 
eigenvalues of the tensor; they describe the length of the 
three axes of the ellipsoid in Fig. 2.8.4. (Some authors de-
note the eigenvalues as λ1, λ2, λ3 instead of D1, D2, D3.) 
Since six parameters are still required to fully describe 

the tensor, in addition to the three diagonal elements, 
three vectors, v1, v2, v3, are determined which are called 
eigenvectors. The eigenvectors, which are always orthog-
onal and have unit length, define the orientation of the el-
lipsoid and are shown as thick grey arrows in Fig. 2.8.4d.

�2.8.2.3 	 Diffusion Anisotropy

The ratios of the diffusion eigenvalues describe the isot-
ropy or anisotropy of diffusion. In the case of isotropic 
diffusion, all eigenvalues are the same, D1 = D2 = D3, and 
diffusion is represented by a sphere; see Fig. 2.8.5a. If the 
largest eigenvalue is much greater than the two other ei-
genvalues, D1 >> D2 ≈ D3, then the tensor is represented 
by a cigar-like shape as in Fig. 2.8.5b. In this case, diffu-
sion in one direction is much less hindered than in the 
other directions and is sometimes called linear diffusion; 
this is typically found in white matter fiber tracts, where 
the motion of water molecules is restricted by the cell 
membranes and the glial cells perpendicular to the fiber 
tract orientation. The orientation of the fiber tracts is de-
scribed by the eigenvector v1  belonging to the large eigen-
value, D1. If two large eigenvalues are much greater than 
the third one, D1 ≈ D2 >> D3, then the diffusion tensor is 
represented by a pancake-like shape; see Fig. 2.8.5c. This 
tensor corresponds to preferred diffusion within a two-
dimensional plane, which can occur in layered structures 
and is referred to as planar diffusion.

In order to describe the diffusion anisotropy quanti-
tatively, several anisotropy indices have been introduced 
to reduce the diffusion tensor to a single number, i.e., a 
scalar, measuring the anisotropy. Most frequently used is 

Fig. 2.8.4  Tensor visualized as three-dimensional ellipsoid: 
six independent numbers are required to define a tensor, three 
lengths (eigenvalues), D1, D2, D3, corresponding to the length of 
the principal axes of the ellipsoid (shown three-dimensionally 

in a and in two-dimensional sections b), and three angles, α, β, 
γ, describing the spatial orientation of the axes (c,d). The eigen-
vectors of the tensor are shown as thick gray arrows in d
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the fractional anisotropy (FA), defined as

where D = –13 (D1 +  D2 + D3) is the mean diffusivity. The 
fractional anisotropy ranges from 0 (isotropic diffusion) 
to 1 (maximum anisotropy) and can be interpreted as 
the fraction of the magnitude of the tensor that can be 
ascribed to anisotropic diffusion (Basser and Pierpaoli 
1996). A similar index is the relative anisotropy (RA), 
defined as

The relative anisotropy is the magnitude of the aniso-
tropic part of the tensor divided by its isotropic part 
(Basser and Pierpaoli 1996) and ranges from 0 (isotropy) 
to 414.12 ≈  (maximum anisotropy). In order to scale 
the maximum value of the RA to 1 as well, a normalized 
(or scaled) definition with an additional factor of 21  is 
sometimes used (and often called RA as well):

Less frequently used indices of anisotropy are the volume 
ratio (VR),

3
321VR

D
DDD

=

and the volume fraction (VF),

3
3211VR1VF

D
DDD

==

All these anisotropy indices can be used to describe the 
diffusion anisotropy (Kingsley and Monahan 2005), but 
fractional anisotropy may be considered the preferred in-
dex that is currently most frequently used. Some typical 
values of these indices are compared in Table 2.8.2; FA, 
RA, nRA, and VF start with 0 for isotropic diffusion and 
increase with increasing anisotropy. The volume ratio is 
1 in the case of isotropic diffusion and decreases with in-
creasing anisotropy.

Fig. 2.8.5  Typical diffusion tensors in the case of a isotropic 
diffusion, b linear diffusion, and c planar diffusion

Table 2.8.2  Examples for different anisotropy indices

(1, 1, 1)a (1, 1, 0.5) (1, 0.5, 0.5) (1, 1, 0) (1, 0.5, 0) (1, 0, 0)

FA 0 0.33 0.41 0.71 0.77 1

RA 0 0.28 0.35 0.71 0.82 1.41

nRA 0 0.20 0.25 0.5 0.58 1

VF 0 0.14 0.16 1 1 1

VR 1 0.86 0.84 0 0 0

FA fractional anisotropy, RA relative anisotropy, nRA normalized (scaled) anisotropy, VF volume fraction, VR volume ratio 
aEigenvalues (D1, D2, D3)
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�2.8.3 	  MR Measurement 
of Diffusion-Weighted Images

�2.8.3.1 	 Diffusion Gradients 
and Diffusion Contrast

To introduce diffusion weighting in MRI pulse sequences, 
today almost exclusively a technique proposed by Stejskal 
and Tanner in 1965 (Stejskal and Tanner 1965) is used. 
The basic idea is to insert additional gradients (usually 
referred to as diffusion gradients) into the pulse sequence 
in order to measure the stochastic molecular motion as 
signal attenuation. Originally, these were two identical 
gradients on both sides of the refocusing 180° RF pulse 
of a spin-echo sequence: the so-called pulsed-gradient 
spin echo (PGSE) technique. However, to simplify the ex-
planation, we will replace this scheme with two gradients 
with opposite signs that do not require a 180° pulse in 
between, as shown in Fig. 2.8.6. The contrast mechanism 
is the same for both gradient schemes.

As illustrated in Fig. 2.8.6, the diffusion gradients su-
perpose a linear magnetic field gradient over the static 
field, B0. Since the Larmor frequency of the spins is pro-
portional to the magnetic field strength, spins at different 
positions now precess with different Larmor frequencies 
and, thus, become dephased. If the spins are stationary 
(no diffusion, i.e., diffusion coefficient D = 0) and remain 
at their position, the second diffusion gradient with op-
posite sign exactly compensates the effect of the first one 
and rephases the spins. Hence, without diffusion, the sig-
nal after the application of the pair of diffusion gradients 
is the same as before (neglecting relaxation effects).

In the case of diffusing spins, the second diffusion gra-
dient cannot completely compensate the effect of the first 
one since spins have moved between the first and second 
gradient. The additional phase the spins gained during 
the first diffusion gradient is not reverted during the sec-
ond one. Consequently, rephasing is incomplete after the 
second diffusion gradient, resulting in diffusion-depen-
dent signal attenuation. As can be deduced from this ex-
planation, the signal attenuation is larger if the diffusivity, 
i.e., the mobility of the spins, is larger. Quantitatively, the 
signal attenuation depends exponentially on the diffu-
sion coefficient, Dg, in the direction defined by the diffu-
sion gradient gD:

S (Dg , b) = S0 × exp (– b × Dg),

where S0 is the original (unattenuated) signal and S(Dg, b) 
is the attenuated diffusion-weighted signal. The b-value, 
b, is the diffusion weighting that plays a similar role for 
diffusion-weighted imaging as the echo time for T2-
weighted imaging: the diffusion contrast, i.e., the signal 
difference between two tissues with different ADCs, is 
low at small b-values and can be maximized by choosing 
the optimal b-value as discussed below. The b-value is ex-
pressed in units of s/mm2 and depends on the timing and 

the amplitude, gD, of the diffusion gradients:

As illustrated in Fig. 2.8.6, δ is the duration of each diffu-
sion gradient, and ∆ is the interval between the onsets of 
the gradients; γ is the gyromagnetic ratio of the diffusing 
spins. A typical b-value used for diffusion-weighted im-
aging of the brain is 1,000 s/mm²; for other applications 
b-values range between 50 s/mm2 (dark blood liver im-
aging) and about 20,000 s/mm2 (imaging of the diffusion 
q-space [Assaf et al. 2002; Wedeen et al. 2005]). To obtain 
b-values of about 1,000 s/mm2, diffusion gradients are re-
quired to be much longer (e.g., δ = 25 ms) and have larger 
amplitudes (e.g., gD = 25 mT/m) than normal imaging 
gradients applied in MRI; hence, diffusion-weighted im-
aging can be demanding for the gradient amplifiers and is 
often acoustically noisy.

The formula for the b-value given above is valid only 
for a pair of Stejskal-Tanner diffusion gradients. The dif-
fusion weighting of arbitrary time-dependent diffusion 
gradient shapes, gD(t), applied between t = 0 and t = T, can 
be calculated according to (Stejskal and Tanner 1965)

By applying diffusion gradients, diffusion-weighted im-
ages can be acquired in which the signal intensity depends 
on the ADC, e.g., structures with large ADC such as liq-
uids appear hypointense. To quantify the ADC at least 
two diffusion-weighted measurements with different dif-
fusion weightings (i.e., different b-values) are required as 
shown in Fig. 2.8.7. By determining the signal intensity at 
the lower b-value, S(b1), and the higher b-value, S(b2), the 
ADC can be calculated as

This can be done either for the mean signal intensities in a 
region of interest or pixel by pixel in order to calculate an 
ADC map as in Fig. 2.8.7. The ADC can also be calculated 
from more than two b-values by fitting an exponential to 
the measured signal intensities or by linear regression 
analysis applied to the logarithm of signal intensities.

It should be noted that diffusion-weighted images 
generally exhibit a mixture of different contrasts. Many 
diffusion-weighted pulse sequences require relatively 
long echo times between 60  and 120 ms because of the 
long duration of the diffusion preparation. Thus, diffu-
sion-weighted images are often also T2-weighted, and it 
can be difficult to differentiate image contrast due to dif-
fusion and T2 effects. This is a typical problem in diffu-
sion-weighted MRI of the brain and known as T2 shine-
through effect (Burdette et al. 1999).

A further consequence of the long minimum echo 
times due to the diffusion preparation is the relatively 
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low signal-to-noise ratio of diffusion-weighted images. 
The combined effects of diffusion weighting, which par-
ticularly decreases the signal of fluids, and of T2 weight-
ing, which predominantly reduces the signal of other 
(non-fluid) tissue, results in globally low signal intensity 
on diffusion-weighted images. Therefore, signal-increas-
ing techniques such as increasing the voxel volume or 
(magnitude) averaging are often required for diffusion-

weighted MRI. In addition, ADC calculation can be cor-
rected for the decreasing signal-to-noise ratio at higher 
b-values (Dietrich et al. 2001a).

The range of b-values chosen for a diffusion-weighted 
MRI experiment should depend on the typical diffu-
sion coefficients that are measured and on the signal-
to-noise ratio of the diffusion-weighted image data. As a 
rule of thumb, the signal attenuation should be at least 

Fig. 2.8.6  Diffusion weighting using bipolar diffusion gradi-
ents. The diffusion gradients (green) cause a spatially varying 
magnetic field, ∆B0 (yellow), and thus spatially varying Larmor 
frequencies. The first diffusion gradient dephases the spins (three 
spins at different spatial positions are shown as yellow, blue, and 

green arrows). If the spins are stationary (no diffusion), then the 
second diffusion gradient with opposite sign rephases the spins. 
In the case of diffusing spins, rephasing is incomplete since spins 
have moved between the first and second gradient; thus, diffu-
sion-dependent signal attenuation is observed (red arrow)

Fig. 2.8.7  Acquisition of two images with different diffusion weightings (b-values b1 and b2) in order to calculate an ADC map. Note 
the large signal attenuation in CSF at the higher b-value, b2, and the correspondingly high diffusion coefficient in the ADC map
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about 60%, i.e., the product of diffusion coefficient and 
the b-value range, bmax – bmin, should be approximately 
1 (Xing et al. 1997). This corresponds to a b-value dif-
ference of about 1,000–1,500 s/mm2 in brain tissue with 
ADCs between 0.6 × 10–3 and 1.0 × 10–3 mm2/s. However, 
the choice of the largest b-value is frequently limited by 
signal-to-noise considerations, and thus, the maximum 
diffusion weighting is often reduced in order to main-
tain sufficient signal-to-noise ratio. A second point to 
consider is the choice of the lowest b-value. Although a 
b-value of 0 is often chosen, a slightly higher value of, 
for example, 50 s/mm2 can be advantageous in order to 
suppress the influence of perfusion effects (LeBihan et al. 
1988; van Rijswijk et al. 2002).

�2.8.3.2 	 Pulse Sequences for Diffusion MRI

Historically, the first MRI pulse sequences with inserted 
diffusion gradients were stimulated-echo (Taylor and 
Bushell 1985; Merboldt et al. 1985) and spin-echo se-
quences (LeBihan et al. 1986); a schematic spin-echo 
pulse sequence with diffusion gradients is shown in 
Fig. 2.8.8. In this diagram, diffusion gradients are added 
for all three spatial directions (readout, phase, and slice 
direction); however, they are usually switched on in only 
one or two of the three directions at a time. Since spins 
are refocused by a 180° pulse, both diffusion gradients 
have the same polarity. The main disadvantages of the dif-
fusion-weighted spin-echo sequence are that it requires 
long acquisition times of many minutes per data set and 
is extremely sensitive to motion. Examples of images ac-
quired with a diffusion-weighted spin-echo sequence are 
shown in Fig. 2.8.9a,b. The volunteers were asked to avoid 
any movements, but no head fixation was applied; severe 
motion artifacts degrade the images. These artifacts are 
caused by inconsistent phase information of the com-
plex-valued raw data; stimulated-echo, and spin-echo se-
quences are particularly sensitive to these effects because 

the diffusion preparation must be repeated for each raw 
data line and different states of motion will occur dur-
ing these diffusion preparations. More details about the 
motion sensitivity of diffusion-weighted sequences and 
about approaches to reduce these artifacts are described 
in the following section. With techniques such as cardiac 
gating and navigator-echo correction, image quality of 
diffusion-weighted spin-echo sequences can be dramati-
cally improved (Fig. 2.8.9c,d).

Today, the most commonly used pulse sequence for 
diffusion-weighted MRI (particularly of the brain) is the 
single-shot echo planar imaging (EPI) sequence with 
spin-echo excitation. The diffusion preparation of this 
sequence is the same as in the conventional spin-echo 
sequence of Fig. 2.8.8, but instead of acquiring a single 
echo after each excitation, the full k-space can be read. 
The advantages of the diffusion-weighted EPI sequence 
are a very short acquisition time of less than 200 ms per 
slice and its insensitivity to motion. However, the image 
resolution is typically limited to 128 × 128 matrices and 
echo planar imaging is very sensitive to susceptibility 
variations as demonstrated in Fig. 2.8.10a,b—different 
susceptibilities of soft tissue, bone, and air, cause severe 
image distortion and signal cancellation close to inter-
faces between soft tissue and air or bone. These effects 
can be reduced with new imaging methods known as 
parallel imaging or parallel acquisition techniques (see 
Sect. 2.4). The underlying idea is to use several receiver 
coil elements with spatially different coil sensitivity pro-
files to acquire multiple data sets with reduced k-space 
sampling density in the phase-encode direction. These 
data sets are used to calculate a single image correspond-
ing to a fully sampled k-space during post-processing. 
Reducing the number of phase-encode steps shortens the 
EPI echo train, decreases the minimum echo time as well 
as the total acquisition time, and increases the effective 
receiver bandwidth in the phase-encode direction. As a 
result, susceptibility-induced distortions are reduced as 
shown in Fig. 2.8.10c,d. Alternatively, the accelerated ac-

Fig. 2.8.8  Diffusion-weighted spin-echo 
pulse sequence. Diffusion gradients (shown 
in green) are inserted on both sides of the 
180° pulse. Conventional imaging gradi-
ents are shown in gray
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quisition can be used to increase the matrix size and thus 
enables echo planar imaging with 192 × 192 or 256 × 256 
matrices.

Diffusion-weighted imaging of the brain is almost ex-
clusively performed with single-shot EPI sequences (with 
or without parallel imaging). Other organs or body ar-
eas, however, are less suited for echo-planar single-shot 
acquisitions because of much more severe susceptibility 
effects that often result in images of non-diagnostic qual-
ity. Depending on the slice orientation and receiver coil 
system, these distortions can be reduced either with par-
allel imaging as described above or with segmented (i.e., 
multi-shot) EPI sequences that assemble the raw data 
from multiple shorter echo trains (Holder et al. 2000; 
Ries et al. 2000; Einarsdottir et al. 2004). A disadvan-
tage of this approach is the increased motion sensitivity 
since several excitations (and diffusion preparations) are 
required for a single data set, resulting in potentially in-
consistent phase information; segmented EPI sequences 
are therefore often combined with additional motion cor-
rection techniques.

Several other pulse sequences have been proposed for 
diffusion-weighted imaging. Diffusion gradients can be 

added to single-shot fast spin-echo sequences with echo 
trains of multiple spin-echoes (see also Sect. 2.4) such as 
HASTE or RARE sequences (Norris et al. 1992). How-
ever, the additionally inserted diffusion gradients cause 
an irregular timing of the originally equidistant refocus-
ing RF pulses. In combination with motion-dependent 
phase shifts, this violates the CPMG condition, which re-
quires a certain phase relation between excitation and re-
focusing pulses. Thus, in order to avoid artifacts, various 
modifications to diffusion-weighted fast spin-echo se-
quences have been suggested such as additional gradients 
(Norris et al. 1992), a split acquisition of echoes of even 
and odd parity (Schick 1997), or modified RF pulse trains 
(Alsop 1997). These modified diffusion-weighted single-
shot fast spin-echo sequences are fast and insensitive to 
motion; disadvantages are a relatively low signal-to-noise 
ratio, and a certain image blurring that is characteristic 
for all single-shot fast spin-echo techniques. They have 
been applied in the brain (Alsop 1997; Lovblad et al. 
1998), the spine (Tsuchiya et al. 2003, Clark and Werring 
2002), and in several non-neuro applications such as im-
aging of musculoskeletal (Dietrich et al. 2005) or breast 
(Kinoshita et al. 2002) tumors. In contrast to echo-planar 

Fig. 2.8.9  Diffusion-weighted spin-echo acquisitions (b = 
550 s/mm²) of two healthy and cooperative volunteers. a,b Un-
corrected images acquired without cardiac gating. c,d Images 
after navigator echo correction acquired with cardiac gating

Fig. 2.8.10  Images acquired with a diffusion-weighted EPI se-
quence. a,b Conventional EPI sequence exhibiting severe dis-
tortions (arrows). c,d EPI sequence with parallel imaging (accel-
eration factor 2) showing reduced susceptibility artifacts. (For 
better visualization of artifacts, only images without diffusion 
weighting (b = 0) are shown)
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imaging, these techniques are insensitive to susceptibility 
variations and, thus, particularly suited for applications 
outside the brain. Another, however only infrequently 
used alternative to echo-planar sequences are fast gradi-
ent-echo techniques (FLASH, MP-RAGE) with diffusion 
preparation (Lee and Price 1994; Thomas et al. 1998).

A special sequence type that has successfully been 
employed for diffusion-weighted imaging is based on 
steady-state free-precession (SSFP) sequences (see also 
Sect. 2.4). Pulse sequences known as CE-FAST or PSIF 
sequences (the acronym PSIF refers to a reverted fast im-
aging with steady precession, i.e., FISP, sequence) have 
been adopted to diffusion-weighted imaging by inserting 
a single diffusion gradient (LeBihan 1988; Merboldt et al. 
1989). However, in contrast to all previously described se-
quences, the diffusion weighting of this technique cannot 
be easily determined quantitatively. The observed signal 
attenuation does not only depend on the diffusion coef-
ficient and the diffusion weighting, but also on the relax-
ation times, T1 and T2, and the flip angle (Buxton 1993). 
Since these quantities are usually not exactly known, the 
ADC cannot be determined. Instead, these sequences 
have been used to acquire diffusion-weighted images 
that are evaluated based only on visible image contrast. A 
general advantage of diffusion-weighted PSIF sequences 
is the relatively short acquisition time due to short rep-
etition times of about 50 ms. Thus, they exhibit only low 
motion sensitivity. The most important application of 
this sequence type is the differential diagnosis of osteo-
porotic and malignant vertebral compression fractures 
(Baur et al. 1998, 2003). Other applications include dif-
fusion-weighted imaging of the brain (Miller and Pauly 
2003) and the cartilage (Miller et al. 2004).

2.8.3.3 	 Artifacts in Diffusion MRI: 
Motion and Eddy Currents

As mentioned above, an unwanted side effect arising 
in virtually all diffusion-weighted pulse sequences is 
extreme motion sensitivity (Trouard et al. 1996; Nor-
ris 2001). By introducing diffusion gradients, the pulse 
sequence is made sensitive to molecular motion in the 
micrometer range, but it also becomes susceptible to very 
small macroscopic motions of the imaged object since 
the diffusion gradients do not distinguish between sto-
chastic molecular motion and macroscopic bulk motion. 
Hence, even very small and involuntary movements of 
the patient, e.g., caused by cardiac motion, cerebrospi-
nal fluid pulsation, breathing, swallowing, or peristalsis, 
can lead to severe image degradation due to gross motion 
artifacts. Typical appearances of these artifacts are signal 
voids and ghosting in phase-encode direction.

Several techniques and pulse-sequence modifications 
have been proposed to reduce the motion sensitivity of 
diffusion-weighted MRI. On the one hand, any kind of 

motion should be minimized. Depending on the body 
region being imaged, this can be achieved by improved 
fixation of the patient to the scanner, by imaging dur-
ing breath hold, or by applying cardiac gating. Effects of 
motion can also be reduced by decreasing the acquisi-
tion time of a pulse sequence, i.e., by using fast acqui-
sition techniques. This is particularly effective if single-
shot sequences such as echo planar imaging techniques 
are applied. Most motion artifacts in diffusion-weighted 
imaging arise from inconsistent phase information in the 
complex-valued raw data set. This is caused by different 
states of motion in the repeated diffusion preparations of 
the acquisition. In single-shot sequences, only a single 
diffusion preparation is applied, and thus inconsistent 
phase information is avoided. It should be noted, how-
ever, that even single-shot sequences might be affected 
by inconsistent phase information if complex data of sev-
eral measurements is averaged. Instead, only magnitude 
images should be averaged in diffusion-weighted MRI in 
order to improve the signal-to-noise ratio.

Another approach to reduce motion artifacts is to 
correct for motion-related phase errors in the acquired 
raw data. This can be done using navigator echo–correc-
tion techniques (Ordidge et al. 1994; Anderson and Gore 
1994; Dietrich et al. 2000). The navigator echo is an ad-
ditional echo without phase encoding acquired after each 
diffusion preparation. In the absence of motion, all navi-
gator echoes should be identical. Thus, by comparing the 
acquired navigator echoes, bulk motion can be detected, 
and degraded image echoes can be discarded or a phase 
correction can be applied. More advanced navigator-echo 
techniques acquire several navigator echoes in different 
spatial directions (Butts et al. 1996) or use spiral naviga-
tor readouts (Miller and Pauly 2003). Certain pulse se-
quences are self-navigated, i.e., a subset of the acquired 
raw data can be used as navigator echo without the need 
for an extra navigator acquisition. Examples are pulse 
sequences with radial or spiral k-space trajectories that 
acquire the origin of k-space in every readout (Seifert et 
al. 2001; Dietrich et al. 2001b). An improved self-naviga-
tion is possible with the PROPELLER diffusion sequence, 
which repeatedly acquires a large area around the origin 
of k-space (Pipe et al. 2002).

Some image reconstruction techniques have been pro-
posed that do not use the often-inconsistent phase infor-
mation of raw data at all. In sequences with radial k-space 
trajectories, images can be reconstructed by filtered back 
projection of magnitude projection images (Gmitro and 
Alexander 1993). Another spin-echo–based approach 
known as line-scan diffusion imaging assembles the 
image from one-dimensional lines of magnitude data 
(Gudbjartsson et al. 1996). In addition to substantially 
reduced motion sensitivity, repetition times and thus im-
age acquisition time can be considerably reduced since 
the one-dimensional lines are acquired independently of 
each other. On the other hand, the signal-to-noise ratio 
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of line-scan sequences is substantially lower than that of 
conventional acquisition techniques and the spatial reso-
lution of this approach is limited as well.

A second unwanted side effect of diffusion-weighted 
sequences is eddy current effects caused by the extraor-
dinarily long and strong diffusion gradients. Eddy cur-
rents are induced electric currents in coils that occur 
after switching magnetic fields on or off. These currents 
then create unwanted additional gradient fields result-
ing in shifted or distorted images and in incorrect dif-
fusion weightings. Whereas most MRI gradient systems 
compensate very well for eddy current effects after the 
switching of short gradients typically used for imaging, 
the longer diffusion gradients are often not well compen-
sated. Hence, diffusion-weighted images are sometimes 
distorted depending on the diffusion weighting and the 
direction of the diffusion gradients, resulting in artifacts 
on ADC maps such as enhanced edges. To avoid these ar-
tifacts, several techniques have been suggested. Diffusion 
gradients can be shortened by using bipolar diffusion 
gradients (Alexander et al. 1997) or by adding additional 
180° pulses during the diffusion preparation (Reese et al. 
2003); eddy currents can be partially compensated for 
by an additional long gradient before the 90° excitation 
pulse (Alexander et al. 1997); or diffusion-weighted im-
ages can be acquired twice with diffusion gradients of 
opposite polarity (Bodammer et al. 2004). Other eddy-
current correction schemes are based on the acquisition 
of diffusion gradient–dependent field maps and data cor-
rection in k-space (Horsfield 1999; Papdakis et al. 2005). 
In general, (automated) image registration as the first step 
of postprocessing is recommended to reduce influences 
from both patient motion and eddy-current effects.

�2.8.4 	  MR Measurement of Diffusion Tensor Data

�2.8.4.1 	 Diffusion Trace Imaging

Imaging with the Stejskal-Tanner diffusion preparation 
as described above in Sect. 2.8.3.1, is only sensitive for 
molecular diffusion parallel to the direction of the diffu-
sion gradient. The diffusion preparation causes a dephas-
ing of spins that move in the direction of the applied field 
gradient, i.e., between positions with different magnetic 
field strengths as illustrated in Fig. 2.8.6. Molecular mo-
tion perpendicular to this direction does not contribute 
to the signal attenuation. In general, the diffusion dis-
placement of spins depends on the considered spatial di-
rection; e.g., protons of water molecules in nerve fibers 
move more freely parallel to the fiber direction than they 
do in perpendicular directions. This dependence of the 
diffusion on spatial orientation can be measured by ap-
plying diffusion gradients in different spatial directions, 
e.g., separately in slice, readout, and phase direction as 
demonstrated in Fig. 2.8.11. The resulting diffusion-

weighted images show substantial signal differences in 
areas with strong anisotropic diffusion such as the corpus 
callosum. The signal intensity of the corpus callosum is 
decreased if diffusion gradients in the left–right direc-
tion (readout direction in the example) are applied, but 
increased for diffusion gradients in the head–foot (slice) 
direction or the anterior–posterior (phase-encode) direc-
tion. This finding is explained by the fact that water mo
lecules diffuse more freely in the left–right direction (par-
allel to the nerve fibers) than they do in perpendicular 
directions, i.e., the effective diffusion coefficient is greater 
in the left–right direction than it is in other directions, 
and thus the signal attenuation is increased. This orienta-
tion dependence is visible in the ADC maps as well: the 
ADC in the left–right direction of the corpus callosum is 
increased compared to the ADCs in perpendicular direc-
tions. Other areas such as gray matter or the CSF do not 
show significant differences depending on the diffusion 
gradient direction, indicating approximately isotropic 
diffusion.

If the mean (or average) diffusivity of molecules 
in tissue is to be measured, then diffusion coefficients 
for all spatial directions must be averaged as shown in 
Fig. 2.8.11d; the corresponding ADC map is given by 
the mean value of the three direction-dependent maps. 
Since the direction-independent or mean ADC of tissue 
is proportional to the trace of the diffusion tensor, this 
measurement is also referred to as diffusion trace imag-
ing. The measurement of such a direction-independent 
diffusion-weighted image can be very important to avoid 
misinterpretation of hyperintense areas due to high an-
isotropy as tissue with generally reduced ADC such as 
areas of focal ischemia. Therefore, diffusion-weighted 
stroke MRI is generally based on isotropically diffusion-
weighted images.

If only a single direction-independent diffusion-
weighted image is required for diagnosis, it appears 
disadvantageous to perform three orthogonal diffusion 
measurements at the cost of three-times-increased acqui-
sition duration. It should be noted that it is not possible 
to simply apply gradients in all three directions simulta-
neously for this purpose; this results in a single magnetic 
field gradient in diagonal direction, which is again only 
sensitive for diffusion parallel to this diagonal. However, 
the Stejskal-Tanner diffusion preparation can be extended 
by a more sophisticated series of gradient pulses in differ-
ent directions to achieve an isotropic diffusion weighting 
within a single diffusion measurement (Wong et al. 1995; 
Mori and van Zilj 1995; Chun et al. 1998; Cercignani and 
Horsefield 1999).

�2.8.4.2 	 Basic Diffusion Tensor Imaging

Isotropically diffusion-weighted images can thus be ac-
quired by either a single or three orthogonal diffusion 
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preparations. However, three measurements are not yet 
sufficient to determine the properties of diffusion aniso
tropy in all cases. For example, if a nerve fiber is oriented 
diagonally to all three coordinate axes, then the diffusion 
attenuation in this fiber will be the same for the three 
measurements and cannot be distinguished from isotro-
pic diffusion. The measurement of the full diffusion ten-
sor (cf. Sect. 2.8.2.2) is required to cope with these more 
general cases. In spite of this limitation, some studies have 
used the ratio of the largest and the smallest of three per-
pendicular diffusion coefficients as an estimation of the 
anisotropy (Holder et al. 2000). However, this approach 
should be regarded as an inferior method in comparison 
to diffusion tensor evaluation and is generally not recom-
mended.

To determine the diffusion tensor, i.e., to fully mea-
sure anisotropic diffusion, more than three diffusion-
sensitized measurements with diffusion gradients in dif-
ferent spatial directions are required. However, only the 
diagonal elements of the tensor, i.e., Dxx, Dyy, Dzz, can be 
measured directly; these elements are exactly the direc-
tion-dependent ADCs determined in the example above. 
The other three (off-diagonal) tensor components Dxy, 
Dxz, Dyz do not describe diffusion in a spatial direction but 

the correlation of diffusion in two different directions; 
they cannot be measured directly, but must be calculated 
as linear combinations of several measurements.

The minimum number of measurements required to 
determine the full diffusion tensor can be deduced from 
the form of the diffusion tensor matrix: The tensor has six 
independent components Dxx, Dyy, Dzz, Dxy, Dxz, Dyz and, 
thus, at least six independent diffusion measurements are 
required. Each of these measurements is based on images 
of at least two different b-values; in order to reduce the 
total number of measurements, usually a b-value of 0 is 
chosen as a direction-independent reference. Thus, this 
reference image has to be acquired only once instead of 
separately for each diffusion direction. A possible and fre-
quently used choice of seven diffusion-weighted acquisi-
tions that are sufficient to determine the diffusion tensor 
(Basser and Pierpaoli 1998) is shown in Fig. 2.8.12. None 
of the six tensor components Dxx, Dyy, Dzz, Dxy, Dxz, or Dyz 
is measured directly by this gradient scheme; instead, all 
components must be calculated as linear combinations 
of the diffusion coefficients in these six directions. This 
calculation is based on the so-called b-matrix (Basser and 
Pierpaoli 1998), a symmetric 3 × 3 matrix describing the 
diffusion weighting for an arbitrary diffusion gradient 

Fig. 2.8.11  Diffusion-weighted imaging in 
different spatial directions. a Diffusion gra-
dients in slice (S), readout (R), and phase 
(P) direction; the row vectors  
(S, R, P) denote the selected gradients.  
b Corresponding diffusion-weighted 
images. c Calculated ADC maps corre-
sponding to the diffusion directions in a 
and images in b. d Averaged ADC map; all 
ADCs are in units of 10–3 mm2/s. Note the 
differing contrast in the diffusion-weighted 
images and ADC maps depending on the 
diffusion gradient direction (e.g., in the 
corpus callosum)
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g = ( gx gy gz):

 

where gg denotes the dyadic product of these two vectors. 
This matrix is used to describe the signal attenuation due 
to the diffusion gradient as

         

where bD denotes the matrix product of the b-matrix and 
the diffusion tensor matrix. The elements of the diffusion 
tensor Dij can be determined by solving a system of lin-
ear equations, since the b-matrix and the signal attenua-
tion are known. The result of this calculation is shown in 
Fig. 2.8.13. The three calculated diagonal elements cor-
respond to the direct ADC measurements of Fig. 2.8.11. 
The off-diagonal elements are generally much lower than 
the diagonal elements (note the differently scaled inten-
sity maps) are and are close to zero in areas with predom-
inantly isotropic diffusion (gray matter and CSF).

�2.8.4.3 	 Optimizing Diffusion Tensor Imaging

A simple protocol for diffusion tensor imaging consists of 
one reference measurement without diffusion weighting 
(b-value is 0) and six diffusion-weighted measurements 
with different gradient directions. These gradient direc-
tions should be “as different as possible,” i.e., pointing 
isotropically in all spatial directions. A typical b-value for 
DTI measurements of the brain is 1,000 s/mm2. Averag-
ing of multiple acquisitions is frequently performed to 
increase the SNR especially of the images with diffusion 
weighting. However, all these parameters (b-values, dif-
fusion directions, number of averages) have been evalu-
ated in a number of studies with the aim of optimizing 
the accuracy of diffusion tensor data.

Several studies investigated the optimum choice of 
the b-values both for conventional diffusion-weighted 
imaging and for diffusion tensor imaging. Although the 
results of these studies vary to a certain extent, gener-
ally b-values in the range between about 900 and 1400 s/
mm2 have been found to provide the highest accuracy 
of diffusion measurements in the brain (Jones et al. 
1999; Armitage and Bastin 2001; Kingsley and Monahan 
2004). The optimum number of averages depends on 
the b-values, which influence the signal attenuation and, 
thus, the signal-to-noise ratio of the diffusion-weighted 
images. In general, a higher number of averages are rec-
ommended for the acquisition with the high b-value 
than for the reference image with low b-value or without 

Fig. 2.8.12  Diffusion tensor imaging 
a Choice of diffusion gradients (S slice, 
R readout, P phase direction; the row vec-
tor denotes the selected gradients and their 
polarity) and b corresponding diffusion-
weighted images for the determination 
of the diffusion tensor. Note the different 
contrast in the diffusion-weighted images 
depending on the diffusion gradient direc-
tion (e.g., in the corpus callosum)
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any diffusion weighting. As shown by Jones et al. (1999) 
for their choice of b-values, the optimum ratio of the to-
tal number of acquisitions with high b-value and low b-
value is about 8.4.

The number of diffusion gradients and their direc-
tions has also been investigated in several studies. Gen-
erally, the accuracy of diffusion tensor data, especially of 
the diffusion anisotropy and main diffusion direction, 
is improved when the number of different diffusion di-
rections is increased (Jones et al. 1999; Papadakis et al. 
2000; Skare et al. 2000; Jones 2004). If the number of dif-
ferent directions is fixed, then the accuracy of the mea-
surements can be increased by choosing an optimized 
set of diffusion directions (Skare et al. 2000; Hasan et al. 
2001). No final consensus about the optimum number 
and choice of directions of diffusion gradients has yet 
been established, but protocols with 20 or more diffusion 
directions are currently recommended by many research 
groups.

�2.8.4.4 	 Beyond Diffusion Tensor Imaging

The diffusion tensor contains complex information about 
the tissue microstructure that is best visualized as a three-
dimensional ellipsoid as discussed in Sect. 2.8.2.2. How-
ever, diffusion tensor data may be insufficient to describe 
tissue in certain geometrical situations. A well-known 
example is the crossing of white-matter fibers within a 
single voxel as illustrated in Fig. 2.8.14. Water diffusion 
in such voxels cannot be fully described by a single el-
lipsoid, i.e., by the diffusion tensor. To overcome this 
limitation, more complex measurement techniques such 
as high-angular resolution diffusion imaging (HARDI) 
(Frank 2001; Tuch et al. 2002) and q-ball imaging (Tuch 
2004) have been proposed. All these techniques use a 
large number of different diffusion directions (e.g., be-
tween 43 [Frank 2001] and 253 [Tuch 2004]) distributed 
isotropically in space. Diffusion data is measured with 
high-angular resolution in order to determine the spa-
tial distribution of diffusion in more detail as indicated 
in Fig. 2.8.14d.

A further generalization of diffusion tensor mea-
surements loosens the assumption of Gaussian diffu-
sion, which was illustrated in Fig. 2.8.2. If diffusion is 
severely restricted, e.g., by cell membranes, no or very 
few molecules will move through this border; the prob-
ability distribution of diffusion distances will be limited 
to distances within the cell volume and will no longer 
be Gaussian. The exact displacement probabilities in re-
stricted diffusion can be measured with methods called 
q-space diffusion imaging (Assaf et al. 2002) or diffusion 
spectrum imaging (Wedeen et al. 2005). Both techniques 
require the acquisition of images with a large number of 
different b-values and, in the case of diffusion spectrum 
imaging, of different diffusion directions; e.g., the total 
number of diffusion measurements reported by Wedeen 
et al. (2005) is 515. Obviously, this large number of mea-
surements severely limits the applicability of these new 
techniques in clinical studies; the studies should therefore 
be regarded as experimental work. Another approach 
to overcome the limitations of models based purely on 
Gaussian diffusion has been proposed by Jensen et al. 
as diffusional kurtosis imaging (Jensen et al. 2005). Dif-
fusion data is acquired for several b-values over a large 
range between 0 and 2,500 s/mm2 similarly to the way 
data is acquired in q-space imaging, but with a different 
mathematical model of the non-exponential decay. This 
method is related to several other studies that investigated 
diffusion properties in tissue at high b-values and found 
non-mono-exponential diffusion attenuation curves (In-
glis et al. 2001; Clark et al. 2002). This observation has 
frequently been attributed to the simultaneous measure-
ment of water molecules in different environments such 
as the intracellular and the extracellular space; however, 
no final agreement on the interpretation of these data has 
been established (Sehy et al. 2002).

Fig. 2.8.13  Diffusion tensor data calculated from the measure-
ments shown in Fig. 2.8.12; all diffusion coefficients are in units 
of 10–3 mm2/s. a The three diagonal elements Dxx, Dyy, and Dzz, 
and b the off-diagonal elements Dxy, Dxz, and Dyz of the ten-
sor matrix. Note the different intensity scales for diagonal and 
off-diagonal elements. Some remaining eddy-current artifacts 
can be seen as enhanced edges in the maps of the off-diagonal 
elements
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�2.8.5 	  Visualization of Diffusion Tensor Data

Diffusion tensor imaging results in a large amount of 
data—a full diffusion tensor, i.e., a symmetric 3 × 3 ma-
trix, is determined for each pixel of the image dataset. 
Due to this complex data structure, there is no simple 
way to visualize the complete diffusion tensor as a single 
intensity or color map. It would be straightforward to dis-
play the six independent elements of the tensor as sepa-
rate maps as shown in Fig. 2.8.13; however, this would 
not be very helpful for the interpretation or quantitative 
evaluation of diffusion tensor data. Instead, several tech-
niques are used to reduce the diffusion tensor informa-
tion to simpler datasets that can as easily be displayed 
and interpreted as other imaging data.

�2.8.5.1 	 Scalar Diffusion Quantities

Most results of imaging examinations are presented as 
either signal intensity images or scalar parameter maps. 
These images and maps have the advantage that they can 
easily be manipulated, e.g., the contrast can be interac-
tively adjusted, and they can be quantitatively evaluated 
by statistics over regions of interest. In order to obtain 
similar parameter maps of diffusion tensor data, a single 
scalar reflecting a certain tensor property must be calcu-
lated. The most important examples of such scalars are 
the mean diffusivity or trace of the diffusion tensor and 
the anisotropy of the tensor. The mean diffusivity of a dif-
fusion tensor measurement, i.e., the diffusion coefficient 
averaged over all spatial directions, is displayed as pa-
rameter maps in Fig. 2.8.15a,b. The same data can be dis-
played either as an intensity-coded map (Fig. 2.8.15a) or 
as a color-coded map (Fig. 2.8.15b). Both maps illustrate, 
e.g., the high diffusivity of CSF and the typical ADCs of 
about 0.7 × 10–3 mm2/s in the white matter.

Many different scalar measures have been proposed 
to describe diffusion anisotropy, cf. Sect. 2.8.2.3. The two 
most important are the fractional anisotropy and the 

relative anisotropy shown in Fig. 2.8.15c,d. The maps are 
very similar; both show the high anisotropy of white mat-
ter as hyperintense areas in contrast to low anisotropy in 
gray matter or CSF.

These two scalars derived from the diffusion tensor 
are by far the most important quantities for the clinical 
evaluation of diffusion tensor data. The vast majority of 
clinical studies based on diffusion tensor imaging deter-
mine the mean diffusivity and the anisotropy in regions 
of interest in order, e.g., to statistically compare these 
data between certain patient groups or between patients 
and healthy controls.

�2.8.5.2 	 Vector Diffusion Quantities

The mean diffusivity and the anisotropy contain certain 
important information about the diffusion tensor; if the 
diffusion tensor is visualized as ellipsoid, then the diffu-
sivity reflects the volume of the ellipsoid and the anisot-
ropy its deviation from a spherical shape. However, any 
information about the main diffusion direction, i.e., the 
orientation of the longest axis of the diffusion tensor ellip-
soid, is missing. This direction corresponds to the micro
structural orientation of tissue, e.g., the orientation of 
white-matter tracts, and is determined as the eigenvector 
of the largest eigenvalue of the tensor (c.f. Sect. 2.8.2.2). 
There are two common methods to visualize the direc-
tion of this eigenvector: color coding and direct vector 
display. The direction can be color-coded using the red–
green–blue (RGB) color model. Each direction in space is 
defined by a three-component vector v = (vx vy vz) . If this 
three-component vector is interpreted as an RGB color 
specification, vectors in x-direction, v = (1 0 0), appear as 
red pixels, vectors in y-direction as green pixels, and vec-
tors in z-direction as blue pixels. Eigenvectors in other 
directions are displayed as (additive) mixtures of differ-
ent colors, e.g., the vector v = (1 0 1) as mixture of red 
and blue, yielding violet pixels. The resulting color map 
is finally scaled with the diffusion anisotropy, since the 

Fig. 2.8.14  The diffusion tensor cannot 
represent diffusion properties in voxels 
with crossing nerve fibers. Voxels with a 
single predominant fiber direction (a,b) 
show diffusion tensor ellipsoids whose 
longest axes correspond to the fiber ori-
entation. Voxels with crossing fibers (c) 
result in a diffusion tensor ellipsoid with 
reduced anisotropy pointing in an aver-
aged fiber direction. Advanced methods 
such as high angular resolution diffusion 
imaging (d) can resolve different fiber 
orientations within a single voxel
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main diffusion direction is of interest only in areas with 
high anisotropy. Some examples of these color-coded 
vector maps are shown in Fig. 2.8.16. The red color of 
the corpus callosum demonstrates that the nerve fibers 
are predominantly oriented in the left–right direction. 
White-matter areas in green and blue are oriented in the 
anterior–posterior direction and the head–foot direction, 
respectively.

Alternatively, the main diffusion direction can be di-
rectly displayed by a small line in each pixel; some authors 
refer to this technique as whisker plots. This visualization 
is on the one hand more intuitive than color coding, but 
on the other hand difficult to display for large areas be-
cause of the large number of pixels (and hence lines) of a 
complete image. An example is shown in Fig. 2.8.17; the 
magnified area shows again the corpus callosum, where 
the diffusion directions follow the anatomical orientation 
of the nerve fibers.

A general problem and limitation of the visualization 
of the main diffusion direction is that it is based on the 
assumption of linear diffusion, i.e., the diffusion ellipsoid 
is supposed to have a cigar-like shape. This is usually true 
in white matter tracts, but may lead to deceptive graphical 
depictions at crossing fibers or if diffusion is described by 
a planar tensor. Another disadvantage is that vector maps 
are difficult to compare or to evaluate statistically.

�2.8.5.3 	 Full Tensor Visualization

It is also possible to visualize the full diffusion tensor 
using the diffusion ellipsoid introduced in Sect. 2.8.2.2. 
As in the vector plots, it is often difficult to visualize the 
entire amount of data belonging to a single image slice 
at once. Therefore, this 3D tensor visualization is usually 
combined with tools to zoom into the illustration and 

Fig. 2.8.15  Parameter maps displaying 
scalar quantities calculated from the diffu-
sion tensor. Direction-independent mean 
diffusivity shown as gray-scaled map (a) 
and as color-coded map (b); the diffusion 
coefficients are given in units of 10–3 mm2/s. 
(c) Fractional anisotropy and (d) relative 
anisotropy

Fig. 2.8.16  Color-coded visualization of main diffusion orien-
tation in four different slices (a–d). The main diffusion direc-
tion (orientation of the longest axes of the diffusion ellipsoid) is 
shown in red, green, and blue for left–right, anterior–posterior, 

and head–foot orientation, respectively, as indicated in e. The 
green rim at the frontal brain is caused by remaining eddy-cur-
rent and susceptibility artifacts
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to rotate the slice in order to view the tensors in specific 
areas of the brain, as demonstrated in Fig. 2.8.18. The el-
lipsoids are additionally color-coded to emphasize the 
direction of their longest axis (the main diffusion direc-
tion); their brightness is scaled by the anisotropy. Thus, 
the ellipsoid visualization combines features of the tech-
niques described in the previous sections and, e.g., CSF 
is displayed as large but relatively dark spheres (denoting 
a high diffusion coefficient and low anisotropy), while 
the tensors in fiber tracts appear as bright elongated el-
lipsoids corresponding to linear diffusion in a single pre-
dominant orientation.

The exact depiction of the tensor information is not 
standardized but may look different depending on the 
tools used. An alternative visualization may substitute 
the ellipsoids by cuboids with equivalent dimensions as 
shown in Fig. 2.8.19. The presented information is the 
same as before, but the computational cost required to 

display cuboids is substantially lower than with smooth 
ellipsoids. Thus, interactive manipulation of the 3D data-
sets may be faster using the cuboid visualization.

�2.8.5.4 	 Fiber Tracking

Close inspection of the main diffusion directions in 
Figs. 2.8.17 or 2.8.19 suggests that the shape of white 
matter tracts can be reconstructed by connecting several 
diffusion directions in an appropriate way. This process 
is illustrated in Fig. 2.8.20, based on a magnification of 
Fig. 2.8.17. By choosing a start point and following the 
main diffusion direction, trajectories can be constructed 
that visualize the fiber tracts of white matter. A typical 
example is shown in Fig. 2.8.21, where a seed region was 
placed within the corpus callosum, and all fibers through 
this seed region were reconstructed. The color of the fi-

Fig. 2.8.17  Direct vector visualization of 
main diffusion orientation; the orientation 
of the longest axis of the diffusion ellipsoid 
is shown as a yellow line for each pixel

Fig. 2.8.18  Three-dimensional visualiza-
tion of the full diffusion tensor as color-
coded ellipsoid; the ellipsoids are colored 
as in Fig. 2.8.16. Visualization was per-
formed with the “DTI Task Card” provided 
by the MGH/MIT/HMS Athinoula A. Mar-
tinos Center for Functional and Structural 
Biomedical Imaging (Ruopeng Wang)
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bers reflects the local anisotropy in this case, but various 
other color schemes could be used instead.

Fiber tracking or diffusion tractography was devel-
oped in the late 1990s (Mori et al. 1999; Conturo et al. 
1999; Mori and van Zijl 2002; Melhem et al. 2002), and 
a multitude of different algorithms to reconstruct fibers 
have been proposed since then. Most techniques include 
data interpolation to increase the spatial resolution, and 
all require certain criteria to decide when the track-
ing of a fiber should be stopped (e.g., at pixels with low 
anisotropy or at sudden changes of diffusion direction). 
Fiber tracking is usually based either on a single-region 
approach, in which all fibers are tracked that go through 
a user-defined region of interest, or on a two-region ap-
proach where connecting fibers between two regions are 
reconstructed.

Fiber tracking depends on good image quality, with 
sufficient signal-to-noise ratio and without substantial 

distortion artifacts. Increased noise can reduce the cal-
culated anisotropy (Jones and Basser 2004) and, thus, 
the length of the reconstructed fibers. Image distortions 
cause a mismatch of anatomical fiber orientation and the 
measured diffusion direction and thus can lead to errone-
ous tractography results. Therefore, parallel imaging and 
eddy-current correction techniques can improve the re-
sults of white-matter tractography. It is generally assumed 
that isotropic spatial image resolution is preferable for fi-
ber tracking applications. A typical protocol suggested by 
Jones et al. acquires data of the whole brain in isotropic 
2.5 × 2.5 × 2.5 mm3 resolution (Jones et al. 2002b).

Fiber tracking is a valuable tool to visualize white mat-
ter structures of the brain. However, it is still very dif-
ficult to evaluate tractography results quantitatively, to 
assess the accuracy of reconstructed fibers, or to compare 
the results of different examinations. First approaches to 
these questions include the spatial normalization of ten-

Fig. 2.8.19  Three-dimensional visualiza-
tion of the full diffusion tensor as color-
coded cuboids; the cuboids are colored as 
in Fig. 2.8.16. Visualization was performed 
with the “DTI Task Card” provided by the 
MGH/MIT/HMS Athinoula A. Martinos 
Center for Functional and Structural Bio-
medical Imaging (Ruopeng Wang)

Fig. 2.8.20  Fiber tracking (white-matter 
tractography) is performed by connecting 
pixels along the main diffusion direction. 
a A start point (or seed region) is selected. 
b Pixels are connected following the main 
diffusion orientation. c Several recon-
structed fiber tracts starting in the corpus 
callosum



149

sor data sets (Jones et al. 2002a) and the determination 
and visualization of uncertainties of diffusion tensor re-
sults (Jones 2003; Jones and Pierpaoli 2005).
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�2.9 	  Risks and Safety Issues Related 
to MR Examinations

G. Brix

With the rapid development of MR technology and the 
significant level of growth in the number of patients ex-
amined with this versatile imaging modality, the consid
eration of possible risks and health effects associated 
with the use of MR procedures is gaining increasingly in 
importance. As described in detail in the previous chap-
ters, three types of fields are employed:
•	 A high static magnetic field generating a macroscopic 

nuclear magnetization
•	 Rapidly alternating magnetic gradient fields for spatial 

encoding of the MR signal
•	 Radiofrequency (RF) electromagnetic fields for excita-

tion and preparation of the spin system

In the following, the biophysical interaction mechanisms 
and biological effects of these fields are summarized as well 
as exposure limits and precautions to be taken to mini-
mize health hazards and risks to patients and volunteers 
undergoing MR procedures. In the recent past, a number 
of excellent reviews and books related to this topic have 
been published. For details and supplementary informa-
tion, the reader is referred to these publications quoted in 
the following and to the bibliographies given therein.

Because no ionizing radiation is used in MRI, it is 
generally deemed safer than diagnostic X-ray or nuclear 
medicine procedures in terms of health protection of pa-
tients. In this context, a fundamental difference between 
ionizing and non-ionizing radiation has to be noted: 
radiation exposure to ionizing radiation—at least at the 
relatively low doses occurring in medical imaging—re-
sults in stochastic effects, whereas biological effects of 
(electro)magnetic fields are deterministic. A stochastic 
process is one where the exposure determines the proba-
bility of the occurrence of an event but not the magnitude 
of the effect. In contrast, deterministic effects are those 
for which the magnitude is related to the level of expo
sure and a threshold may be defined (International Com-
mission on Non-Ionizing Radiation Protection [ICNIRP] 
2002). As a consequence, the probability of detrimental 
effects caused by diagnostic X-ray and nuclear medicine 
examinations performed over many years accumulate, 
whereas physiological stress induced by MR procedures 
is related to the acute exposure levels of a particular 
examination and does, to the present knowledge, not ac-
cumulate over years.

�2.9.1 	  Safety Regulations and Operating Modes 

In the recent past, regulations concerning MR safety have 
been largely harmonized. There are two comprehensive 
reviews by international commissions that form the basis 

for both national safety standards and the implementa-
tion of monitor systems by the manufacturers of MR de-
vices: 
1	 The technical product standard IEC 60601-2-33 is-

sued by the International Electrotechnical Commis-
sion (IEC) in 2002 (IEC 2002) 

2	 The safety recommendation issued by the ICNRIP in 
2004 (ICNRIP 2004)

In order to reflect the existing uncertainty about delete-
rious effects of (electro)magnetic fields and to offer the 
necessary flexibility for the development and clinical 
evaluation of new MR technologies, both safety regula-
tions give exposure limits for three different modes of 
operation: 
1	 Normal operating mode. Routine MR examinations 

that did not cause physiological stress to patients. 
2	 Controlled operating mode. Specific MR examina-

tions outside the normal operating range where dis-
comfort and/or physiological stress to some patients 
may occur. Therefore, a clinical decision must be taken 
to balance such effects against foreseen benefits and 
exposure must be carried out under medical super
vision.

3	 Experimental operating mode. Experimental MR 
procedures with exposure levels outside the controlled 
operating range. In view of the potential risks for pa-
tients and volunteers, special ethical approval and ad-
equate medical supervision is required.	

�2.9.2 	  Static Magnetic Fields

�2.9.2.1 	 Magnetic Properties of Matter

Magnetism in matter originates from the magnetic mo-
ments related to the movement and spin states of the 
electrons in atoms and molecules. The net magnetic mo-
ment per unit volume of the material considered is called 
magnetization Me. This quantity is related to the field 
strength H of the applied magnetic field by the magnetic 
susceptibility χ (cf. 2.2.8.1)

Me = χ H. 	 (2.9.1)

The “true” magnetic field in matter is given by the mag-
netic flux density B (cf. Sect. 2.2.8.1): 

B = μ0(H + Me) = μ0(1 + χ) H,	 (2.9.2)

with μ0 = 1.257 × 10–6 Vs/m the magnetic permeability in 
vacuum. 

Due to the covalent binding of atoms, electron shells in 
most molecules are completely filled and thus all electron 
spins are paired. Nevertheless, these diamagnetic mate-
rials can be weakly magnetized in an external magnetic 
field. As described in Sect. 2.2.8.1, this universal effect 
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is caused by changes in the orbital motion of electrons 
in an external magnetic field. The induced magnetiza-
tion is very small and in a direction opposite to that of 
the applied field (χ < 0). Paramagnetic materials, on the 
other hand, contain molecules with single, unpaired elec-
trons. The intrinsic magnetic moments related with these 
electrons tend—comparable to the much weaker nuclear 
magnetic moment (cf. Sect. 2.2.3)—to align in an exter-
nal magnetic field. This effect increases the magnetic field 
in paramagnetic materials (0 < χ < 0,01). In ferromagnetic 
materials—such as iron, cobalt, or nickel—unpaired elec-
tron spins align spontaneously with each other in the 
absence of a magnetic field in a region called a domain. 
These materials are characterized by a large positive mag-
netic susceptibility (χ > 0,01).

Biomolecules are in general diamagnetic and contain 
at most some paramagnetic centers. In almost all hu-
man tissues, the concentration of paramagnetic compo-
nents is so low that they are characterized by suscepti-
bilities differing by no more than 20% from that of water 
(χ = –9,05 · 10–6) (Schenck 2000, 2005). As a consequence, 
there is virtually no effect of the human body on an ap-
plied magnetic field (B ≅ μ0 H ).

�2.9.2.2 	 Biophysical Interaction Mechanisms

There are several established physical mechanisms 
through which static magnetic fields can interact with bi-
ological tissues and organisms. The most relevant mecha-
nisms are discussed in the following.

Magneto-mechanical interactions. Even in a uniform 
magnetic field, molecules or structurally ordered mole-
cule assemblies with either a field-induced (diamagnetic) 
or permanent (paramagnetic) magnetic moment mmol 
experience a mechanical torque that tends to align their 
magnetic moment parallel (or antiparallel) to the exter-
nal magnetic field and thus to minimize the potential en-
ergy (Fig. 2.9.1a). Orientation effects, however, can only 
occur when molecules or molecule clusters have a non-
spherical structure and/or when the magnetic properties 
are anisotropically distributed. Moreover, the alignment 
must result in an appreciable reduction of the potential 
energy (Emag ∝ – mmol B) of the molecules in the external 
field with respect to their thermal energy (Etherm ∝ kT). At 
higher temperatures, as for example in the human body, 

the alignment of molecules with small magnetic mo-
ments is prevented by their thermal movement (Brown-
ian movement). 

In a non-uniform magnetic field, as for example in 
the periphery of an MR system, paramagnetic and ferro-
magnetic materials, moreover, are attracted and thus can 
quickly become dangerous projectiles (Fig. 2.9.1b).

Magneto-hydromechanical interactions. Static mag-
netic fields also exert forces (called Lorentz forces) on 
moving electrolytes (ionic charge carriers) giving rise to 
induced electric fields and currents. For an electrolyte 
with charge q, the Lorentz force, which acts perpendicu-
lar to the direction of the magnetic field, B, and the veloc-
ity, v, of the electrolyte is given by 

F = q · (v × B).	 (2.9.3)

Since electrolytes with a positive or negative charge mov-
ing, for example, through a cylindrical blood vessel ori-
entated perpendicular to a magnetic field are accelerated 
into opposite directions, this mechanism gives rise to an 
electrical voltage across the vessel, which is commonly 
referred to as blood flow potential (Fig. 2.9.2). Moreover, 
the induced transversal velocity component also inter-
acts with the magnetic field according to Eq. 2.9.3, which 
results in a Lorentz force that is directed antiparallel to 
the longitudinal velocity component. At very high mag-
netic field strengths, this secondary effect can reduce the 
flow velocity and the flow profile of blood in large vessels 
(Tenforde 2005). 

Theoretically modeling of magneto-hydromechani-
cal interaction processes was performed by Tenforde 
(2005) based on the Navier-Stokes equation describing 
the flow of an electrically conductive fluid in the presence 
of a magnetic field using the finite element technique. 
Induced current densities in the region of the sinoatrial 
node are predicted to by greater than 100 mA/m2 at field 
levels of more than 5 T in an adult human. Moreover, 
magneto-hydromechanical interactions were predicted 
to reduce the volume flow rate of blood in the human 
aorta by a maximum of 1.3, 4.9, and 10.4% at field levels 
of 5, 10, and 15 T, respectively. 

Magnetic effects on chemical reactions. As shown by 
in vitro studies, several classes of organic chemical reac-
tions can be influenced by static magnetic fields under 

Fig. 2.9.1  Magneto-mechanical effects. 
a Orientation of a molecule with a mag-
netic moment m in a uniform magnetic 
field. b Attraction of a paramagnetic or 
ferromagnetic object in a non-uniform 
magnetic field. The direction of the acting 
forces F is indicated by arrows
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appropriate, non-physiological conditions (Grissom 
1995; World Health Organization [WHO] 2006). An es-
tablished effect consists in the modification of the kinet-
ics of chemical reactions with radicals as intermediate 
products, brought about by splitting and modification of 
electron spin states in the magnetic field. An example is 
the conversion of ethanolamine to acetaldehyde by the 
bacterial enzyme ethanolamine ammonia lyase. Radical 
pair magnetic field effects are thus used as a tool for in-
vitro studies of enzyme reactions (WHO 2006). 

�2.9.2.3 	 Biological Effects

For individual macromolecules, the extent of orienta-
tion in strong magnetic fields is very small. For example, 
measurements on DNA in solution have been shown that 
a magnetic flux density of 12 T is required to produce 
orientation of about 1% of the molecules (Maret et al. 
1975). In contrast, there are several examples of molecu-
lar aggregates that can be oriented to a large extend by 
static magnetic fields, such as outer segments of retinal 
rod cells, muscle fibers, and filamentous virus particles 
(ICNIRP 2003; WHO 2006). An example of an intact 
cell that can be oriented magnetically is the erythrocyte. 
It has been shown that both resting and flowing sickled 
erythrocytes align in fields of more than 0.35 T with their 
long axis perpendicular to the magnetic flux lines (Brody 
et al. 1985; Murayama 1965). Highashi et al. (1993) re-
ported that normal erythrocytes could be oriented with 
their disk planes parallel to the magnetic field direction. 
This effect was detectable even at 1 T, and almost 100% 
of the cells were oriented when exposed to 4 T. On the 
other hand, calculations performed by Schenck (2005) 
yielded that all of these orientation effects observed in 
vitro are probably too small to affect the orientation of 
the equivalent structures in vivo. However, although bio-
physical models make it possible to roughly estimate the 
magnitude of static magnetic field effects, the reality is so 
complex that calculations can in principle not rule out 
physiological effects (Hore 2005).

Based on the evidence at present, there is no strong 
likelihood of major physiological consequences arising 
from radical-pair magnetic field effects on enzymatic 
reactions. Reasons against are the efficacy of homeo-

static buffering and the fact that the contrived conditions 
needed to observe a magnetic field response in the labora
tory are unlikely to occur under physiological conditions 
(Hore 2005). 

There have been only a few studies on the effects of 
static magnetic fields at the cellular level. They reveal 
that exposure to static magnetic fields alone has no or 
extremely small effects on cell growth, cell cycle distribu-
tion, and the frequency of genetic damage, regardless of 
the magnetic flux density. However, in combination with 
other external factors such as ionizing radiation or some 
chemicals, there is evidence to suggest that a static mag-
netic field modifies their effects (Miyakoshi 2005). 

With regard to possible effects on reproduction and 
development, no adverse effects of static magnetic fields 
have been consistently demonstrated; few good studies 
however have been carried out, especially to fields in ex-
cess of 1 T (ICNIRP 2003; Saunders 2005; WHO 2006). 
Several studies indicate that implantation as well as pre-
natal and postnatal development of the embryo and fetus 
is not affected by exposure for varying periods during 
gestation to magnetic fields of flux densities between 1 
and 9.4 T (Konermann and Mönig 1986; Murakami et al. 
1992; Okazaki et al. 2001; Sikov et al. 1979). On the other 
hand, Mevissen et al. (1994) reported that continuous 
exposure of rats to a 30-mT field slightly decreased the 
numbers of viable fetuses per litter. 

Electric flow potentials generated across the aorta and 
other major arteries by the flow of blood in a static mag-
netic field can routinely seen in the ECG of animals and 
humans, exposed to fields in excess of 100 mT. In humans, 
the largest potentials occur across the aorta after ventric-
ular contraction and appear superimposed on the T-wave 
amplitude of the ECG. Different animal studies demon-
strated effects of static magnetic fields on blood flow, arte-
rial pressure, and other parameters of the cardiovascular 
system, often at fields with flux densities much less than 
1 T (Saunders 2005). The results of these studies, how-
ever, have to be interpreted with caution because it is dif-
ficult to reach any firm conclusion from cardiovascular 
responses observed in anaesthetized animals (Saunders 
2005; WHO 2006). On the other hand, two recent studies 
on humans exposed to a maximum flux density of 8 T 
(Chakeres et al. 2003; Kangarlu et al. 1999) did not yield 
clinically relevant changes in the heart rate, respiratory 

Fig. 2.9.2  Magneto-hydrodynamic effect. 
Positively and negatively charged electro-
lytes moving with a velocity v through a 
blood vessel oriented perpendicular to a 
magnetic field are accelerated into opposite 
directions and thus induce an electric volt-
age UH across the vessel (blood flow poten-
tial). Cross-hatches indicate the direction of 
the magnetic field into the paper plane
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rate, diastolic blood pressures, finger pulse oxygenation 
levels, and core body temperature The only physiologic 
parameter that was found to be altered significantly by 
high-field exposure was a change in measured systolic 
blood pressure. This is consistent with a hemodynamic 
compensatory mechanism to counteract the drag on 
blood flow exerted by magneto-hydrodynamic forces as 
described in Sect. 2.9.2.2 (Chakeres and de Vocht 2005). 

Various behavioral studies yielded that the movement 
of laboratory rodents in static magnetic fields above 4 T 
may be unpleasant, inducing aversive responses and condi
tioned avoidance (WHO 2006). Such effects are thought 
to be consistent with magneto-hydrodynamic effects on 
the endolymph of the vestibular apparatus (WHO 2006). 
This is in line with reports that some volunteers and pa-
tients exposed in static magnetic fields with flux densities 
above 1.5 T experienced sensations of vertigo, nausea, and 
a metallic taste in the mouth (Chakeres et al. 2003; Kan-
garlu et al. 1999; Schenck 2000, 2005). Moreover, some of 
them reported on magnetophosphenes occurring during 
rapid eye movement in a field of at least 2 T, which may 
be attributable to weak electric fields induced by move-
ments of the eye, resulting in an excitation of structures 
in the retina (Reilly 1998; Schenck 2000).

Two recent studies evaluated neurobehavioral effects 
among subjects exposed to static magnetic fields of 1.5 
and 8 T, respectively, using a neurobehavioral test bat-
tery. Performance in an eye–hand coordination test and 
a near-visual contrast sensitivity task slightly declined at 
1.5 T (de Vocht et al. 2003), whereas a small negative ef-
fect on short-term memory was noted at 8 T (Chakeres 
et al. 2003). Taking also into account the results of other 
neurobehavioral studies, it can be concluded that there 
is at present no evidence of any clinically relevant modifi
cation in human cognitive function related to static mag-
netic field exposure (Chakeres and de Vocht 2005). 

There are only a few epidemiological studies available 
that were specifically designed to study health effects of 
static magnetic fields. The majority of these have been fo-
cused on cancer risks. In 2002, the International Agency 
for Research on Cancer (IARC) (2002) reviewed epidemi-
ological studies focused on cancer risks. Generally, these 
studies have not pointed to higher risks, although the 
number of studies was small, the numbers of cancer cases 
were limited, and the information on individual exposure 
levels was poor. Therefore, the available evidence from 
epidemiological studies is at present not sufficient to draw 
any conclusions about potential health effects of static 
magnetic field exposure (Feychting 2005; WHO 2006). 

Some epidemiological studies have investigated repro-
ductive outcome for workers involved in aluminum in-
dustry or in MRI. Kanal et al. (1999), for example, evalu-
ated 1,421 pregnancies of women working at clinical MR 
facilities. Comparing these pregnancies with those occur-
ring in employees at other jobs, they did not find signifi-
cant increased risks for spontaneous abortions, delivery 
before 39 weeks, reduced birth weight, and male gender 

of the offspring. However, no studies of high quality have 
been carried out of workers occupationally exposed to 
fields greater than 1 T.

�2.9.2.4 	 Exposure Limits

Although there are initial experiences concerning the 
examination of volunteers and patients in ultra-high 
MR systems with magnetic flux densities of up to 8 T, 
most clinical MR procedures have been performed so 
far at static magnetic fields below 3 T. As summarized in 
Sect. 2.9.2.3, the literature does not indicate any serious 
adverse health effects from the exposure of healthy hu-
man subjects up to a flux density of 8 T (ICNIRP 2004). 
However, because movements in static magnetic fields 
above 2 T can produce nausea and vertigo, both the IEC 
standard and the ICNIRP recommendation (Table 2.9.1) 
regulate that MR examinations above this static magnetic 
flux density should be performed in the controlled operat
ing mode under medical supervision. The recommended 
upper limit for the operating mode is 4 T, due to the lim-
ited information concerning possible effects above this 
magnetic flux density. For MR examinations performed 
in the experimental operating mode, there is no upper 
limit for the magnetic flux density. In a safety document 
issued in 2003, the US Food and Drug Administration 
(FDA) (2003) deemed MR devices significant risk only 
when a static magnetic field of more than 8 T is used. 

�2.9.3 	  Time-Varying Magnetic Gradient Fields

�2.9.3.1 	 Electric Fields and Currents Induced 
by Time-Varying Magnetic Fields 

According to Faraday’s law, a time-varying magnetic field 
B(t) induces an electric field E(t), which has two impor-
tant characteristics: the field strength is proportional 
to the time rate of change of the magnetic flux density, 
dB(t)/dt, and the field lines form closed loops around the 
direction of the magnetic field.

Time-varying magnetic fields are used in MRI—
among others—to spatially encode MR signals arising 
from the different volume elements within the human 
body. To this end, three independent gradient coils are 

Table 2.9.1  Limits for the magnetic flux density B0 for volun-
teers and patients undergoing MR procedures (ICNIRP 2004; 
IEC 2002)

Operating mode

Normal Controlled Experimental

B0 ≤ 2 T 2 T < B0 ≤ 4 T B0 > 4 T



157

used to produce magnetic fields directed parallel to the 
static magnetic field B0 = (0, 0, B0) with a field strength 
varying in a linear manner along the x-, y- and z-direc-
tion as shown in Fig. 2.3.1. 

For the special case of a spatially uniform magnetic 
field directed in the z-direction, Bz(t), the electric field 
strength along a circular (conductive) loop of radius r in 
the x–y-plane is given by 

	 (2.9.4)

This equation reveals that the electric field strength in the 
considered circular loop increases linearly with its radius 
as well as with the rate of change, dB(t)/dt. This model 
gives, for example, the electric field induced by the mag
netic gradient field B = (0, 0, G z · z) of the z-gradient coil. 

In contrast, the distribution of the electric fields in-
duced by the time-varying magnetic gradient fields 
B = (0, 0, G x · x) and B = (0, 0, G y · y) is much more com-
plex, since the magnetic flux density of these fields is not 
uniform over the x–y-plane. Moreover, the generation 
of these gradient fields is inevitable connected – due to 
fundamental principles of electrodynamics – with the oc-
currence of magnetic fields directed in the x- and y-di-
rection, i.e., B = (Bx, 0, 0) and B = (0, By, 0), respectively. 
Although these “Maxwell terms” are of no relevance for 
the acquisition of MR images, they have to be considered 
carefully with respect to biological effects. 

The distribution of electric fields induced by time-
varying magnetic fields directed parallel and perpendicu-
lar to the long axis of the human body is schematically 
shown in Fig. 2.9.3. The precise spatial and temporal 

distribution of the electric fields in the human body, of 
course, strongly depends on both the technical character-
istics of the gradient coils implemented at a specific MR 
system and the morphology of the body region exposed, 
and thus cannot be described by a simple mathematical 
expression. For worst-case estimations, however, it can be 
assumed that the electric field induced by a non-uniform 
magnetic field is equal or smaller than the electric field 
produced by a uniform magnetic field with field strength 
equal to the maximum magnetic flux density of the non-
uniform field (Schmitt et al. 1998). For a uniform mag-
netic field, the electric field strength reaches, in general, a 
maximum when the magnetic field is orientated perpen-
dicular to the coronal plane of the body (see Fig. 2.9.3, 
right) since the extension of conductive loops is largest in 
this direction (Reilly 1998). 

In conductive media, such as biological tissues, the in-
ternally induced electric field E(t), results in circulating 
eddy currents, j(t). Both quantities are related by the elec
tric conductivity of the medium, σ,

j(t) = σ E(t).	 (2.9.5)

Calculation of the current distribution in the human 
body is complicated due to widely differing conductivi-
ties of various tissue components. For rough estimations, 
however, the body can be treated as a homogeneous me-
dium with an average conductivity of σ = 0.2 S/m (Reilly 
1998). According to Eqs. 2.9.4 and 2.9.5, for example, a 
current density of 20 mA/m2 is induced at a radius of 
20 cm by a rate of change in the magnetic flux density of 
dBz/dt = 1 T/s.

Fig. 2.9.3  Schematic representation of 
the electric field induced by time-varying 
magnetic fields B(t) that are directed par
allel (left) and perpendicular (right) to the 
long axis of the human body. The electric 
field lines form closed loops around the 
direction of the magnetic field 
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�2.9.3.2 	 Biophysical Interaction Mechanisms

The magnetic flux density of gradient fields used in MRI 
is about two orders of magnitude lower than that of the 
static magnetic field B0. Therefore, time-varying magnetic 
fields produced by gradient coils in MRI can be neglected 
compared to the strong static magnetic field as far as in-
teractions of magnetic fields with biological tissues and 
organisms are concerned (cf. Sect. 2.9.2.2). In contrast, 
however, biophysical effects related to the electric fields 
and currents induced by the magnetic fields have to be 
considered carefully.

In general, rise times of magnetic gradients in MRI 
are longer than 100 µs, resulting in time-varying electric 
fields and currents with frequencies below 100 kHz. In 
this frequency range, the conductivity of cell membranes 
is several orders of magnitude lower than that of the ex-
tra- and intracellular fluid (Foster and Schwan 1995). 
As illustrated in Fig. 2.9.4, this has two important con-
sequences. First, the cell membrane tends to shield the 
interior of cells very effectively from current flow, which 
is thus restricted to the extracellular fluid. Second, volt-
ages are induced across the membrane of cells. When 
the electric voltages are above a tissue-specific threshold 
level, they can stimulate nerve and muscle cells (Foster 
and Schwan 1995).

Theoretical models describing cardiac and peripheral 
nerve stimulation have been presented by various sci-
entists (i.e., by Irnich, Mansfield, and Reilly). A detailed 
discussion of the underlying assumptions of the differ-
ent models and the differences between them can be 
found, among others, in (Schaefer et al. 2000; Schmitt et 
al. 1998). The best approximation to experimental data is 
given by a hyperbolic strength-duration expression 

	 (2.9.6)

which relates the stimulation threshold, expressed as rate 
of change dB/dt of the magnetic flux density, with the 

stimulus duration t, i.e., the ramp time of the magnetic 
gradient field (Schaefer et al. 2000; Schmitt et al. 1998). 
A hyperbolic model comparable to Eq. 2.9.6 was first es-
tablished by G. Weiss in 1901 for an electric current pulse 
and the corresponding electric charge. This “fundamen-
tal law of electrostimulation” has been confirmed mean-
while in numerous studies for neural and cardiac exci-
tation as well as for defibrillation (Schaefer et al. 2000). 
As shown in Fig. 2.9.5, the threshold for the strength of 
a stimulus decreases with its duration. The asymptotic 
stimulus strength, B•

∞, for an infinite duration is denoted 
as “rheobase”; the characteristic response time constant, 
τc , as “chronaxie”. It should be mentioned that according 
to a model presented by Irnich et al. stimulation depends 
on mean (rather than peak) dB/dt changes and is thus 
independent on the special shape of the gradient pulse 
(Schaefer et al. 2000). In current safety regulations, how-
ever, exposure limits are unanimously expressed as maxi-
mum dB/dt values.

�2.9.3.3 	 Biological Effects

In accordance with the biophysical mechanisms de-
scribed in the previous section, there is now a strong 
body of evidence suggesting that the transduction pro-
cesses through which induced electric fields and currents 
can influence cellular properties involve interactions at 
the level of the cell membrane (ICNIRP 2003). In addi-
tion to the stimulation of electrically excitable tissues, 
changes in membrane properties—such as ion-binding 
to membrane macromolecules, ion transport across the 
membrane, or ligand–receptor interactions—may trigger 
transmembrane signaling events.

Cardiac and peripheral nerve stimulation. Experimen-
tal studies with magnetic stimulation of the heart have 
been carried out since about 1991, with the introduction 
of improved gradient hardware for EPI. Experiments 

Fig. 2.9.4  In the frequency range below 100 kHz, the conduc-
tivity of cell membranes (σm) is several orders of magnitude 
lower than that of the extra- and intracellular fluid (σext and σint, 
respectively) so that the induced electric fields (and also the re-
sulting electric currents) are mainly restricted to the extracel-
lular fluid (Eext > Eint). As a result, electric voltages are gener-
ated across the membrane of cells that can stimulate nerve and 
muscle cells
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were not performed of course with humans, but rather 
with dogs. The data, which are listed and reviewed by 
Reilly (1998), reveal that magnetic stimulation is most ef-
fective, when it is delivered during the T wave of the car-
diac cycle. Moreover, excitation thresholds for the heart 
are substantially greater than that for nerve as long as the 
pulse duration is sufficiently less than the chronaxie time 
of the heart of about 3 ms. Therefore, the avoidance of 
peripheral sensations in a patient provides a conservative 
safety margin with respect to cardiac stimulation. Bour-
land et al. (1991) determined a mean value of 14.1 ± 6.7 
for the ratio of cardiac (the induction of ectopic beats) to 
muscle stimulation in dogs for a pulse duration of 530 µs, 
which is quite close to the theoretical heart/nerve ratio of 
14.0 estimated by Reilly (1998). Various studies yielded 
that the cardiac threshold variability of healthy persons is 
surprisingly low, which is confirmed by experimental and 
clinical experience that pacing thresholds are rather uni-
form (Schmitt et al. 1998). Drugs and changes in electro-
lyte concentrations can lower thresholds, but not below 
about 80% of the normal value (Schmitt et al. 1998).

Peripheral nerve stimulation has been investigated 
in various volunteer studies. A systematic evaluation 
of the available data was presented by Schaefer et al. in 
2000. They recalculated published threshold levels—of-
ten reported for different gradient coils and shapes in 
different terms—to the maximum dB/dt occurring dur-
ing the maximum switch rate of the gradient coil at a 
radius of 20 cm from the central axis of the MR system, 
i.e., at the border of the volume normally accessible to 
patients. In Fig. 2.9.6, the recalculated threshold levels 
are plotted for the y- (anterior/posterior) and z-gradient 
coils (superior/inferior) as compared to model estimates 
by Reilly. As expected, y-gradient coils have lower stimu-
lation threshold for a given ramp time than x-gradient 

coils since the x–z cross-sections of the body are usually 
larger than are x–y cross-sections. By fitting the hyper-
bolic strength-duration relationship defined in Eq. 2.9.6 
to mean peripheral nerve stimulation thresholds mea-
sured by Bourland et al. (1999) in 84 human subjects, 
Schaefer et al. estimated the following values for the 
rheobase/chronaxie: 22.1 T/s/0.365 ms for the y-gradi-
ent and 31.7 T/s /0.378 ms for the z-gradient. As shown 
in Fig. 2.9.6, the dB/dt intensity to induce a sensation that 
the subject described as uncomfortable or even painful 
was significantly above the sensation threshold. Bourland 
et al. (1999) also analyzed their stimulation data in the 
form of cumulative frequency distributions, that gives 
for a dB/dt level the number of subjects that had already 
reported on perceptible, uncomfortable, or even intoler-
able sensations. They found that the dB/dt level needed 
for the lowest percentile for uncomfortable stimulation 
is approximately equal to the median threshold for per-
ception. The lowest percentile for intolerable stimulation 
occurs at a dB/dt level approximately 20% above the me-
dian perception threshold.

Time-varying magnetic fields can also result in the 
perception of magnetophosphenes due to the induction 
of electrical currents, presumably in the retina (cf. Sect. 
2.9.2.3). A unique feature of phosphenes, which are not 
considered to be hazardous to humans, is their low exci-
tation threshold and sharply defined excitation frequency 
of about 20 Hz as compared to other forms of neural 
stimulation (Reilly 1998). 

In general, a combination of magnetic gradient fields 
from all three gradient coils is used in MRI. In this case, 
the biological relevant time-varying magnetic field is ap-
proximately given by the vector sum of the magnetic field 
components. A detailed discussion of the effect of stimu-
lus shape, number of stimuli, and other experimental set-

Fig. 2.9.5  Hyperbolic strength-duration 
expression that relates the stimulation 
threshold, expressed as rate of change 
dB/dt of the magnetic flux density, with the 
stimulus duration t, i.e., the ramp time of 
the magnetic gradient field. The asymptotic 
stimulus strength, B

•

∞ , for an infinite dura-
tion is denoted as rheobase; the characteris-
tic response time constant, τc , as chronaxie
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tings on stimulation thresholds can be found in (Reilly 
1998; Schmitt et al. 1998).

Other biological endpoints. A comprehensive review 
of the current scientific evidence on biological effects of 
low-frequency electromagnetic fields in the frequency 
range up to 100 kHz has been published by ICNIRP in 
2003. The majority of the reviewed studies focus on ex-
tremely low–frequency (ELF) magnetic fields associated 
with the use of electricity at power frequencies of 50 or 
60 Hz. According to the ICNRIP review, cellular studies 
do not provide convincing evidence that low-frequency 
magnetic fields alter cell division, calcium homeostasis, 
and signaling pathways. Furthermore, no consistent ef-
fects were found in animals and humans with respect to 
genotoxicity, reproduction, development, immune sys-
tem function, as well as endocrine and hematological 
parameters. On the other hand, a number of laboratory 
and field studies on humans demonstrated an effect of 
low-frequency magnetic fields at higher exposure levels 
on the power spectrum of different EEG frequency bands 
and on sleep structure. In the light of cognitive and per-
formance studies yielding a number of biological effects, 
further studies are necessary to clarify the significance of 
the observed effects for human health.

Over the last two decades, a large number of high 
quality epidemiological investigations of long-term dis-
ease endpoints such as cancer, cardiovascular and neuro-
degenerative disorders have been performed in relation 
to time-varying—mainly ELF—magnetic fields. Follow-
ing the mentioned ICNIRP review (2003), the results 
can be summarized as follows. Among all the outcomes 
evaluated, childhood leukemia in relation to postnatal 
exposures to 50 or 60 Hz magnetic fields at flux densi-
ties above 0.4 µT is the one for which there is most evi-
dence of an association. However, the results are difficult 
to interpret in the absence of evidence from cellular and 
animal studies. There is also evidence for an association 

of amyotrophic lateral sclerosis (ALS) with occupational 
EMF exposure although confounding is a potential expla-
nation. Whether there are associations with breast cancer 
and cardiovascular disease remains unsolved. 

�2.9.3.4 	 Exposure Limits

From a safety standpoint, the primary concern with regard 
to rapid switching of magnetic gradients is cardiac fibril-
lation, because it is a life-threatening condition. In con-
trast, peripheral nerve stimulation is of practical concern 
because uncomfortable or intolerable stimulations would 
interfere with the examination (e.g., patient movements) 
or would even result in a termination of the examination. 

In the current safety recommendations issued by IEC 
(2002) and and ICNRIP (2004), maximum dB/dt values 
for time-varying magnetic fields created by gradient coils 
is limited for patient and volunteer examinations per-
formed in the normal and the controlled operating mode 
by the dB/dt level of 80% and 100% of the mean percep-
tion threshold for peripheral nerve stimulation, respec
tively. To this end, mean perception threshold levels have 
to be determined by the manufacturers for any given type 
of gradient system by means of experimental studies on 
human volunteers. As an alternative, the following em-
pirical hyperbolic strength-duration expression for the 
mean threshold for peripheral nerve stimulation (ex-
pressed as maximum change of the magnetic flux density 
in T/s) can be used: 

	 (2.9.7)

In this equation, teff is the effective stimulation duration 
(in milliseconds), i.e., the duration of the period of mono-
tonic increasing or decreasing gradient. A mathematical 
definition for arbitrary gradient shapes can be found in 
the IEC standard (2002).

Fig. 2.9.6  Mean human nerve stimulation thresholds deter-
mined in different volunteer studies for y-gradient coils (an-
terior–posterior; left) and z-gradient coils (superior–inferior; 

right) as compared to model estimates by Reilly. For details see 
text. (From Schaefer et al. 2000; reprinted by permission of John 
Wiley & Sons, Ltd. All Rights Reserved)
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�2.9.4 	  Radiofrequency Electromagnetic Fields

�2.9.4.1 	 Biophysical Interaction Mechanisms

Time-varying magnetic fields used for the excitation and 
preparation of the spin system in MRI (B1 fields, cf. Sect. 
2.2.4) have typically frequencies above 10 MHz. In this 
RF range, the conductivity of cell membranes is compa-
rable to that of the extra- and intracellular fluid, which 
means that no substantial voltages are induced across the 
membranes (Foster and Schwan 1995). Due to this rea-
son, stimulation of nerve and muscle cells is no longer a 
matter of concern. Instead, thermal effects due to tissue 
heating are of importance.

Energy dissipation of RF fields in tissues is described 
by the frequency-dependent conductivity σ(ω), which 
characterizes energy losses due to the induction and 
orientation of electrical dipoles as well as the drift of free 
charge carriers in the induced time-varying electric field 
(Foster and Schwan 1995). The energy absorbed per unit 
of tissue mass and time, the so-called specific absorption 
rate (SAR, in W/kg), is approximately given by 

2EEjSAR ⋅
=

⋅
=

σ
ρ ρ 	 (2.9.8)

where E is the induced electric field, j the corresponding 
current density, and ρ the tissue density (cf., 2.9.3.1). 

Absorption of energy in the human body strongly 
depends on the size and orientation of the body with 
respect to the RF field as well as on the frequency and 
polarization of the field. Theoretical and experimental 
considerations reveal that RF absorption in the body ap-
proaches a maximum when the wavelength of the field 
is in the order of the body size. Unfortunately, the wave-
length of the RF fields used in MRI falls into this “reso
nance range.”

In order to discuss the effect of various measurement 
parameters on RF absorption, let us consider a simple 
MR sequence with only one RF pulse—such as a 2D or 
3D FLASH sequence. In this case, the time-averaged SAR 
can approximately be described by the expression 

S
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tBSAR ⋅⋅⋅∝ a 	 (2.9.9)

According to this equation, the time-averaged SAR is 
proportional
•	 To the square of the static magnetic field, B0, which 

means that energy absorption is markedly higher at 
high-field as compared to low-field MR systems

•	 To the square of the pulse angle, α, so that a sequence 
with a 90° or even a 180° pulse will result in a much 
higher SAR value than a sequence with a low-angle ex-
citation pulse

•	 To the duty cycle, tP  / TR, of the sequence, e.g., the ratio 
of the pulse duration tp and the repetition time TR of 
the pulse or sequence

•	 To the number of slices, NS, subsequently excited 
within the repetition time of a 2D sequence (multi-slice 
technique, cf. Sect. 2.3.5; NS = 1 for 3D sequences)

In case of a more complex MRI sequence with various RF 
pulses, e.g., a spin-echo or a turbo spin-echo sequence, 
the contribution of the different RF pulses to patient ex-
posure has to be summed up.

The most relevant quantity for the characterization of 
physiological effects related to RF exposure is the tem-
perature rise in the various body tissues, which is not 
only dependent on the localized SAR and the duration 
of exposure, but also on the thermal conductivity and 
microvascular blood flow (perfusion). In case of a par-
tial-body RF exposure, the latter two factors lead to fast 
temperature equalization within the body (Adair 1996). 
Based on the bioheat equation, it can be shown (Brix et 
al. 2002) that for this particular exposure scenario the 
temperature response in the center of a homogenous 
tissue region, which is larger in each direction than the 
so-called thermal equilibration length, λ, is given by a 
convolution of the exposure-time course, SAR(t), with a 
tissue-specific system function, exp (–t/τ),

	 (2.9.10)

where τ is the thermal equilibration time, Ta the constant 
temperature of arterial blood, and c the specific heat ca-
pacity of the tissue. For representative tissues, equilibra-
tion lengths and times are between 1.5 and 12 mm and 
0.2 and 25 min, respectively (Brix et al. 2002). Both pa-
rameters are inversely related to tissue perfusion and thus 
vary considerably. In case of a continuous RF exposure, 
the temperature rise even in poorly perfused tissues is 
less than 0.5°C for each W/kg of power dissipated.

Using a simple model of power deposition in the head, 
Athey (1989) showed that continuous RF exposure over 
1 h is unlikely to raise the temperature of the eye by more 
than 1.6°C when the average SAR to the head is less than 
3.2 W/kg. More complex computations were performed 
by Gandhi and Chen (1999) for a high-resolution model 
of the human body using the finite-difference time do-
main in order to assess SAR distributions in the body 
for different RF coils. Their calculations indicate that the 
maximum SAR averaged over 100 g of tissue can be ten 
times greater than the whole-body average SAR (“hot 
spots”).

�2.9.4.2 	 Biological Effects

Established biological effects of RF fields used for MR ex-
aminations are primarily caused by tissue heating. There-
fore, it is important to critically evaluate the numerous 
number of studies focused on temperature effects, from 
the cellular and tissue level to the whole-body level, in-
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cluding potential effects on vulnerable persons. In con-
trast, non-thermal (or athermal) effects are not well 
understood but seem—as far as this can be assessed at 
moment—to have no relevance with respect to the as-
sessment of adverse effects associated with MR examina-
tions. Non-thermal effects are those which can only be 
explained in terms of mechanisms other than increased 
random molecular motion (i.e., heating) or which occur 
at SAR levels so low that a thermal mechanism seems un-
likely (ICNIRP 1997). 

As summarized in a review by Lepock (2003), relative 
short exposures of mammalian cells to temperatures in 
excess of 40–41°C result in a variety of effects, such as 
inhibition of cell growth, cytotoxic changes, alteration of 
signal transduction pathways, and an increased sensitiv-
ity to other stresses such as ionizing radiation and chemi-
cal agents. This suggests that damage is not localized to 
a single target, but that multiple heat-labile targets are 
damaged. Extensive protein denaturation has been ob-
served at temperatures of 40–45°C for moderate periods.

The most sensitive animal responses to heat loads are 
thermoregulatory adjustments, such as reduced meta-
bolic heat production, vasodilatation, and increased heart 
rate. The corresponding SAR thresholds are between 
about 0.5 and 5 W/kg (ICNIRP 1998). The observed car-
diovascular changes reflect normal thermoregulatory re-
sponses that facilitate the conduction of heat to the body 
surface in order to maintain normal body temperatures. 
Direct quantitative extrapolation of the animal (includ-
ing primate) data to humans, however, is difficult given 
the marked species differences in the basal metabolism 
and thermoregulatory ability (WHO 1993). 

At levels of RF exposure that cause body tempera-
ture rises of 1°C or more, a large number of additional, 
in most cases reversible, physiological effects have been 
observed in animals, such as alterations in neural and 
neuromuscular functions, increased blood-brain barrier 
permeability, stress-associated changes in the immune 
system, and hematological changes (ICNIRP 1998; Mi-
chaelson and Swicord 1996; WHO 1993). Thermal sensi-
tivities and thresholds for irreversible tissue damage from 
hyperthermia have been summarized by Dewhirst et al. 
(2003). The most sensitive organs to acute damage are the 
testes and brain as well as portions of the eye (lens opaci-
ties and corneal abnormalities). The SAR threshold for ir-
reversible effects even in the most sensitive tissues caused 
by RF exposure, however, is greater than 4 W/kg under 
normal environmental conditions (ICNIRP 1998).

Effects of heat on embryo and fetus have been thor-
oughly reviewed by Edwards et al. (2003). Processes criti-
cal to embryonic development, such as cell proliferation, 
migration, differentiation, and apoptosis are adversely 
affected by elevated maternal temperatures. Therefore, 
hyperthermia of animals during pregnancy can cause 
embryonic death, abortion, growth retardation, and de-
velopmental defects. Especially the development of the 

central nervous system is susceptible to heat. However, 
most animal data indicate that implantation and the 
development of the embryo and fetus are unlikely to be 
affected by RF exposures that increase maternal body 
temperature by less than 1°C (WHO 1993). In humans, 
epidemiological studies suggest that an elevation of ma-
ternal body temperature by 2°C for at least 24 h during 
fever can cause a range of developmental defects, but 
there is little information on temperature thresholds for 
shorter exposures (Edwards et al. 2003).

Humans possess comparatively effective heat loss 
mechanisms. In addition to a well-developed ability 
to sweat, the dynamic range of blood flow rates in the 
skin is much higher than it is in other species. Studies 
focused on RF-induced heating of patients during MR 
procedures have been summarized and evaluated in a re-
view by Shellock (2000). They indicate that exposure of 
resting humans for 20–30 min to RF fields producing a 
whole-body SAR of up to 4 W/kg results in a body tem-
perature increase between 0.1 and 0.6°C (WHO 1993). 
Of special interest is an extensive MR study reported by 
Shellock et al. (1994). In this study, thermal and physi-
ologic responses of healthy volunteers undergoing an 
MR examination over 16 min at a whole-body averaged 
SAR of 6.0 W/kg were investigated in a cool (22°C) and 
a warm (33°C) environment. In both cases, significant 
variations of various physiologic parameters were ob-
served, such as an increase in the heart rate, systolic 
blood pressure, or skin temperature. However, all varia-
tions were in a range that can be physiologically tolerated 
by an individual with normal thermoregulatory function 
(Shellock et al. 1994). Generally, these studies are sup-
ported by mathematical modeling of human thermo-
regulatory responses to MR exposure (Adair 1996; Adair 
and Berglund 1986, 1989). It should be noted, however, 
that heat tolerance or thermoregulation may be compro-
mised in some individuals undergoing an MR examina-
tion, such as the elderly, the very young and people with 
certain medical conditions (e.g., obesity, hypertension, 
impaired cardiovascular functions, diabetes, fever, etc.) 
and/or taking certain medications (e.g., beta-blockers, 
calcium channel blockers, sedatives, etc.) (Donaldson 
et al. 2003; Goldstein et al. 2003; ICNIRP 2004; Shellock 
2000).

Some regions of the human body, in particular the 
brain, are particularly vulnerable to raised temperatures. 
Mild-to-moderate hyperthermia (body temperature less 
than 40°C) induced thermal stress. For example, it affects 
cognitive performance (Sharma and Hoopes 2003) and 
can produce specific alterations in the CNS that may have 
long-term physiological and neuropathological conse-
quences (Hancock and Vasmatzidis 2003). 

There have been a large number of epidemiologi-
cal studies over several decades, particularly on cancer, 
cardiovascular disease, and cataract, in relation to occu-
pational, residential, and mobile-phone RF exposure. As 
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summarized in a review published by the ICNIRP Stand-
ing Committee on Epidemiology (Ahlbom et al. 2004), 
results of these studies give no consistent or convincing 
evidence of a causal relation between RF exposure and 
adverse health effect. It has to be noted, however, that the 
studies considered not only have too many deficiencies to 
rule out an association but also focus on chronic expo-
sures at relatively low levels—an exposure scenario that is 
not comparable to MR examinations of patients.

�2.9.4.3 	 Exposure Limits

As reviewed in the previous section, no adverse health 
effects are expected if the RF-induced increase in body 
core temperature does not exceed 1°C. In case of infants, 
pregnant women, or persons with cardiocirculatory im-

pairment, it is desirable to limit body core temperature 
increases to 0.5°C. As indicated in Table 2.9.2, these val-
ues have been laid down in the current safety recommen-
dations (IEC, ICNIRP) to limit the body core tempera
ture for the normal and controlled operating mode. 
Additionally, local temperatures under exposure to the 
head, trunk, and extremities are limited for each of the 
two operating modes to the values given in Table 2.9.2.

However, temperature changes in the different parts of 
the body are difficult to control during an MR procedure 
in clinical routine. Therefore, SAR limits have been de-
rived on the basis of experimental and theoretical stud-
ies, which should not be exceeded in order to limit the 
temperature rise to the values given in Table 2.9.2. As 
only parts of the body—at least in the case of adult pa-
tients—are exposed simultaneously during an MR proce-
dure, not only the whole-body SAR but also partial-body 

Table 2.9.2  Basic restrictions for body temperature rise and partial-body temperatures for volunteers and patients undergoing MR 
procedures (ICNIRP 2004; IEC 2002)

Operating mode Rise of body core 
temperature (°C)

�
Spatially localized temperature limits

Head (°C) Trunk (°C) Extremities (°C)

Normal   0.5 38 39 40

Controlled   1 38 39 40

Experimental  > 1 > 38 > 39 > 40

Table 2.9.3  SAR limits for volunteers and patients undergoing MR procedures (ICNIRP 2004; IEC 2002), which holds at environ-
mental temperatures below 24°C

Body region →

Operating mode

 ↓

Averaging time: 6 min

�
Whole-body 
SAR (W/kg)

�
Partial-body SAR�
(W/kg)

Local SAR �
(averaged over 10 g tissue)�
(W/kg)

Whole-body Any region, 
except head

Heada Head Trunk Extremities

Normal 2 2–10b 3.2 10c 10 20

Controlled 4 4–10b 3.2 10c 10 20

Experimental > 4 > (4–10)b > 3.2 10c > 10 > 20

Short-term SAR The SAR limit over any 10-s period shall not exceed 3 times the corresponding average SAR limit

a Partial-volume SARs given by IEC; ICNIRP limits SAR exposure to the head to 3 W/kg
b �Partial-body SARs scale dynamically with the ratio r between the patient mass exposed and the total patient mass: normal operat-
ing mode, SAR = (10–8 . r) W/kg; controlled operating mode, SAR = (10–6 . r) W/kg

c �In cases where the eye is in the field of a small local coil used for RF transmission, care should be taken to ensure that the tem-
perature rise is limited to 1°C 
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SARs for the head, the trunk, and the extremities have to 
be estimated by means of suitable patient models (e.g., 
Brix et al. 2001) and limited to the values given in Table 
2.9.3 for the normal and controlled operating mode. 

With respect to the application of the SAR levels de-
fined in Table 2.9.3, the following points should be taken 
into account: 
•	 When a volume coil is used to excite a greater field-of 

view homogeneously, the partial-body and the whole-
body SARs have to be controlled: in the case of a local 
RF transmit coil (e.g., a surface coils), the local and the 
whole-body SAR (IEC 2002). 

•	 Partial-body SARs scale dynamically with the ratio r 
between the patient mass exposed and the total patient 
mass. For r → 1 they converge against the correspond
ing whole-body values, for r → 0 against the localized 
SAR level of 10 W/kg established by ICNIRP for occu-
pational exposure of head and trunk (ICNIRP 1998). 

•	 The recommended SAR limits do not relate to an indi-
vidual MR sequence, but rather to running SAR aver-
ages computed over each 6-min-period, which is as-
sumed a typical thermal equilibration time of smaller 
masses of tissue.

But even if MR examinations are performed within the 
established SAR limits, severe burns can occur under un-
favorable conditions at small focal skin-to-skin contact 
zones. The potential danger is illustrated in Fig 2.9.7 by 
the case of a patient who developed third-degree burns 
at the calves after conventional MR imaging. In this case, 
the contact between the calves resulted in the formation 
of a closed conducting loop and high current densities 
near the small contact zone. Therefore, patients should 
always be positioned in such a way that focal skin-to-skin 

contacts are avoided (e.g., by foam pads) (Knopp et al. 
1998). 

�2.9.5 	  Special Safety Issues, Contraindications

To protect volunteers, patients, accompanying persons, 
and uninformed healthcare workers from possible haz-
ards and accidents associated with the MR environment, 
it is indispensable to perform a proper control of access 
to the MR environment. The greatest potential hazard 
comes from metallic, in particular ferromagnetic materi-
als (such as coins, pins, hair clips, pocketknives, scissors, 
nail clippers, etc.), that are accelerated in the inhomoge-
neous magnetic field (cf. Sect. 2.9.2.2) in the periphery 
of an MR system and quickly become dangerous projec-
tiles (missile effect). This risk can only be minimized by a 
strict and careful screening of all individuals entering the 
MR environment for metallic objects.

Every patient or volunteer should complete a detailed 
questionnaire prior to the MR examination to ensure that 
every item posing a potential safety issue is considered. 
An example of such a form can be found, for example, 
in Shellock and Crues (2004), or can be downloaded 
from http://www.MRIsafety.com. Next, an oral interview 
should be conducted to verify the information of the 
form and to allow discussion of any question or concern 
that the patient may have before undergoing the MR pro-
cedure. An in-depth discussion of the various aspects of 
screening patients for MR procedures and individuals for 
the MR environment can be found in various publica-
tions by Shellock (e.g., Shellock 2005; Shellock and Crues 
2004) and the webpage mentioned above. Here only a 
condensed summary of the most important risks and con
traindications can be given.

All patients (and volunteers) undergoing MR proce-
dures should—at the very least—be visually (e.g., by using 
a camera system) and/or acoustically (using an intercom 
system) monitored. Moreover, physiologic monitoring 
is indicated whenever a patient requires observation of 
vital functions due to a health problem or whenever the 
patient is unable to communicate with the MR technolo-
gist regarding pain, respiratory problems, cardiac stress, 
or other difficulty that might arise during the examina-
tion (Shellock 2001). This holds especially in the case of 
sedated or anesthetized patients. For patient monitoring, 
special MR-compatible devices are available (Shellock 
2001).

Pregnant patients undergoing MR examinations are 
exposed to the static magnetic field, time-varying gradi-
ent fields and RF fields. The few studies concerning the 
combined effects of these fields on pregnancy outcome 
in humans following MR examinations have not revealed 
any adverse effects, but are very limited due to the small 
numbers of patients involved and difficulties in the inter-
pretation of the results (Colletti 2001; ICNIRP 2004). It 

Fig. 2.9.7  Current-induced third-degree burns due to a small 
focal skin-to-skin contact between the calves during the MR 
examination. (From Knopp et al. 1998, with permission by 
Springer-Verlag)
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is thus advised that MR procedures may be performed in 
pregnant patients, in particular in the first trimester, only 
after critical risk/benefit analysis and with verbal and 
written informed consent of the mother or parents (Col-
letti 2001). The standard of care is that MR imaging may 
be used in pregnant woman, if other non-ionizing forms 
of diagnostic imaging (e.g., sonography) are inadequate 
or if the examination provides important information 
that would otherwise require exposure to ionizing radia-
tion (e.g., fluoroscopy or CT) (Colletti 2001; Shellock and 
Crues 2004). In any case, however, exposure levels of the 
normal operating mode should not be exceeded and the 
duration of exposure should be reduced as far as possible 
(ICNIRP 2003).

MR examinations of patients with implants or metal-
lic objects (such as bullets, pellets) are always associated 
with a serious risk, even if all procedures are performed 
within the established exposure limits summarized in the 
previous sections. This risk can only be minimized by a 
careful interview of the patient, evaluation of the patient’s 
file and contacting the implanting clinician and/or the 
manufacturer for advice on MR safety and compatibility 
of the implant (Medical Devices Agency 2002). In any 
case, MR procedures should be performed only after crit-
ical risk/benefit analysis. It should be noted that having 
undergone a previous MR procedure without incident 
does not guarantee a safe subsequent MR examination, 
since various factors (type of MR system, orientation of 
the patients, etc.) can substantially change the scenario 
(Shellock and Crues 2004). 

In the case of passive implants—e.g., vascular clips and 
clamps, intravascular stents and filters, vascular access 
ports and catheters, heart valve prostheses, orthopedic 
prostheses, sheets and screws, intrauterine contraceptive 
devices, etc.—it has to be clarified if they are made of or 
contain ferromagnetic materials. As already mentioned, 
strong forces act on ferromagnetic objects in a static 
magnetic field. These forces (ASTM 2005a) may result in 
a movement and dislodgment of ferromagnetic objects 
that could injure vessels, nerves or other critical tissue 
structures. Comprehensive information on the MR com-
patibility (ASTM 2005b) of more than 1,200 implants and 
other metallic objects is available in a reference manual 
published by Shellock (2005) and online at http://www.
MRIsafety.com. MR examinations are deemed relatively 
safe for patients with implants or objects that have been 
shown to be non-ferromagnetic or weakly ferromag-
netic (Shellock and Sawyer-Glover 2001). Furthermore, 
patients with certain implants that have relatively strong 
ferromagnetic qualities may safely undergo MR proce-
dures when the object is held in place by sufficient reten-
tive forces, is not located near vital structures, and will 
not heat excessively (Shellock and Sawyer-Glover 2001). 
However, such examinations should be restricted to es-
sential cases and should be performed at MR systems 
with a low magnetic field strength. 

Examinations of patients with active implants or life-
support systems are strictly contraindicated at conven-
tional MR systems, if the patient implant card does not 
explicitly state their safety in the MR environment. In 
addition to the risks already mentioned above, there is 
the possibility that the function of the active implant is 
changed or perturbed, which may result in a health haz-
ard for the patient. Clinically important examples are car-
diac pacemakers, implantable cardioverter defibrillators, 
infusion pumps, programmable hydrocephalus shunts, 
neurostimulators, and cochlear implants, etc. (Medi-
cal Devices Agency 2002; Shellock and Sawyer-Glover 
2001). 

The induction of electric currents by RF fields during 
imaging in implants made from conducting materials 
can result in excessive heating and thus may pose risks 
to patients. Excessive heating is typically associated with 
implants that have elongated configurations and/or are 
electronically activated, as for example the leads of car-
diac pacemakers or neurostimulation systems (Shellock 
and Crues 2004). The same holds for electrically conduc-
tive objects (e.g., ECG leads, cables, wires, etc.), in par-
ticular when they form conductive loops in the bore of 
the MR system. To avoid severe burns, the instructions 
for proper operation of the equipment provided by the 
manufacturer of the implant or device have strictly to be 
followed. Practical recommendations concerning this is-
sue can be found in (Shellock and Sawyer-Glover 2001).

In various reports, transient skin irritations, cutaneous 
swellings or heating sensations were described in relation 
to the presence of both permanent (cosmetic) and deco-
rative tattoos. These findings seem to be associated with 
the use of iron oxide or other metal-based pigments that 
are prone to magnetic field–related interactions and/or 
RF-induced heating, in particular when the pigments are 
organized as loops or rings. According to a survey per-
formed by Tope and Shellock (2002), however, this side 
effect has an extremely low rate of occurrence in a pop-
ulation of subjects with tattoos and should not prevent 
patients—after informed consent—from undergoing a 
clinically indicated MR procedures (Shellock and Crues 
2004). As a precautionary measure, a cold compress may 
be applied to the tattoo site during the MR examination 
(Tope and Shellock 2002). 
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