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Abstract

Magnetic resonance imaging is widely available and accepted as the imaging method of choice for many pediatric body imaging
applications. Traditionally, it has been used in a qualitative way, where the images are reported non-numerically by radiologists.
But now MRI machines have built-in post-processing software connected to the scanner and the database of MR images. This
setting enables and encourages simple quantitative analysis of MR images. In this paper, the author reviews the fundamentals of
MRI and discusses the most common quantitative MRI techniques for body imaging: T1, T2, T2*, T1rho and diffusion-weighted
imaging (DWI). For each quantitative imaging method, this article reviews the technique, its measurement mechanism, and

selected clinical applications to body imaging.
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Introduction

Magnetic resonance imaging (MRI), a non-ionizing radiation
modality, relies on magnetic fields for image formation. It is a
tomographic imaging technique, acquiring data in multiple
thin slices or sections. These sections can be acquired in any
orientation, including oblique planes. An MRI machine com-
prises four main components (Figs. 1 and 2). The first is a
magnet powerful enough to generate the strong static magnet-
ic field (denoted by By) that is required to induce the proton
nuclear polarization. The second is the radiofrequency (RF)
system that generates the required alternating magnetic field
(By) at the resonant frequency and detects the MR signal that
is returned from the tissue sample or the patient. The third
component is the set of gradient systems (oriented orthogo-
nally in X, Y and Z directions) that generates the required
linear magnetic field variations, which are then superimposed
upon By and are used to spatially encode the MR signal. In
clinical MR scanners, the three gradient sets and whole-body
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RF coils are typically concentrically positioned inside the bore
of the magnet. Finally, the fourth component consists of com-
puters that provide the user interface, perform the analog-to-
digital conversion of the collected signals from the patient,
and generate images that can be displayed and interpreted on
the console. The computer systems can be programmed to
generate quantitative relaxation maps to be displayed on the
scanner console after acquisition. The benefits of quantifica-
tion are that the fundamental research into biological changes
in diseases and their response to potential treatments can pro-
ceed in a more accurate and precise way.

A typical adult is composed of approximately 60% to 70%
water [1, 2]. Clinical MRI primarily utilizes the nucleus of
hydrogen, i.e. protons. The physical basis of MRI centers
around the concept of nuclear spins of proton molecules,
and their associated angular momentum and magnetic mo-
ment [3]. This magnetic moment is the strength and orienta-
tion of the proton’s magnetic field, and it interacts with the
magnetic fields of the MRI systems. For practical clinical
imaging application, the nuclei used for MRI are hydrogen
nuclei because of the large natural abundance of the water in
human biological systems. As the hydrogen protons precess at
a specific frequency, they interact with a matching, i.e. reso-
nant, external alternating magnetic field. Hydrogen nuclei
possess intrinsic spin angular momentum, and a magnetic di-
pole moment that is parallel to the spin vector. In the presence
of an external static magnetic field, B, the magnetic moments
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Fig. 1 Block diagram shows an
overview of an entire MR system.
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of hydrogen nuclei precess with two possible orientations,
either parallel or anti-parallel to the static magnetic field, and
a net alignment of nuclei exists parallel to the direction of the
externally applied field (By).

Larmor frequency

Individual hydrogen nuclei precess around the By field at a
resonance frequency known as the Larmor frequency (Fig. 3).
The Larmor frequency, wy, of the net magnetization vector
generally occurs in the RF range of the electromagnetic spec-
trum and is related to the external magnetic field as wo = YB,,

Fig. 2 Schematic of a clinically
used MRI scanner
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computer
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where Y is the gyromagnetic ratio, 42.5 MHz/tesla (T).
Therefore, the precession frequency for hydrogen nuclei for
1.5 T is approximately 64 MHz and for 3 T is 128 MHz.

Radiofrequency excitation and magnetic
resonance signal detection

The strength of a magnetic field is measured in tesla. A stan-
dard 1.5-T system provides a magnetic field of about 30,000
times that of the Earth’s magnetic field. If there is no external,
applied magnetic field, magnetic moments of the hydrogen
nuclei are randomly oriented and do not form any coherent
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Fig. 3 The frequency of hydrogen nuclei precession is known as the
Larmor frequency (wy), where Y is the gyromagnetic ratio (42.5 MHz/
T) and By is the external magnetic field

magnetization. However, when the hydrogen nuclei are
placed in the presence of a strong static magnetic field (By)
such as a clinical MRI scanner of field strength 1.5 Tor 3.0 T,
the nuclei split into two energy states, either aligned parallel to
the magnetic field B, (which is also called a “spin-up” state) or
aligned antiparallel to B (also called a “spin-down” state).
The spin-up state has a slightly lower energy level as com-
pared to the spin-down state and is therefore preferred. This
slight difference in the spin states (0.001%) results in an over-
all net magnetization (M) aligned in the same direction as the
main magnetic field By.

To create an MR signal, we excite the spins out of resting
equilibrium, i.e. we tip the net magnetization away from the static
magnetic field By. To detect the signal from the hydrogen nuclei
in the tissues in the presence of a strong static magnetic field, we
introduce an additional external field (denoted by B) at the res-
onant Larmor frequency that can affect the net magnetization
vector, causing it to rotate into a plane orthogonal to its original
orientation. The rotated magnetization vector continues to pre-
cess around the main magnetic field. The precession of the mag-
netization vector in the transverse plane can be detected by an RF
coil tuned to the resonant frequency.

Radiofrequency coils are the “antennae” of the MRI sys-
tem, transmitting the RF signal from the system to the patient
and receiving the return signal from the patient back to the
system. RF coils can be operated in a receive-only mode, in
which case the inherent body coil is used as a transmitter; or
the RF coils can be both transmit and receive. The purpose of
the RF transmit coil is to create a time-varying B, field at right
angles to By that could be linearly or circularly polarized.
Generally, a large-diameter birdcage “body” coil is used be-
cause this creates the most spatially uniform B, field. The
closer the receiving coil is to the source of the MR signal,
the better the signal-to-noise ratio (SNR). Receiver coils gen-
erally comprise arrays of smaller individual coils or elements;
however, each individual coil element has a limited depth

penetration. Multiple arrays of coils, termed “phased-array
coils,” can be used together to achieve a higher coverage.
The multiple coils are electronically decoupled from one an-
other so that they don’t appear as just a single large coil. The
images from individual coils are independently reconstructed
and then grouped together to create the final image.

An RF pulse of amplitude B, termed an “excitation pulse,”
is applied for a certain time duration to tip the magnetization at
an angle away from the B, field. The precessing transverse
magnetization induces a voltage in the receiver RF coil; this
induced voltage is known as the free induction decay. After
the pulse, the magnetization returns to thermal equilibrium by
processes known as MR relaxation [4]. To fully encode the
spatial information within the field of view (FOV), pulse se-
quences must be iterated numerous times. The time between
successive iterations of a pulse sequence is known as the rep-
etition time (TR). The time between the application of the
initial RF pulse and the middle of the detected echo is known
as the echo time (TE).

Signal relaxation mechanisms

Once the RF pulse is turned off, the net magnetization con-
tinues to precess as it returns to its thermal equilibrium state.
During this time, two types of relaxation occur: T1 (longitu-
dinal or spin lattice) and T2 (transverse or spin/spin). One
attribute that makes T1 and T2 so valuable for determining
the signal in MRI is their sensitivity to the presence and type
of tissue. It is this tissue dependence property that gives MR
its excellent soft-tissue contrast.

T1 relaxation

T1 relaxation describes the recovery of the longitudinal mag-
netization back to thermal equilibrium following a perturba-
tion by an RF pulse (Fig. 4). The longitudinal component
regrows along the z-direction with a time constant T1 [4]. In
other words, after the RF pulse is turned off, the protons that
were disturbed give their energy to the surrounding environ-
ment and return back to their original equilibrium state,
realigning with the magnetic field. Hence T1 relaxation is also
called longitudinal relaxation. Furthermore, because T1 relax-
ation involves the loss of energy that was put into the spin
system by the RF pulse, it is also referred to as spin-lattice
relaxation, the “lattice” consisting of surrounding macromol-
ecules. This loss of energy is stimulated by the fluctuating
magnetic fields associated with the dipole—dipole interactions
of neighboring magnetic moments. T1 relaxation can only
occur when these magnetic field fluctuations occur at the res-
onant frequency. The rate at which the spin magnetization
(Mz) recovers to M at time ¢ is called T1 relaxation time.
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Fig. 4 The rate at which the spin magnetization (Mz) at time t recovers to
the original magnetization (M) at time t=0 is called T1 relaxation time,
where By is the external magnetic field. T1 relaxation time measured is

The magnetization Mz can be expressed as the following
equation:

Mz = Mo (l—e_ﬁ)

So T1 relaxation time is defined by the time it takes for the
longitudinal magnetization to grow to about 63% of its final
value (Fig. 4). T1 mapping is a method of quantifying the T1
value of the tissue across the field of view. T1 mapping also
refers to pixelwise illustrations of T1 relaxation times on a
map. This parametric map can be calculated from two or more
images of the same tissue.

How to measure T1 relaxation time for body imaging

A preferred method of measuring T1 relaxation in body im-
aging is the Look-Locker method, which is based on the prin-
ciple that we need not wait for the net magnetization vector to
equilibrate in order to measure T1. Instead, we use an RF
pulse with a small flip, which can be repeatedly applied. The
acquisition pulse sequence is designed to generate a train of
signals that gradually approaches a steady-state recovery. The
recovery curve measured by this technique can be fitted to an
exponential curve to provide an effective T1 measurement. In
clinical settings, liver T1 is measured using a modified Look-
Locker inversion recovery (MOLLI) pulse sequence that al-
lows measurement of T1 times in a single breath-hold. This
has become the most popular T1-mapping method for abdo-
men and cardiac imaging [5—7]. The general principle of T1
mapping is to acquire multiple images with different T1
weightings and to fit the signal intensities of the images to
the equation of T1 relaxation (Fig. 5). T1 mapping using
MOLLI-based techniques is being applied and published
widely in a substantial number of cardiac and liver applica-
tions [6—10]. T1 relaxation values for tissues can be estimated
by fitting the data to the following equation:

S = So (1—Ae%)
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time
the time for the longitudinal magnetization to re-grow to about 63% of its
final value (the flipped nuclei realign with the main magnetic field)

where S is the signal intensity measured at each inversion time
(TI) value, S is the initial signal intensity at time, t=0, and A is
a constant.

Applications of T1 relaxation measurements in body imaging

The longitudinal T1 relaxation time constant of the tissue is
altered in various disease states because of increased water con-
tent or other changes to the local molecular environment [6]. The
two most important biological determinants of an increase in T1
relaxation times are edema (increase of tissue water, e.g., in acute
infarction or inflammation) and increase of interstitial space (e.g.,
fibrosis or infarction [scar] or cardiomyopathy, and in amyloid
deposition). There is more than one flavor of MOLLI that can be
used for body MRI applications [11, 12]. T1 maps generated
from current clinically approved MOLLI acquisitions are typi-
cally derived from cardiac-triggered single-shot balanced steady-
state free precession acquisitions. This acquisition technique al-
lows imaging of one anatomical level during a single breath-hold
[5, 8, 10]. Other techniques are also available, including a volu-
metric method for T1 measurements using a spiral k-space tra-
jectory to cover the entire liver in a single breath-hold [13].

T1 mapping has the potential to detect and quantify diffuse
fibrosis at an early stage [9, 14]. As a result of oblique angle
imaging of the myocardium during cardiac imaging, T1 map-
ping of the liver can be performed without additional time and
within the same field of view (Fig. 6). Kazour et al. [10] have
used T1 mapping in cardiovascular MR to assess for conges-
tive hepatopathy. Liver T1 mapping has been shown to posi-
tively correlate with MR elastography-derived liver stiffness
[7, 15]. Banerjee et al. [S] have shown iron-corrected T1 (cT1)
relaxometry/mapping to correlate with liver fibrosis and in-
flammation. In this proprietary method, T1 relaxation values
are corrected for presence of iron or T2* using a patented
formula (cT1 = T1-420 + (20 x T2%)) [16]. T1 mapping is
feasible even in children with severe renal impairment in
whom gadolinium-based contrast agents are contraindicated.
Primary advantages of T1 mapping for assessing myocardial
or liver fibrosis include its noninvasive nature and lack of need
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Fig.5 T1 mapping. a Acquisition strategy for the modified Look-Locker
sequence (MOLLI). In this example, after a 180° inversion pulse, images
are acquired in diastole over five heartbeats, followed by a rest period of
three heartbeats. Then, after another inversion, another three images are
acquired with slightly offset inversion times (TI) to sample more points
along the inversion recovery curves. Based on the number of heartbeats

for additional hardware, such as the active and passive drivers
required for MR elastography (Fig. 7) [17, 18].

T2 relaxation

T2 relaxation results in the loss of transverse magnetization
caused by interactions between the magnetic fields of neigh-
boring hydrogen nuclei (Fig. 8). It is not an energy loss pro-
cess like T1 but is a loss of phase coherence within the spin
system. This process, also known as spin-spin relaxation,
leads to the destruction of transverse magnetization and causes
the magnetic moments of the tissue to dephase. Different

for acquiring images after each inversion pulse, and on a rest period of
three heartbeats between the two cycles, this MOLLI acquisition scheme
is termed 5(3)3. b Representative images acquired axially in a 14-year-old
boy are sorted in order of increasing TI, and the signal intensity in each
pixel is then measured and used to fit to the T1 recovery curve equation

tissues in the body have different T2 values. T2 relaxation
time is measured as the time required for the transverse mag-
netization to decay to approximately 37% of its initial value.

How to measure T2 relaxation time for body imaging

T2 mapping is a method of measuring the T2 value of the
tissue. T2 relaxation time can be calculated using a T2 se-
quence with different echo times (TEs). The most fundamen-
tal sequence for T2 mapping is signal measured with spin-
echo techniques (multiple sequences with different TE values)
[19]. Other 2-D sequences have been used, such as multi-echo
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Fig. 6 Representative T1 map of
the myocardium and liver in an
11-year-old boy referred for
cardiac MR imaging generated in
the same short-axis view during a
cardiac image acquisition. RO
region of interest

spin echo (MSME) and fast spin echo (FSE) [19]. Synthetic
MRI is another quantitative method in which a single satura-
tion recovery turbo spin-echo sequence is used to estimate T2
transverse relaxation [20]. T2 relaxation values for tissues can
be estimated by fitting the data to the following equation using
a mono-exponential decay curve:

S(TE) = So e ()

where S(TE) is the signal intensity measured at each TE and
Sy is the initial signal intensity at time t=0.

Applications of T2 relaxation measurements in body imaging

Applications of T2 relaxations are described together with
those for T2* relaxation in the “Applications of T2 and T2*
relaxation measurements in body imaging” subsection.

T2* relaxation

The spins in the transverse magnetization plane dephase be-
cause of the intrinsic spin-spin interactions (T2). Additional
dephasing of the magnetization is caused by magnetic suscep-
tibility sources and magnetic field inhomogeneity. Because of
this extra phase dispersion, the decay time of the transverse
magnetization is shortened and given as T2*.

How to measure T2* relaxation time for body imaging

T2* of a tissue is measured with gradient recalled echo
(GRE)-based sequences (in body imaging this is

@ Springer

ROI - Blood pool

ROI — Endocardium/ Septum

ROI — Myocardium (includes
entire myocardium circle
overshadowed by purple ROI)

ROI - Liver parenchyma

typically a fast single-breath-hold acquisition sequence).
Similar to T2 measurements, T2* signal can be mea-
sured from the multiple echo times of a GRE-based
acquisition sequence, and T2* value can be estimated
by fitting the data to the following equation using a
mono-exponential decay curve:

S(TE) = So ef(%*)

where S(TE) is the signal intensity measured at each TE
and S, is the initial signal intensity at time t=0 (Fig. 9).

Applications of T2 and T2* relaxation measurements in body
imaging

Liver T2 and T2* quantitative methods are routinely used
clinically for body liver iron assessments (Fig. 10) [21-24].
Measured mean cardiac T2*, liver T2 and liver T2* can be
converted to cardiac iron or liver iron concentrations (LIC) by
published formulae [23, 25, 26].

Cardiac iron concentration = 45/(T2%)"*
LIC (using T2%) = 0.0254/72* 4 0.202

1.424
LIC (using T2) = (29.75—\/900.7—2.283 /T2)

In a study of 123 patients with MRI and biopsy performed
within a 6-month period, Guimaraes et al. [27] showed a sig-
nificant increase in T2 measurements with increasing fibrosis
stages using mono-exponential curve fitting. In a different
study of 139 patients, Hoffman et al. [15] showed that liver
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Fig. 7 Iron-corrected T1 (cT1) liver mapping. a, b Axial iron-corrected
T1 map of a 9-year-old boy with normal liver (mean=704 ms) (a) as
compared to ¢T1 map of a 16-year-old boy with primary sclerosing
cholangitis (mean=1,048 ms) (b). Images were acquired in axial
orientation

7% Time
Fig. 9 T2* measurement. While T2 relaxation time is the “true” T2
caused by spin-spin molecular interactions, T2* relaxation time is the
“observed” T2, reflecting true T2 as well as the effect of magnetic and
gradient inhomogeneity. T2 or T2* as measured is the time required for
the transverse magnetization to fall to approximately 37% of its initial
value

T1 and T2 mapping had a positive correlation with MR
elastography, which is a stiffness-based biomarker of liver
fibrosis. These findings support the potential utility of T2
mapping in quantifying liver fibrosis. In musculoskeletal im-
aging, T2 mapping technique has shown potentiality to eval-
uate the quality of the cartilage composition because the trans-
versal relaxation time (T2) reflects the ability of proton mole-
cules to move and to exchange energy inside the cartilaginous
matrix [28, 29]. Each variation of matrix content (water, pro-
teoglycan and collagen) and each modification of the organi-
zation of the collagen network can induce T2 variations that
can be measured quantitatively for early disease detection and
treatment follow-up [30].

T1rho concept

Tlrho, or spin-lock T1 relaxation time, is the time con-
stant for magnetic relaxation under continuous RF irradi-
ation. When an RF pulse is delivered at moderate

S(TE)=S0 el—(TE/T2 )

——) —) =N Mxy
ST =~ -7 N T T
( > ! > ( 7
N 2 \\\ ) = - \\ _—_—-///
time

Fig. 8 T2 relaxation. Following turning off of the radiofrequency pulse,
differences in magnetic fields experienced by the spins cause them to
precess at slightly different frequencies and fan out about the transverse
plane. T2 relaxation time is the time for the transverse magnetization to

decay to about 37% of its initial value (the flipped nuclei that started
spinning together become incoherent). S(TE) is the signal intensity
measured at each individual echo time (TE) and Sy is the initial signal
intensity at time t=0. Mxy is the magnetization in the transverse plane
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Fig. 10 T2 and T2* applications in liver imaging. a Axial T2-W fat- echoes. TE echo time. ¢ Top row shows axial images of the liver, which
suppressed MR image in a 16-year-old boy with sickle cell disease who can be seen getting progressively darker with increasing echo images
is transfusion-dependent. b Liver iron concentration (LIC) measured with when LIC measured was 8.4 mg/g. Bottom row shows axial images of
T2*-based images is 8.4 mg/g. The same boy was scanned approximately the same boy with LIC measured at 3.6 mg/g approximately 14 months

14 months after chelation therapy, and his estimated LIC was 3.6 mg/g. later after chelation therapy
This is also reflected in the signal intensity of the individual increasing

amplitude (~10 puT), it can quench background sources of ~ Tlrho mapping involves at least two, usually multiple spin-

T2 relaxation in fibrotic tissue, greatly enhancing sensi-  lock times (TSL) at a certain spin-lock frequency to obtain a
tivity to fibrotic liver disease compared to conventional  series of images with different levels of T1rho weighted con-
T2-relaxation mapping. Also known as spin-lattice relax-  trast. Voxel-wise image intensities with different TSLs are

ation time in the rotating frame, this imaging technique  then fitted to a mono-exponential decay mathematical model,
measures relaxation time in the presence of a resonant to calculate the voxel-wise T1rho values, which is called
continuous wave radiofrequency pulse that “locks” its  Tlrho map.
magnetization in the transverse plane. Tlrho describes
the decay of this locked magnetization in the transverse
plane and is influenced by the interactions between free  Applications of T1rho relaxation measurements in body
water and proton nuclei in large macromolecules, such as  imaging
collagen and proteoglycans.
T1rho mapping has been used in preclinical and research set-
How to measure T1rho relaxation in body imaging tings to assess for hepatic fibrosis [31-33]. Because liver fi-
brosis involves the accumulation of extracellular macromole-
T1rho mapping is the most common form of T1rho imaging cules, including collagen and proteoglycans, it is hypothesized
and has been most intensively used for various applications.  that Tlrho imaging is a direct measure of liver fibrosis and
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might be less confounded as compared to stiffness-based mea-
sures [14, 18].

In a small study by Rauscher et al. [31], T1rho measurements
were made in healthy volunteers and patients with liver cirrhosis.
These authors concluded that liver T1rho values were significant-
ly higher in people with liver cirrhosis when compared to healthy
individuals. Another study, by Singh et al. [32], which performed
T1rho relaxometry in people with varying degrees of liver fibro-
sis, also confirmed that T1rho measurements increase with in-
creasing histological fibrosis. T1rho has been used extensively to
study the musculoskeletal system, including cartilage, meniscus
and intervertebral discs. T1rho might be able to distinguish tu-
mors as well as healthy and adipose tissue in the breast [34]. It
has been shown to improve delineation of myocardial borders
and detect myocardial injuries [35, 36].

Diffusion-weighted imaging

Diffusion-based imaging produces images that are sensitized
to the molecular diffusion of water [37]. The basis of the
signal measured in a diffusion-weighted image is the random
movement of water protons. In a static, homogeneous mag-
netic field, all hydrogen nuclei precess with the same Larmor
frequency. When a gradient (a temporary magnetic field) is
turned on, this homogeneity can be dephased and then follow-
ed by a gradient in the opposite direction to rephase and re-
store the signal. The hydrogen molecules that move between
the dephasing and rephasing gradients contribute to the
diffusion-weighted image. The strength of the diffusion
weighting is dependent upon the gradient strength, duration
and time between the dephasing and rephasing gradients,
called the b value and measured in units of s/mm?. The higher
the b value, the stronger the diffusion weighting [37]. Strong
gradients and high slew rates reduce the diffusion encoding
time, which improves the SNR by reducing the TE. High slew
rates also enable faster image encoding, which can further
reduce TE and help mitigate distortions by shortening the echo
spacing.

On clinical scanners, diffusion-weighted imaging (DWI) is
typically performed with single-shot k-space trajectories, most
commonly using the echoplanar imaging (EPI) technique. In
an attempt to accelerate imaging, acquired diffusion images
are often under-sampled to reduce the effective echo time and
length of echo train. Parallel imaging is used to restore the
unaliased images by using spatial information inherent in the
coil sensitivity profiles of a multichannel receiver coil.
Compressed sensing is being explored in research studies as
another way to accelerate diffusion imaging by using a priori
information about sparsity patterns to reduce sampling re-
quirements [38—40]. Newer methods are now clinically avail-
able that help reduce the number of excitations and diffusion
encodings necessary to cover the entire imaging volume, such
as simultaneous multi-slice [41].

How to measure apparent diffusion coefficients for body
imaging

It is possible to estimate for the physical diffusion coefficient of
the image voxel, often referred to as the apparent diffusion coef-
ficient (ADC), because it reflects the average diffusion coefficient
in the voxel, affected by biophysical factors and experimental
setup. The ADC can be measured from the set of diffusion-
weighted images and corresponding b factors. For a successful
multiple b values DWI acquisition, it is important to optimize the
SNR at each b value. In body imaging, to enable a mono-
exponential fit, three to five b values are typically used (Fig. 11).
The number of signal averages is usually increased for higher b
values so that a DWI with multiple b values can be performed at
an acceptable SNR in clinically reasonable scan times. The ADC
is calculated by fitting the measured signal intensity to the mono-
exponential decay curve of the following equation:

S = So e P(APC)

where S is the signal intensity measured from images at each b
value and S, is the initial signal intensity at time t=0.

Applications of diffusion-weighted body imaging

In body imaging, DWI has been shown to improve disease
assessment in the liver, pancreas, kidney, breast, prostate and
kidneys [40, 42—45]. DWI has also shown value in the assess-
ment of tumor response after oncological treatment [46—48].
Various studies have shown that DWI-based ADC values are
helpful in early detection and in follow-up of various tumor
types [49]. DWI has the potential to assess tissues at a cellular
basis and can therefore detect treatment response earlier than
other anatomical measures [48]. Change in ADC values often
precede changes in tumor size, and the magnitude and tempo-
ral evolution of ADC change depends on the mechanism of
action of the treatment. A meta-analysis study showed no
major differences between DWI and contrast-enhanced T1-
W studies using gadolinium-based contrast agents for the de-
tection of liver metastases [S0]. In children who cannot re-
ceive gadolinium-based contrast agents, DWI can serve as a
reasonable alternative to contrast-enhanced studies.

Limitations of quantitative magnetic
resonance imaging

The qualitative nature of MR image contrasts and variability in
images leads to ambiguity in image interpretation, which is ap-
parent in radiology reports. Additionally, there can be confound-
ing changes in the same anatomical region, adding to the diffi-
culty in image interpretation. The adoption of comprehensive
quantitative tissue measurements could help answer complex
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Fig. 11 In diffusion-weighted
imaging, a progressive decrease
in image signal intensity is
evident and can be measured with
increasing b values, as in these
three representative axial images
obtained at b=0 s/mm?, b=400 s/
mm? and b=800 s/mm? in a 14-
year-old boy. The signal intensity
can be measured and fitted to a
mono-exponentially decaying
curve to generate an apparent
diffusion coefficient (ADC) map
(top right)

clinical questions, and MRI-derived quantitative numbers might
be used to follow up therapeutic outcomes. However, the inher-
ent speed limitations of MRI preclude widespread clinical adop-
tion of quantitative tissue property measurements. With the avail-
ability of faster imaging techniques and rapid gradients, it is now
becoming possible to collect quantitative information in a clinical
setting. A second barrier to clinical adoption is the lack of stan-
dardization and difficulty in reproducibility of quantitative imag-
ing biomarkers. Despite these challenges, it is clear that
quantitative-MRI-based measurements have significant potential
to impact clinical body imaging.

Conclusion

A growing number of quantitative MR applications for body
imaging represents evolutionary change in the use of MR
imaging. Quantitative maps improve early detection and stag-
ing of chronic diseases and their treatment follow-up. The
rapid increase in power and availability of computing technol-
ogy has enabled MRI manufacturers to provide push-button
automatic post-processing and generation of maps on the MR
console following acquisition of images. This new ease of
access to quantitative maps could provide unique advantages
to routine clinical body MR imaging.
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