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Preface

hen we wrote the first edition of Practical Guide to

Abdominal and Pelvic MRI, we sought to create a
readable text that addressed the gap that existed at the
time between detailed and comprehensive reference
books about abdominal magnetic resonance imaging
(MRI) and more focused writings such as review articles,
technical manuals, and organ-centered texts. Ours was a
book targeting the practicing radiologist who wanted to
produce, and accurately interpret, excellent quality
abdominal MRI examinations in the setting of a busy
practice with little or no background in MR-related
physics. To keep the text short, we focused on common
clinical scenarios and limited explanations to convey only
the most relevant information.

From inception through completion of the second edi-
tion, we have once again tried to put ourselves in the
place of a practicing radiologist confronted with the chal-
lenge of sifting through the unrelenting barrage of new
MR sequences, acronyms, and clinical applications inher-
ent to the field of abdominal MRI. The challenge in pro-
ducing this edition has been to maintain the spirit of the
first edition while keeping pace with this expanding field.
While the growing sophistication of abdominal MR prac-
titioners demanded that we update and expand the dis-
cussions of physical principles, we sought to maintain the
brevity and practical focus of the first edition. Therefore,
much of the increased length of this new edition results
from inclusion of new, state-of-the-art MR images reflect-
ing enhancements in MR system hardware, pulse-
sequences, and coil design. We have also expanded and
indexed the atlas of MRI abnormalities to reflect the
growing variety of clinical indications for abdominal MRI.

With this second edition comes also a new coauthor,
Elmar Merkle. Dr. Merkle brings with him years of expe-
rience with advanced MR imaging techniques, a clinically
relevant focus, and a fresh educational perspective. His
contributions to the second edition have been as sub-
stantial and insightful as they have been welcome. His
expertise has allowed the addition of a chapter on new
techniques in abdominal and pelvic MRI that explains the
challenges of imaging the abdomen at 3 Tesla, diffusion-
weighted imaging, and the potential uses of MR spec-
troscopy. Through our collaboration with Dr. Merkle, we
have greatly increased the number of high-quality, clini-
cally relevant images, and his experience with a variety
of vendor platforms and new technologies will no doubt
broaden the appeal of this new edition.

We believe this book contains a distillate of much of
the clinically relevant information currently available
about abdominal and pelvic MRI. However, we acknowl-
edge that gaps will develop in this information as the field
advances. Therefore, we consider our book a first step in
understanding and implementing abdominal MRI tech-
niques in clinical practice and encourage our readers to
continually build on this knowledge as the field evolves.
We think this book will appeal to radiology trainees as
well as practicing radiologists, and we sincerely hope
that residents will find sufficient inspiration in its pages
to pursue a career in this exciting field.

John R. Leyendecker, MD
Jeffrey J. Brown, MD
Elmar M. Merkle, MD
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basic understanding of a limited number of physical

principles is essential to performing and interpreting
abdominal and pelvic magnetic resonance imaging (MRI)
examinations. However, it is not necessary, or even advis-
able, for most radiologists to understand MRI physics at
the quantum level to perform high-quality clinical MRI
studies. Few of us fully understand Einstein’s description
of gravity in his general theory of relativity, but none of
us would willingly vacate an airplane at 15,000 feet with-
out a parachute. In other words, a full understanding of
the physics or mathematics of gravity is unnecessary to
predict the behavior of an object within a gravitational
field. Similarly, an in-depth understanding of MR physics
remains a luxury for most of us. Therefore, this discus-
sion focuses on the principles that are most relevant to
the practical needs of radiologists.

Most of the discussions of MR physics in this text are
based on Newtonian approximations. An understanding
of the behavior of individual protons requires knowledge
of quantum mechanics. However, because MRI measures
the signal of large populations of protons rather than
individual protons, Newtonian approximations are suffi-
cient to predict behavior, which is really what interests
clinical imagers. Attempts to explain all MRI phenomena
using only Newtonian models may eventually result in
frustration and confusion. Therefore, our simplistic
explanations should be viewed not so much as state-
ments of ultimate truth but rather as practical mnemonic
devices beneficial to the clinical application of MR. The
reader can take comfort in knowing that even Albert
Einstein had trouble accepting many of the tenets of quan-
tum physics despite his own contributions to the field.

HOW DOES MRI WORK?

Most MRI systems are built around a superconducting
magnet. In the simplest sense, a superconducting magnet
consists of highly conductive wire coiled around the bore
of the magnet and encased in a cryogen such as liquid
helium. By cooling the wire to very low temperatures
(typically <10 Kelvin), resistance is nearly eliminated,
creating a superconductor, in which an electrical cur-
rent established in the wire will continue unabated for a
long time.

An electrical current moving through a coiled wire is
associated with a magnetic field, which in the case of a typ-
ical superconducting MRI magnet has field lines oriented
along the longitudinal axis of the magnet bore. These field
lines represent the main magnetic field typically referred to
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as “By.” Once a patient is placed in the scanner, some of the
patient’s protons align with B,. Because protons can be
thought of as spinning charged particles, they are associ-
ated with a small magnetic field referred to as a “magnetic
dipole moment”. This magnetic field may be represented as
a vector along the axis of the spinning proton. Normally,
the magnetic field vectors of all the body’s protons are ran-
domly aligned. When placed in a strong external magnetic
field (such as an MRI scanner), these vectors align parallel
or antiparallel to the main magnetic field.* Because slightly
more proton vectors align in the parallel direction than in
the antiparallel direction, a net magnetization vector
results, representing the sum of the individual magnetiza-
tion vectors of the protons. This net magnetization vector
(often denoted as My) is referred to as longitudinal mag-
netization. The magnitude of M, is proportional to the
strength of the external field B, and also determines how
much signal can ultimately be obtained in clinical MRI.
This helps to explain much of the interest in higher field
strength MR scanners.

The individual magnetic field vectors of protons placed
in the MRI scanner do not align perfectly with the exter-
nal field. Instead, they precess about the external mag-
netic field vector much like the earth precesses in space
or a top precesses under the influence of gravity (Fig.
1.1.1). In addition, the individual protons precess out-of-
phase with one another much like a random assortment
of spinning tops would be tilted slightly in different direc-
tions at any moment in time. Protons existing in a similar
chemical environment and uniform external magnetic
field precess at the same frequency according to the
Larmor equation:

Resonant frequency (MHz) = (42.6 MHz/tesla)(magnetic
field strength [in tesla])

This equation expresses mathematically that the pre-
cessional frequency of protons is directly proportional to
the strength of the external magnetic field. In other
words, hydrogen protons precess slower at 0.5 T than
they do at 1.5 Tesla (1.5T). This has important implica-
tions for how signal from protons is localized in space

*The description of protons aligned parallel and antiparallel to the
main magnetic field serves as a graphic representation of protons in
low- and high-energy states, respectively. The energy differential
between low- and high-energy states is proportional to the external
magnetic field strength.
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FIG. 1.1.1. Concept of precession. In the classical model, protons can be
thought of as spinning charged particles associated with small magnetization
vectors. These vectors precess about the main magnetic field, By, like tops pre-
cessing around a gravitational field. When brought into phase, the sum of these
small magnetization vectors form the net magnetization vector My, which also
precesses about B

and for techniques such as chemically selective fat sup-
pression. The value 42.6 MHz/tesla is the gyromagnetic
ratio for a hydrogen nucleus (proton) in a water molecule,
the source of most clinically relevant MRI signal.

To generate signal from protons placed within a mag-
net, two things must be accomplished. First, the protons
must be made to precess in-phase (i.e., their magnetic
field vectors should point in the same direction). Second,
the net magnetic field vector must be tipped from the lon-
gitudinal axis (aligned with the external magnetic field)
into the transverse plane (aligned perpendicular to the
external magnetic field). This latter condition results from
the need to create an oscillating magnetic field in the
patient that generates a current (the echo) in the receiver
coil. In other words, just as current moving in the coiled
wire of the magnet is associated with a magnetic field, a
rotating magnetic field in the patient can induce a current
in the coiled wire of the receiver coil. These two condi-
tions (creation of transverse magnetization and phase
coherence) are accomplished with the application of a
radiofrequency (RF) pulse at the resonant frequency of
hydrogen protons.

The application of the RF pulse (which can be thought
of as an oscillating magnetic field) causes the longitudinal
magnetization vector to spiral down into the transverse
plane so that it can be measured. This initial RF pulse is
commonly referred to as an excitation pulse or alpha («)
pulse. The degree to which longitudinal magnetization is
converted into transverse magnetization depends on the
amplitude and duration of the RF pulse. The angle
between the original longitudinal magnetization and the
new net magnetization vector created by the RF pulse is
referred to as the flip angle.

The relationship between the main magnetic field (B),
the net magnetization vector of the patient, and the RF
pulse is somewhat analogous to a game of tetherball.
Gravity can be thought of as the main magnetic field, the
tether from which the ball hangs can be thought of as
the net magnetization vector of the patient, and a hand
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hitting the ball can be thought of as the RF pulse. If the
hand hits the ball repeatedly at the same rate as the
orbital frequency of the ball around the pole, the ball will
eventually spiral into a plane perpendicular to the direc-
tion of force of gravity (analogous to the transverse
plane). Of course, this analogy assumes that the string
does not wrap around the pole and shorten with each
revolution. Expanding the analogy, a group of hands hit-
ting a group of balls with the same force, at the same
time, and at the same location will cause the balls to
become “in-phase” as they revolve around their respec-
tive poles. This is analogous to multiple protons precess-
ing in-phase in response to the RF excitation pulse.

The transverse magnetization created within the
patient can be thought of as an oscillating magnetic field
oriented perpendicular to By. The receiver coil (which
functions as an antenna) is made of a conductive metal
alloy. When an electrical conductor exists in the presence
of a changing magnetic field, a current is induced (accord-
ing to Faraday’s law of induction). It is in this manner that
the MR signal is “collected.” In other words, the changing
magnetic field induced in the patient by the excitation
pulse induces a current in the receiver coil.

Various other explanations for generation of the MR
signal have been described that are equally valid (and in
many cases, equally fallible if taken too far). Our advice is
to find a means of conceptualizing these complex phe-
nomena with which you are comfortable, acknowledging
that the purpose of all such models is to facilitate the clin-
ical application of magnetic resonance, not to imbue the
user with profound insights into the mysteries of the sub-
atomic universe.

ER T1ANDT2

Most abdominal and pelvic MR images fall into one of two
categories: T1-weighted (T1W) or T2-weighted (T2W).
These terms describe the creation of image contrast
based on the T1 and T2 relaxation times of tissues. Dif-
ferences in T1 relaxation times between tissues deter-
mine the image contrast in a TIW image, and differences
in T2 relaxation times between tissues determine the
image contrast in a T2W image. MR images are referred
to as weighted, because no image represents differences
only in T1 or T2 relaxation times. There is always some
T2 contrast in a TIW image and some T1 contrast in a
T2W image. Figure 1.1.2 illustrates the differences
between these two types of images. One class of pulse
sequences, referred to as “balanced steady-state free pre-
cession,” is considered to have contrast weighting based
on the ratio of T2 to T1 (T2/T1 weighting). Balanced steady-
state free precession sequences can be recognized by the
very high signal intensity of both extravascular fluid and
intravascular blood with minimal flow-related artifact.
The source of the signal measured by MRI is hydrogen
nuclei (i.e., protons). When these protons are exposed to
an RF pulse, phase coherence is created (the protons pre-
cess in-phase), and transverse magnetization is created
(the net magnetization vector spirals into the transverse
plane). Once the RF pulse is shut off, the protons begin to
realign with the external magnetic field (By). As this
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B L
FIG. 1.1.2. TIW image versus T2W image. A: Axial TIW spin echo image. Bright
fat and dark fluids (cerebrospinal fluid [CSF]) (arrow) are characteristic of TIW
images. The signal intensity of liver is normally slightly greater than that of
spleen. B: Axial T2W fast spin echo image. Bright fluid (CSF) (arrow) is charac-
teristic of T2W images. Fat is also bright on fast spin echo images. Signal inten-
sity of spleen is normally slightly greater than that of liver, a difference that is
considerably more apparent on fat-suppressed images.

occurs, the net longitudinal magnetization vector regrows
in a logarithmic fashion. The time it takes for approxi-
mately two thirds (63%) of the original longitudinal mag-
netization to regrow is referred to as the T1 relaxation
time (longitudinal relaxation time) (Fig. 1.1.3).

While T1 relaxation (regrowth of longitudinal magne-
tization) is occurring, there is also a decay of transverse
magnetization. Although regrowth of longitudinal mag-
netization and loss of transverse magnetization occur
simultaneously, we encourage readers to think of these
as separate processes occurring at different rates in most
tissues. Transverse magnetization decay usually occurs
much faster than regrowth of longitudinal magnetization.
The loss of transverse magnetization (an exponential
decay function) results from both an energy exchange
between protons (referred to as “spin-spin interaction”)
and heterogeneity in the magnetic field strength caused
by imperfections in the scanner itself or the material
(e.g., metal, air, tissue) placed within the scanner. The

X Y Resulting image
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FIG. 1.1.3. T1 relaxation and T1 contrast. At time = 0, tissue A and tissue B
are subjected to a 90-degree RF pulse, eliminating longitudinal magnetization.
Tissue A recovers its longitudinal magnetization more quickly than does tissue B
and, therefore, has shorter T1 (when it recovers approximately 63% of its initial
longitudinal magnetization). At time X (arrow X), there is a relatively large dif-
ference in longitudinal magnetization between tissue A and tissue B. Therefore,
an image based on this difference (upper oval to right of graph) would have ex-
cellent T1 contrast. An image based on the difference in longitudinal magnetiza-
tion at time Y (arrow Y) would have considerably less image contrast (lower oval
to right of graph).

loss of transverse magnetization resulting from the inter-
action between hydrogen nuclei (spin-spin interactions)
is an irreversible process known as T2 decay. The time
it takes for transverse magnetization to decay to approx-
imately one third (37%) of its maximum value as a result
of this irreversible process is referred to as the T2 relax-
ation time (Fig. 1.1.4).

The magnet’'s main magnetic field, By, is relatively
homogeneous (within a few parts per million) when the
bore is empty. However, once a patient is placed in the
magnet bore, the field experienced by the patient is less
homogeneous, largely due to different magnetic suscepti-
bilities of the various tissues. The loss of transverse mag-
netization resulting from these static variations in local
magnetic field strength is a reversible process that occurs
very rapidly. This decay occurs because protons precess

Resulting-image
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37%

I'RANSVERSE
MAGNETIZATION

0%

FIG. 1.1.4. T2 relaxation and T2 contrast. At time = 0, tissue A and tissue B
are subjected to a 90-degree RF pulse, creating transverse magnetization. This
excitation pulse is followed by three 180-degree refocusing pulses that result in
three echoes (wavy lines). Echoes only for tissue A are shown. The T2 relaxation
curve follows echo peaks. Note that tissue A loses its transverse magnetization
more rapidly than does tissue B and, therefore, has a shorter T2 (when it decays
to approximately 37% of its initial value). At time X (arrow X), there is a rela-
tively small difference in transverse magnetization between tissue A and tissue
B. Therefore, an image based on this difference (upper oval to right of graph)
would have poor T2 contrast. An image based on the difference in transverse
magnetization at time Y (arrow Y) would have considerably more image contrast
(lower oval to right of graph).
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at slightly different rates when exposed to different local
magnetic field strengths (according to the Larmor equa-
tion). Protons precessing at different rates rapidly lose
phase coherence, which, in turn, reduces the magnitude
of the net magnetization vector in the transverse plane.
This more rapid loss (decay) of transverse magnetization
(along with T2 decay) is referred to as free induction
decay, characterized by the term T2*. T2* is always
shorter than T2, and T2 cannot be longer than T1. The
magnetic field heterogeneities responsible for T2* decay
can create geometric distortion in the final image.

Different tissues in the body have different intrinsic T1
and T2 values. For example, water has relatively long T1
and T2 values, whereas fat has T1 and T2 values that are
considerably shorter. A tissue with a short T1 recovers lon-
gitudinal magnetization faster than a tissue with a long T1
and therefore appears brighter on a sequence designed to
bring out the differences in T1 relaxation (a T1W scan). A
tissue with a short T2 loses transverse magnetization
quicker than a tissue with a long T2 and therefore appears
darker on a sequence designed to bring out differences in
T2 relaxation (a T2W scan). These differences in T1 and
T2 values give rise to most of the tissue contrast seen in
abdominal and pelvic MRI.

SPIN ECHO VERSUS GRADIENT ECHO

One of the major components of the MRI pulse sequence
is the RF excitation pulse, which is used to convert net
longitudinal magnetization into net transverse magneti-
zation. For a typical spin echo sequence, this pulse is 90
degrees, which means that essentially all of the initial
longitudinal magnetization is converted into transverse
magnetization. However, the initial net transverse mag-
netization decays too rapidly to be of much use in gener-
ating an image. This is because the transverse magneti-
zation vectors of the individual protons rapidly lose their
phase coherence (they become out-of-phase with each

=,
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FIG. 1.1.5. The steps involved in the creation of a spin
echo. A: Before placing a patient in the magnet bore, the
magnetization vectors of hydrogen protons are randomly
aligned and are not associated with any net magnetization
vector. B: Once the patient is placed in the magnet bore, the
protons align with By such that net magnetization is created
through the sum of the individual vectors (some protons
align antiparallel to By, but we have simplified things here).
C: A radiofrequency pulse (oscillating magnetic field) is ap-
plied to the protons at their precessional frequency. This
creates phase coherence (protons precess in-phase) such
that M, now precesses around By. D: During continued ap-
plication of the RF pulse, My spirals into the transverse
plane (now designated M,). E: Phase coherence established
during application of the RF pulse is rapidly lost once the RF
pulse is turned off. F: A 180-degree RF pulse is applied, re-
versing phase dispersion induced by local magnetic field in-
homogeneities and bringing the protons back into phase.
G: With reestablishment of phase coherence, a net magne-
tization vector M,, is reestablished. H: M,, continues to ro-
tate in the transverse plane about By. This rotating mag-
netic field induces a current (the echo) in a receiver coil.

other), resulting in loss of net magnetization. This loss of
phase coherence results from several sources, including
the T2* effects discussed earlier as well as the magnetic
gradients used for spatial localization. To obtain a more
useful signal from which an MR image can be made,
either RF refocusing or gradient refocusing is used to
bring the individual transverse magnetization vectors
back into phase.

The spin echo family of pulse sequences makes use of
a 180-degree RF pulse to bring the protons back into
phase to create the echo, a process known as “RF refo-
cusing.” The effect of the 180-degree pulse is to flip the
individual transverse magnetization vectors so that the
more rapidly precessing protons catch up with the slower
protons, much like runners of different speeds realigning
after their direction is reversed. The process of creating
a spin echo is illustrated in Figure 1.1.5. A refocusing
pulse of less than 180 degrees also creates an echo, but a
90- and 180-degree RF pulse combination gives the max-
imum signal.

Because a 180-degree pulse results in the strongest
echo, one might think that it is always the optimal RF
refocusing pulse. For a simple spin echo sequence, this is
generally true. However, a 180-degree RF pulse is also
associated with higher-energy deposition in the patient
(manifested as tissue heating) than is a pulse with a lower
flip angle, because the higher flip angle requires
increased amplitude or duration of the RF pulse.* The
use of a large number of 180-degree refocusing pulses (as
may occur with fast spin echo [FSE] or turbo spin echo
[TSE] imaging) can result in unacceptably high levels of
energy deposition in the body, particularly if the RF

*The amount of energy deposited in a patient as a result of RF
pulses is referred to as the specific absorption rate (SAR). Increases
in flip angle, number and frequency of RF pulses, and main mag-
netic field strength all contribute to increases in SAR.
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FIG. 1.1.6. Spin echo versus gradient echo. A: This axial spin echo TIW image
is the same as in Figure 1.1.2A. Acquisition time was approximately 2 minutes for
the complete liver. Respiratory motion artifact was reduced by placement of a
saturation band over anterior abdominal fat. B: Axial gradient echo TIW image of
the same patient. The entire liver was imaged in less than 30 seconds during a
single breath-hold. The image has increased noise and more susceptibility arti-
fact around the bowel (arrows) than does the spin echo image.

pulses are spaced closely together. One way to prevent
tissue heating and conform to Food and Drug Adminis-
tration regulations is to reduce the refocusing pulses to
less than 180 degrees.

In contrast to spin echo sequences, gradient echo
sequences use only gradient reversals to bring the pro-
tons back into phase to create the echo. As a result, there
are no 180-degree refocusing pulses in gradient echo
imaging. Gradients are linear variations in magnetic

field strength that are applied at specific times during a
pulse sequence. A gradient applied along one axis of the
body causes the protons along that gradient to precess at
different frequencies according to the Larmor equation.
Protons exposed to higher field strengths precess at
higher frequencies than do protons exposed to lower field
strengths. The result of these different precessional fre-
quencies is that the protons begin to dephase. By revers-
ing this gradient, the protons can be made to rephase
(gradient refocusing). One important difference between
gradient refocusing and RF refocusing is that the former
technique corrects only for dephasing induced by the ini-
tial gradient, whereas the latter technique also corrects
for the effects of local magnetic field heterogeneities.
Therefore, gradient echo pulse sequences are more sus-
ceptible to artifacts created by substances that alter the
local magnetic environment of the protons, such as metal
or air. Gradient echo sequences are preferred for the
detection of tissue iron deposition (e.g., hemochromato-
sis), and spin echo sequences are preferred in the setting
of implanted metallic prostheses (to reduce artifacts). The
initial RF excitation pulse is often less than 90 degrees
for a gradient echo sequence, but any flip angle up to
90 degrees may be used. Spin echo sequences also cor-
rect for the dephasing induced by imaging gradients.
Examples of spin echo and gradient echo images are
shown in Figure 1.1.6.

One more word about gradient echo sequences is
appropriate here. One often hears the term “spoiled” in
association with gradient echo imaging. The term “spoiling”
refers to the elimination of residual transverse magneti-
zation between successive excitations. This is generally
accomplished through the application of a strong mag-
netic gradient to induce dephasing in the transverse
plane. Most abdominal gradient echo MR sequences are
spoiled, because persistent residual transverse magneti-
zation can have undesirable effects on the image. Steady-
state free precession sequences (commonly used to image
the heart) are unspoiled gradient echo sequences.

B3 REPETITION TIME AND ECHO TIME

T1 and T2 are physical properties inherent to the tissues
being imaged, whereas the repetition time (TR) and
echo time (TE) are imaging parameters that can be
modified by the operator of the MR system (Fig. 1.1.7).
To spatially encode MRI data, the tissue protons must
undergo a series of steps referred to as phase encoding.
For most MRI sequences, the initial RF excitation pulse
and the refocusing pulse (in the case of spin echo) or

TR

FIG. 1.1.7. Repetition time (TR) and echo time (TE) for spin  90° RF Pulse 180° RF Pulse 90° RF Pulse
echo sequence. TR represents elapsed time between succes-
sive 90-degree excitations. TE represents the time delay from ‘
the 90-degree excitation to the center of the echo. Note that n{\,\ /\/\ n[\ _____________
the 180-degree refocusing pulse occurs at time = % TE. FID, X v | o
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FIG. 1.1.8. Creation of equilibrium for longitudinal magnetization. Tissue A (solid /ine) has a short T1, whereas tissue B (dotted line)
has a relatively long T1. After the initial application of the RF pulse, longitudinal magnetization of both tissues is converted into
transverse magnetization. The tissues then recover longitudinal magnetization at different rates according to their respective T1
values. Because tissue B is not fully recovered between successive RF pulses, it loses longitudinal magnetization relative to tissue A.
In this manner, an equilibrium (or steady state) is created for the longitudinal magnetization of the two tissues. When the actual
imaging cycle is initiated, tissue B will have less longitudinal magnetization to convert into transverse magnetization. Less transverse
magnetization for tissue B results in lower signal intensity for tissue B on the final image.

gradient reversal (in the case of gradient echo) must be
repeated many times. Each time this series of events is
repeated, a different strength gradient (referred to as the
phase-encoding gradient) is applied to impart a phase
difference upon the protons of interest. The TR is the
time between one excitation pulse and the next. In other
words, for a standard spin echo sequence, the TR is the
time interval between successive 90-degree pulses. In
general, a long TR allows for full recovery of longitudinal
magnetization within tissues, regardless of their respec-
tive T1 values. Therefore, tissues cannot be differenti-
ated on the basis of their T1 values when a long TR (rel-
ative to the tissue T1 values) is used. On the other hand,
a short TR allows only enough time for tissues with a
short T1 to recover a significant amount of longitudinal
magnetization. Therefore, a short TR allows for differen-
tiation of tissues on the basis of their respective T1 val-
ues. In reality, before collecting any echoes, a state of
equilibrium is established in the tissue through the
application of repeated RF pulses at the TR specified
(Fig. 1.1.8). The number of preparatory pulses needed to
reach equilibrium varies with pulse sequence, TR, and
flip angle.

The time from the center of the excitation pulse to the
center of the echo is known as “TE.” The refocusing pulse
occurs halfway between the excitation pulse and the echo
(at TE/2). A long TE allows more time for signal loss to
occur from T2 decay. Therefore, a long TE allows for sub-
stantially greater signal loss from tissues with a short T2
than from tissues with a long T2 (Fig. 1.1.9). In other
words, a long TE allows for differentiation of tissues on
the basis of their respective T2 values. Another important
point is that a long TE allows more time for the effects of

local magnetic field heterogeneities (T2* effects) to occur.
As a result, magnetic susceptibility artifacts resulting from
metal or air are exaggerated with most MR sequences
when imaging is performed with a longer TE (Fig. 1.1.10).

BB k-SPACE

The concept of k-space has confounded radiology
trainees since MRI was first developed. Most of the con-
fusion stems from its name, which provides no hint to the
clinically inclined as to its meaning.” In fact, k-space is
not a space at all. It can be thought of as a digital repre-
sentation or matrix of the multiple echoes produced dur-
ing MRI. It is a map of the spatial frequency components
that make up an image.

To better understand k-space, it helps to think of an
image as a spectrum of spatial frequencies or collection
of sine waves of varying amplitude, phase, and frequency
that, when combined, create a picture. This is somewhat
analogous to a symphony consisting of sound waves of
different volumes and pitches. Each data point in k-space
is not representative of a particular pixel in the final
image. Rather, each k-space data point describes a sinu-
soidal waveform that contributes to the entire image. The
more complete the data in k-space, the more closely the

*The “k” in k-space refers to a mathematical term used by conven-
tion to define spatial frequency. This term appears in the mathe-
matical description of the MR signal and has, unfortunately, become
entrenched in the MR lexicon.
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FIG. 1.1.9. Effect of TE on T2W image. A: TE = 100 msec. Small hemangioma
(arrow), cerebrospinal fluid (CSF) (thin arrow), and cisterna chyli (arrowhead) are
not significantly different in signal intensity from fat. B: TE = 250 msec. Small
hemangioma (arrow), CSF (thin arrow), and cisterna chyli (arrowhead) are sig-
nificantly more conspicuous due to loss of signal intensity of background tissues
having shorter T2. Note the use of a saturation band (curved arrow) over anterior
subcutaneous fat to decrease respiratory artifact on this non—breath-hold
examination.

final image will resemble the source of the signal (in this
case, the body).

One might wonder how the data in k-space come
about. When a population of spinning protons is flipped
into the transverse plane, it has a net transverse magne-
tization vector that rotates in the transverse plane. When
refocused, this rotating vector (a time-varying magnetic
field) induces a current in the receiver coil. This analog
signal, or echo, consists of contributions from all the vox-
els in the image slice. However, through the application
of the frequency and phase-encoding gradients, this echo
is made to fill a specific line of k-space with data. Before
the line of k-space can be filled, the analog signal must be
converted to digital data by sampling it periodically dur-
ing application of the “readout” gradient (also referred
to as the frequency-encoding gradient).

Many echoes are collected to make an image—one for
each application of the phase-encoding gradient. Each
time an echo is produced, the echo is sampled multiple
times during application of the readout gradient and

FIG. 1.1.10. Effect of increasing echo time (TE) in a patient with hemochro-
matosis. A: Gradient echo TIW image with TE = 2.7 msec. B: Gradient echo TIW
image in the same patient with TE = 5.3 msec. Note the lower signal intensity
of liver relative to spleen with longer TE due to greater dephasing induced by the
presence of parenchymal iron. Siderotic nodules within spleen (arrow) are also
more conspicuous.

converted into digital data through the use of an analog-
to-digital converter. The rate of data sampling is deter-
mined by the receiver bandwidth. In a traditional
k-space trajectory, each echo fills one line of k-space. If
a spatial resolution of 256 image lines is desired in the
phase-encoding direction, 256 phase-encoding steps
must be completed, although there are ways of getting
around this requirement, which will be discussed in the
next chapter.

Once all of the echoes are digitized and k-space is filled
to the desired extent, a form of Fourier transformation
of the digital data is used to create an image (Fig. 1.1.11).
A Fourier transform describes the deconstruction of a
signal into its component frequencies and phases. Strictly
speaking, the creation of an MR image from its spatial
frequency components involves an inverse Fourier trans-
form, but knowing that will not make the PACS worklist
any shorter. All of these formidable calculations account
for some of the delay between data acquisition and image
display.
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FIG. 1.1.11. From echoes to MR image. This figure picks up where Figure 1.1.5
left off. A: An analog signal (the echo) is detected with the receiver coil. B: The
echo is sampled during application of the readout gradient to convert it to digi-
tal form by the analog-to-digital converter (ADC). The sampling rate is controlled
by the receiver bandwidth. C: The digital data are used to fill a line of k-space
(this illustrates a Cartesian trajectory). D: For a typical magnetic resonance (MR)
image acquisition, multiple echoes are collected. Each echo is created using a
different amplitude of the phase-encoding gradient. E: Each echo is digitized

and fills a line in k-space. F: A type of Fourier transform (FT) is performed to con-
vert the data in k-space into an image.

'3

Several properties of k-space are salient to the clinical
practice of MRI. Data points close to the center of
k-space (i.e., those obtained during the application of
weak phase-encoding gradients and when maximum
rephasing has occurred) have the highest amplitude and
contribute most to image contrast. These points also cor-
respond to low spatial frequencies. Data points near the
periphery of k-space (i.e., those obtained during appli-
cation of strong phase-encoding gradients and when the
protons have only partially rephased) contribute most to
spatial resolution and edge definition, as these corre-
spond to high spatial frequencies. An image can be made
from only a portion of k-space; however, such an image
may lack image contrast, spatial detail, or both. For most
MR applications, the central lines of k-space are the most
critical, particularly for high-contrast techniques such as
MR angiography (MRA).

The relative position of the data points in k-space also
controls image resolution and field-of-view. The overall
size of k-space determines the image resolution, whereas
the spacing between data points in k-space determines
the field-of-view. Increasing the overall size of k-space by
adding data points, while maintaining the same spacing
between data points, improves spatial resolution without
changing the field-of-view. Increasing the size of k-space
by increasing the interval between the same number of
data points improves resolution while decreasing field-of-
view. Increasing the number of data points without
increasing the overall size of k-space (by adding addi-
tional data points between the preexisting ones) increases
the field-of-view without changing image resolution.
Decreasing the interval between data points without
adding additional ones contracts k-space, resulting in a

Section 1.1 Basic MRI Principles 9
larger field-of-view at the expense of decreased resolu-
tion. Figure 1.1.12 illustrates various manipulations of
data in a simplified version of k-space and the subse-
quent effects on the resulting images.

GRADIENTS

Producing a signal or echo is only the first step in creat-
ing an MR image. Equally important is localizing the sig-
nal in space. This may seem an impossible task, because
the echo measured in MRI represents signal from the
entire volume of tissue excited by the initial RF pulse, and
this signal appears graphically like a wavy line. However,
the data can be spatially encoded through the use of gra-
dients, and the spatial information contained in the sig-
nal can be extracted by applying a variation of Fourier
transformation. As mentioned earlier, a gradient is a lin-
ear variation in the magnetic field strength along an axis
(although the term “gradient” is also used to refer to the
gradient coils that produce this variation in magnetic
field strength). Because the MR signal must be localized
in three dimensions (3D), spatial encoding requires the
use of three gradients.

The slice-select gradient is the easiest to understand.
To produce signal from only one slice during a 2D acqui-
sition, a gradient is applied along an axis perpendicular
to the desired slice. Because the magnetic field strength
varies along this axis, the hydrogen protons precess at
different rates on the basis of their location relative to
this gradient according to the Larmor equation. A fre-
quency-selective RF pulse (i.e., an RF pulse of a specific
frequency) excites only those protons precessing at the
same frequency as the transmitted RF pulse. Therefore,
protons at only a specific location along the gradient are
tipped into the transverse plane and contribute to the
final echo. The location of the tissue (slice) to be excited
is controlled by the center frequency. The range of fre-
quencies transmitted during this process is referred to as
the transmit bandwidth. While the center frequency
controls the location of the imaging slice along the slice-
select gradient direction, the slice thickness is controlled
by the transmit bandwidth and the steepness of the gra-
dient. Because slice profiles are not perfectly rectangular,
but rather taper on either side, the RF pulse used to
excite one slice can partially affect adjacent slices. This
can result in a loss of image signal and contrast and cre-
ate undesirable artifacts (commonly referred to as “cross
talk”). For this reason, a small gap is often inserted
between slices of a sequential 2D acquisition.

As noted, three gradients are required to create an
image of a 3D structure, even if only one slice is acquired.
The other two gradients are the frequency-encoding
gradient and the phase-encoding gradient. To create an
image that is anatomically (spatially) accurate, each line
of k-space must be filled with data. The order in which
the lines are filled is determined by the amplitude and
duration of the frequency- and phase-encoding gradients.

The frequency-encoding gradient spatially localizes
protons along an axis perpendicular to the slice-select gra-
dient (i.e., in the plane of the slice) by causing the protons
along this gradient to resonate at different frequencies




