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Recent developments in the use of magnetic resonance
(MR) to measure and image diffusion and blood micro-
circulation (‘“‘perfusion’’) are summarized. After a brief
description of the effects of diffusion and perfusion on
the MR signal, the different methods (conventional
spin-echo, stimulated-echo, gradient-echo, and echo-
planar imaging) that have been proposed and used to
image and measure diffusion and perfusion by gradi-
ent sensitization are presented, along with their ad-
vantages and limitations. The difficulties of diffusion/
perfusion imaging related to both hardware and soft-
ware are then discussed. Special attention is given to
specific problems encountered with in vivo studies and
data analysis. Finally, the potential biologic and clini-
cal applications are outlined, and some examples are
presented.
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Imaging of Diffusion and
Microcirculation with Gradient
Sensitization: Design, Strategy,

CONSIDERABLE INTEREST HAS RECENTLY

been shown in the ability of magnetic resonance
(MR) imaging to show and measure molecular diffu-
sion and blood microcirculation (‘‘perfusion’’). Im-
aging of diffusion and perfusion holds significant
promise, especially in the evaluation of anatomic
and functional disorders of the brain. Diffusion and
microcirculation imaging with gradient sensitiza-
tion is based on the well-known sensitivity of nu-
clear MR to spin motion (1,2). Motion thus repre-
sents a ‘‘natural’’ marker of the MR signal, and,
theoretically, no external contrast material is need-
ed. Diffusion and perfusion are often conceptually
mixed together. However, they refer to rather dif-
ferent physical phenomena. Molecular diffusion is
the result of the thermal, so-called Brownian, ran-
dom translational motion that involves all mole-
cules. Perfusion relates to blood delivery to tissues,
and the term describes several phenomena, such
as blood capillary microcirculation and blood-tissue
exchanges.

Measurement of molecular diffusion may bring
several potentially useful new approaches to tissue
characterization and functional studies, from the
determination of cell geometry to the early clinical
evaluation of stroke. This interest in diffusion re-
sults from the fact that diffusion directly reflects
molecular mobility. Molecular mobility also affects
T1 and T2, but diffusion refers only to translational
molecular motion, while T1 and T2 reflect complex
molecular interactions involving rotational motions
and exchanges (3}. Moreover, T1 and T2 are MR pa-
rameters that will be affected by experimental con-
ditions, such as the strength of the magnetic field.
By contrast, diffusion is not an MR parameter; that
is, diffusion can be defined outside the MR context
and does not depend on the MR environment. How-
ever, MR imaging is the only in vivo technique
available today for measuring diffusion directly
from molecular displacements.

Noninvasive imaging of perfusion has wide and
already recognized applications in tissue character-
ization, treatment monitoring, and functional stud-
ies. Perfusion imaging has already been performed




Figure 1. Free versus restricted diffusion. With free dif-
fusion, such as for water molecules in a bottle, the diffu-
sion distance increases linearly with the square root
(Sgrt) of the diffusion time {straight line) according to the
Einstein equation. The slope of this straight line defines
the diffusion coefficient D. If diffusing molecules are re-
stricted to a closed space, such as an impermeable cell,
the apparent diffusion distance to which diffusion MR im-
aging is sensitive depends strongly on the diffusion time.
For short diffusion times, most molecules do not reach the
boundaries of the medium and therefore diffusion be-
haves as free diffusion (ie, diffusion distance increases
with diffusion time). When the diffusion time increases,
more molecules reach the boundaries and are reflected
back into the medium, and the measured diffusion dis-
tance ‘‘saturates’’ (the measured ‘‘apparent’’ diffusion co-
efficient decreases progressively to zero). If the barriers
are somewhat permeable to molecules, the diffusion dis-
tance still increases with the square root of the diffusion
time, but not linearly.

with non—-MR imaging methods such as contrast
material-enhanced computed x-ray tomography,
which depicts blood distribution in tissues, and
positron emission tomography (PET), which pro-
vides accurate blood flow measurements. The sen-
sitivity of MR imaging to spin motion has allowed
noninvasive imaging of blood flow in large vessels
(MR angiography). However, imaging and measur-
ing blood flow at the capillary level are a consider-
ably different challenge because the phenomena
take place on a much smaller scale and the flowing
component represents only a small portion of the
water content in the voxel. The contribution of mi-
crocirculation to the MR signal must be distin-
guished from the contribution of diffusing bulk wa-
ter, which may exhibit other types of microscopic
motion. It may appear tempting to develop a micro-
scopic MR angiography technique that would depict
capillaries on a quasi-individual basis, but on such
a small scale, diffusion effects become predomi-
nant and limit spatial resolution (4). For all these
reasons, perfusion MR imaging by gradient sensiti-
zation is a difficult challenge.

A typical MR imaging voxel contains a large num-
ber of capillary segments, so that a statistical de-
scription of bath capillary geometry and capillary
circulation may be justified. As a result, microcir-
culation has been referred to as intravoxel incoher-
ent motion (IVIM), along with other types of micro-
scopic motion, including molecular diffusion (5).
Because capillary segments are randomly oriented
in each voxel, microcirculation can be described as
“‘macrodiffusion” and one can associate with it a
*pseudodiffusion’’ coefficient. This concept of
pseudodiffusion ascribed to microcirculation per-
haps explains why diffusion and perfusion, the
meanings of which are so different, are often, and
perhaps misleadingly, associated.

There has been some controversy on the techni-
cal issue of whether MR imaging could measure ac-
curately such microscopic motion in an otherwise
macroscopically moving environment. Diffusion or
microcirculation imaging is not an easy technique.
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Figure 2. Random motion and MR signal. The phase of
transversely magnetized spins moving in the direction of
a magnetic field gradient changes compared with the
phase of **static” spins, because the moving spins pass
through different magnetic fields. For a population of ran-
domly moving molecules, as in diffusion, motion along the
direction of the gradient is different for each spin, result-
ing in a distribution of phase shifts. These phase shifts di-
rectly reflect molecular motion. In the case of diffusion,
the average phase shift is zero because the average dis-
placement is zero. The dispersion of the dephasing de-
pends on the variance of the displacements (the square of
the diffusion distance), which is related to the diffusion
coefficient and the diffusion time. This dispersion of de-
phasings results in an attenuation of signal amplitude,
which depends on the diffusion coefficient.

The many pitfalls may give rise to meaningless re-
sults, although the images may look ‘‘appealing.”
To obtain reliable measurements of some clinical
use, the hardware and experimental setting must
be carefully chosen. After a review of the different
pulse sequence designs that have been proposed to
image diffusion and perfusion by gradient sensiti-
zation, and a description of their main advantages
and drawbacks, an important section of this article
is a discussion of the strategy used and problems
encountered when implementing such techniques
on clinical MR imagers. Finally, the future of diffu-
sion/perfusion imaging is discussed in terms of
clinical or biologic applications.




o DESIGN: PRINCIPLES OF DIFFUSION/
PERFUSION IMAGING BY GRADIENT
SENSITIZATION

Effect of Diffusion on the MR Spin-Echo Signal
Molecular diffusion results from a random mi-
croscopic translational motion of moiecules known
as Brownian motion. Because of thermal agitation,

molecules are constantly moving and bouncing
against each other. For a particular molecule, this
random ‘‘walk’’ process produces net displacement
over time; these displacements are randomly dis-
tributed if we consider large molecular populations.
The probability that a molecule travels a distance r
during a time interval t can be calculated. For a
simple liquid, one finds a Gaussian distribution (6),
the mean of which is zero, because the probability
of movement in one direction is the same as that of
movement in the opposite direction. The variance
of the distance traveled is proportional to the time
interval t, according to the so-called Einstein equa-
tion:

(r?) = 2Dt, (1)

(or 6 Dt, if we consider displacements in three di-
mensions). The proportionality constant D is called
the diffusion coefficient and characterizes the mo-
bility of molecules within and relative to the diffus-
ing medium. This relation also tells us that the mo-
lecular displacement distance (diffusion distance) r
from the origin will increase with the square root of
t (Fig 1). For example, the diffusion coefficient of
water at room temperature is about 2.2 X 103
mm?/sec (7). This means that, during 100 msec, the
standard deviation for water molecule displace-
ments is 20 gm. In other words, 32% of the mole-
cules will have a displacement greater than 20 pm
and 5% of the molecules will have displacements of
40 pm or more. In complex systems, such as biolog-
ic systems, the distribution of molecular displace-
ment may deviate from the Gaussian model, due to
the presence of many obstacles (restricted diffu-
sion) {8).

Diffusion can be approached in a different way,
such as by using the classical Fick law (8), which
models diffusion as a transport process driven by
nonuniform particle (spin) concentrations. The
random walk approach is, however, more suitable
for explaining the effects of diffusion on the MR sig-
nal.

Diffusion is, of course, a three-dimensional pro-
cess. However, the molecular mobility may not be
the same in all directions. This anisotropy may be
due to the physical arrangement of the medium (lig-
uid crystal) or to the presence of obstacles that limit
diffusion (restricted diffusion). In fact, diffusion is
mathematically defined as a tensor rather than a
scalar (9), which must be symmetric and the diago-
nal elements of which, Dy, Dyy, and D,,, represent
molecular mobility in the three directions x, y, and
z. (This is not a vector, since, for each axis, no priv-
ileged motion direction [ie, positive or negative] can
be observed.) The nondiagonal elements, such as
Dyy. Dy, or Dy, for a medium with anisotropic dif-
fusion tell us how diffusion in one direction corre-

lates with some molecular displacements in a per-
pendicular direction.

Restricted diffusion occurs when molecules are
confined in a limited medium by boundaries. When
the molecules reach these boundaries, they are re-
flected back into the medium. Therefore, diffusion
distance is not found to increase indefinitely with
diffusion time, as seen with free diffusion, but rath-
er ‘‘saturates’’ when all molecules have reached
the boundaries (Fig 1). By comparison of this satu-
ration diffusion value with the free diffusion coeffi-
cient, which can be measured with very short diffu-
sion times (so that molecules do not experience any
restriction), it is theoretically possible to evaluate
the dimensions of the restrictive boundaries, of
great interest for tissue characterization if the me-
dia in question are, for instance, cells. In practice,
the situation is much more complicated because
this size determination strongly depends on the
shape of the medium (cylindrical, spherical, etc),
which is not always known {8-11). Furthermore,
restriction may not be complete; molecules may be
able to “*leak’ through the boundaries, and mem-
branes are always somewhat permeable to water
(8,12).

In all cases, the direction along which diffusion is
measured and the time during which this measure-
ment is accomplished are essential parameters of
any diffusion experiment and must be provided
with any experimental result.

The effects of molecular diffusion on spin echoes
have been investigated since the early days of MR
studies (1,13,14). The random motion of nuclear
spins carried by molecules such as water mole-
cules, which diffuse through any magnetic field in-
homogeneity, reduces the spin-echo amplitude. In
the presence of a magnetic field gradient, random
spin displacements produce random dephasings
that destructively interfere with one another, re-
sulting in incomplete refocusing of the echo and
thus in attenuation of the echo amplitude (Fig 2).
Because of the Gaussian shape of the probability
distribution of diffusion displacements, this attenu-
ation A has an exponential dependence:

A = exp(—bD), 2)

where D is the diffusion coefficient (considered here
as isotropic [ie, the same in all directions]) and b is
a factor that depends only on the magnetic field
gradients. For instance, for a constant gradient G
applied during the echo delay TE of a spin-echo se-
quence, one has (1)

b = v>G°TE?/12, (3)
and the echo signal intensity is represented by
S = So(N,T1)exp(—TE/T2)exp(—y°G*TE*D/12), (4)

where N refers to spin density, v to the gyromagnet-
ic ratio, and Sy would be the signal amplitude with-
out T2 or diffusion effects. Although b depends on
the square of G and the cube of TE, diffusion effects
can be observed only with strong gradients and/or
long diffusion measurement times, because D is
generally small in biologic tissues. For instance, in
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the case of pure water, G must be as high as 0.4 G/
cm (4 mT/m) to observe a diffusion-related signal
loss of only 20% with a TE of 100 msec (5). Since
water diffusion in tissues is less than in pure wa-
ter, the attenuation will be still less.

In the early days of MR studies, field inhomogen-
eities due to imperfections of the magnet were large
enough to produce a significant attenuation due to
diffusion. To overcome this problem, Carr and Pur-
cell suggested the use of a multiecho train rather
than a single echo (13). In this case, due to the refo-
cusing at each echo, the diffusion measurement
time is split into a series of shorter diffusion times,
each of which is equal to the interecho delay, and
the effect of diffusion differs slightly. The b value
becomes

b = v2G>TE%/12n2, (5)

where n is the echo number and TE the effective
echo delay of the nth echo (ie, TE = nTE’ if TE' is
the interecho delay).

Owing to the factor n?, the diffusion-related echo
attenuation will be much less in the case of the
multiecho sequence. Consequently, as far as diffu-
sion effects are concerned, a single-echo and a
multiecho sequence are not identical. If we want to
decrease diffusion effects, the use of a multiecho
train is preferable. This is especially true when
measuring T2. Failure to take into account diffu-
sion effects would lead to an underestimation of T2
(15). Diffusion measurements generally require a
single-echo approach, which is more sensitive.

A significant improvement in diffusion measure-
ments with use of a single spin echo was intro-
duced by Stejskal and Tanner (16). With very large
but short gradient pulses (hundreds of gauss per
centimeter during a few milliseconds) placed on
each side of the 180° pulse of a spin-echo sequence
(Fig 3) and balanced for ‘‘static’’ spins, residual By
field inhomogeneities become negligible in compari-
son with the pulses, allowing accurate measure-
ments of very small diffusion coefficients. In this
Stejskal-Tanner sequence (9), the expression for b
becomes

b= 72G262(A - %) , 6)

where § is the duration of each gradient pulse and A
the time interval separating their onset (Fig 3).
With the high-quality magnets of today, residual in-
homogeneities are often negligible; the Stejskal-
Tanner sequence still offers an advantage in that
when é is much less than A, the diffusion measure-
ment time is known exactly and controllable inde-
pendently of TE. The diffusion measurement time
in this sequence is A — (6/3) and can be varied. This
is particularly useful for restricted diffusion stud-
ies, in which the diffusion time is a critical parame-
ter. However, when ¢ is not short, as required when
the gradient power available is not high, the diffu-
sion time, although mathematically defined by A ~
(3/3), becomes less meaningful physically. In partic-
ular, it should be noted that the factor §/3 comes
from the integration over time of the gradient
pulses (see Eq. {7]), so that this factor will be differ-
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Figure 3. Stejskal-Tanner sequence. A significant im-
provement in diffusion measurements was introduced by
Stejskal and Tanner in 1965 (16). The principle of this se-
quence is to use large and short pulsed magnetic field gra-
dients instead of constant gradients, to improve accuracy.
Typically, the sequence consists of two gradient pulses G
of short duration () separated by a variable time interval
A and disposed on either side of the 180° spin-echo radio-
frequency (RF) pulse.
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Figure 4. Diffusion imaging. Sensitization of a spin-
echo 2DFT imaging sequence to diffusion can be obtained
by inserting additional gradient pulses within the se-
quence, according to the Stejskal-Tanner scheme (Fig 3).
These pulses (shaded boxes) have been set to sensitize the
echo signal to diffusion along the readout gradient axis,
but diffusion weighting can be obtained on any axis. By
changing the amplitude and/or the duration of these gra-
dient pulses, it is possible to modulate the degree of diffu-
sion weighting of the echo. Diffusion images, free of T1 or
T2 effects, are calculated by combining at least two differ-
ently diffusion-weighted images.

ent for nonrectangular gradient pulse shapes, such
as sinusoidal shapes. Therefore, the diffusion time
is introduced somewhat artificially to differently
weight the effects of the diffusion displacements on
MR signal attenuation for different times, during
and between the presence of the gradient pulses.

It is desirable to avoid the presence of a gradient
of large amplitude during the recording of the echo
signal. Such a gradient will increase the frequency
bandwith and thus reduce the signal-to-noise ratio
(S/N). In the Stejskal-Tanner sequence, no gradient
is required during echo sampling. If a gradient is
necessary during sampling, as it is for imaging,
that gradient should preferably be completely inde-
pendent of the gradient pulses used for diffusion
sensitization.
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Figure 5. Effects on the gradient factor b of cross terms
between imaging and diffusion-sensitizing gradients. Ex-
ample in which the diffusion-sensitizing gradient pulses
have been set on the readout axis (as in Fig 4). RF pulses
and the gradient pulses on other axes have been left out
for simplicity. Units for b are seconds per square millime-
ter. The b value achieved with conventional imaging read-
out gradient pulses is usually negligible (b = 2); the b val-
ue may be even further reduced by setting the predephas-
ing and readout gradient pulses closer to each other (b =
1); the b value obtained from a pure Stejskal-Tanner con-
figuration (no imaging gradients) is deliberately larger be-
cause large gradients are used (b = 75); the b value ob-
tained when there are no cross terms between the readout
and the diffusion-sensitizing gradient pulses—because
complete refocusing of static spins is achieved after the
end of the second diffusion gradient and before the begin-
ning of the readout gradient pulse pair—is equal to the
sum of each contribution (b = 75 + 1 = 76). In the bottom
example, the readout and diffusion-sensitizing gradient
pulses are interleaved. This combination produces cross
terms that are not negligible. The effect of the readout
gradient on the b value becomes important (b = 100), al-
though its own contribution is small. The cross-term con-
tribution depends on the readout gradient and will vary
with the field of view, spatial resolution, and bandwith of
the acquisition. For accurate diffusion determination, ap-
propriate b values must thus be calculated for each configu-
ration by solving Equation (7), most often numericaily.

Principles of Diffusion Imaging

Spin-echo sequence.—The concept of diffusion
imaging is recent (5,17-20). Because of the multi-
ple pulses used in an imaging sequence, the Stejs-
kal-Tanner equation (Eq [6]) is no longer valid and
the expression for b must be recalculated, taking
into account all gradient pulses present in the im-
aging sequence (5). The general expression is

TE
b=+? " Ikofar, @)
0
with
k(t) = j t G(t)dr, (8)
0

where G(t’) is —G(t') for t’ greater than TE/2 (ie, after
the 180° pulse at TE/2).

Because of the vectorial nature of this relation,
cross terms between gradient pulses placed on per-

pendicular axes cancel out, since their scalar prod-
uct is zero. When diffusion can be considered as
isotropic, the contributions by, by, and b, of each
axis x, y, and z can be added together, so that b = by
+ by + b,.

However, if diffusion is anisotropic, one must
handle separately the different components of the
diffusion tensor. If we consider diagonal terms
only, the echo attenuation is

S/S, = exp (" Z biDii>‘ (9)
i=x,y.z

(In the presence of nondiagonal terms, Equations

[7] and [9] are inexact and must be reformulated ac-

cording to reference 9.)

It appears, thus, that it is inappropriate to con-
sider, in the case of anisotropic diffusion, an ‘‘effec-
tive” b factor begr, such that begs = by + by + b,. In
particular, this means that if diffusion gradients
are placed simultaneously on different axes, diffu-
sion measured along the direction of the net vector
gradient derived from the vectorial sum of each gra-
dient component (ie, Gx. Gy, G,) will be a complicat-
ed mixture of the diagonal and nondiagonal terms
of the diffusion tensor.

For a typical two-dimensional Fourier transform
(2DFT) spin-echo imaging sequence (21) (Fig 4) that
contains multiple low-amplitude gradient pulses,
the b value remains small, typically less than 1 sec/
mm?, so that the diffusion effect is completely neg-
ligible (for D = 2 X 10~® mm?/sec, the attenuation is
less than 1%]) (5). To increase the sensitivity of an
imaging sequence to diffusion, it is necessary to in-
corporate additional gradient pulses in the se-
quence (5,19). However, the mixture of imaging and
diffusion-sensitizing gradients on the same axis
will produce cross terms when Equation (7) is
solved to calculate b. These cross terms will depend
on the way these gradient pulses are combined in
time and may be far from negligible (Fig 5), and this
is why Equation (6) cannot be applied. It is impor-
tant to properly determine b values by solving
Equation (7), even numerically, or to design the se-
quence in such a way that cross terms are made
negligible (Fig 5). The use of Equation (6) becomes
inexact in the presence of cross terms and leads to
an overestimation of the diffusion values. In the
presence of such cross terms, it also appears that
positive and negative diffusion gradients will be-
have differently. The main terms contributing to b
derived from Equation {7) are sign independent be-
cause they result from squared amplitude. This is
not the case for the cross terms, and, therefore, the
b values obtained with positive and negative diffu-
sion-sensitizing gradients will differ. By comparing
the MR signals obtained with positive and negative
diffusion-sensitizing gradients, or, more efficiently,
by alternating positive and negative gradient
pulses, one can eliminate the cross-term effects.
This concept has been suggested in the past asa
way to get around cross terms between diffusion-
sensitizing gradients and residual field gradients,
which are very difficult to estimate (22,23). Finally,
note that in the presence of cross terms the diffu-
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Figure 6. Stimulated-echo sequence. This sequence
consists of a series of three RF pulses (in this case, three
90° pulses) separated by time intervals r; and r2. This
combination results in several echo formations. The echo
that occurs at time r; after the third pulse is called a stim-
ulated echo. The interesting feature of this echo is that it
combines T2 effects accumulated during the two r; peri-
ods and T1 effects accumulated during the 7, period. Be-
cause T1 is longer than T2 in biologic tissues, 72 can be
made much longer than the TE of a regular spin-echo se-
quence. This aids in diffusion measurements because it
allows the diffusion time to be increased without increas-
ing the amount of T2 decay. Diffusion sensitization is ob-
tained by inserting gradient puises (G) of duration ¢ and
separated by a time interval A within the r, periods.

sion time is poorly defined.

The computation of diffusion images (ie, maps on
which the diffusion coefficient is displayed in each
voxel) is performed with use of two or more se-
quences differently sensitized to diffusion. For in-
stance, in the case of two images (S;) and (Sp} ob-
tained with gradient factors b; and by, the diffusion
coefficient can be determined in each voxel from
their relative signal intensities according to (5,17)

D(x,y,z) = In[Sy(x.y,2)/S:(x.y.2)}/(by — bg). (10)

Diffusion coefficients can be determined more ac-
curately from more than two images obtained with
different known b values by fitting the signal atten-
uation S/Sg with Equation (2).

A variety of related techniques have been pro-
posed to image diffusion. With the spin-echo
scheme, it is possible to vary the strength or the du-
ration of the diffusion-sensitizing gradients (24,25)
or their direction in order to enhance anisotropic
diffusion effects (26). Other schemes have been
used, such as the stimulated-echo sequence (18) or
variants of the steady-state free precession (SSFP)
technique (27-30) and, more recently, echo-planar
imaging (31,32). These schemes may present some
advantages when compared with the spin-echo ap-
proach and will now be discussed.

Stimulated-echo sequence.—The stimulated-
echo scheme has been proposed for diffusion imag-
ing (18). A stimulated-echo sequence consists of
three RF pulses separated by time intervals r; and
72 (Fig 6). This combination of three RF pulses re-
sults in several echo formations that occur at de-
fined times. These echoes have different origins.
The most interesting echo is the one called the
stimulated echo, occurring a time interval r, after
the third RF pulse (1).
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Figure 7. Diffusion imaging with SSFP. These se-
quences use small flip angles and gradient echoes. De-
pending on the design of the gradient pulses, either or
both of the signal formations that occur immediately after
or before each RF pulse can be selected for image acquisi-
tion. The best design for diffusion measurement is the
CE-FAST scheme, in which the signal preceding each
pulse is acquired to increase T2 weighting. Diffusion sen-
sitization is obtained by inserting a single gradient pulse
before the readout gradient pulse block (shaded pulse).
The echo signal then has a complicated dependence on
T1, T2, and diffusion.

The remarkable feature of the stimulated echo is
related to the magnetization evolution during the
period 75 between the second and third RF pulses.
After the end of the second RF pulse, part of the
transverse magnetization (exactly half in the case
in which 90° pulses are used) is stored as longitudi-
nal magnetization. During the 7, period, longitudi-
nal magnetization thus experiences T1 relaxation
and not T2. Since T1 is usually much longer than
T2 in biologic tissues, longer evolution times can be
achieved than with a spin-echo sequence, without
the usual signal penalty due to T2 decay.

The amplitude of the stimulated echo, in the case
in which the three RF pulses are 90° pulses (1), is

S = Su{N,T1)/2 - exp(—7,/T1)* exp(—27,/T2). (11)

This feature is particularly useful for diffusion
measurement purposes when long diffusion times
are required. Gradient pulses can be inserted with-
in the first and third intervals of the stimulated-
echo sequence (Fig 6). The diffusion time will in-
clude 3 and can thus be longer than with a spin-
echo sequence (33). The Stejskal-Tanner relation
(Eq [6]) still applies, provided that the period 7, is
included in A. The longer diffusion time is useful for
studying very slow diffusion rates or to compensate
for the unavailability of large gradients. There is,
unfortunately, a signal reduction of one-half when
compared with the spin-echo signal, since only half
of the magnetization generated at the end of the 7,
period contributes to echo formation. Because of S/
N considerations, it appears that this sequence is
useful primarily in the presence of tissues with
short T2s or when the spin-echo sequence cannot
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Figure 8. TurboFLASH diffusion imaging. The turbo-
FLASH sequence consists of a series of gradient echoes
produced by repeating small-flip-angle (@) RF pulses. Sen-
sitization of turboFLASH imaging to diffusion is achieved
by means of a preparation sequence. The preparation
scheme is a DEFT (driven-equilibrium Fourier transform)
sequence: a spin-echo sequence (TE = 27) in which a 90°
pulse has been added at the time of the echo. Therefore,
the transverse magnetization, which carries the diffusion
attenuation produced by the diffusion-sensitizing gradi-
ents {Gd), will be flipped back to the longitudinal magneti-
zation axis and will serve as a starting point for the turbo-
FLASH acquisition. The ‘‘crusher’’ gradient pulses (Gc)
serve to eliminate any residual transverse magnetization
after the preparation period.

be used (34). With use of a conventional spin-echo
approach in tissues with short T2s, a reasonable
S/N would be obtained only with short TEs. Howev-
er, short TEs do not allow sufficient diffusion ef-
fects to occur, except in the presence of very large
gradient pulses.

Gradient-echo sequences.—The main draw-
back of the previous approaches, when used in
combination with a 2DFT imaging scheme, is their
long total acquisition time. To get sufficient diffu-
sion effects with conventional gradient coil sets,
long TEs are required, typically 100-160 msec, so
that T2 weighting severely impairs S/N. To over-
come this problem, other ways to increase S/N
must be used, also at the price of long acquisition
times. In practice, this means using averaging and
long TRs to limit T1 saturation effects. With a TR of
1 or 2 seconds, total acquisition time is generally
about 5—10 minutes. Under such conditions, only a
few sets of images differently sensitized to diffusion
can be acquired, limiting the accuracy of the diffu-
sion measurement. Long acquisition times also in-
crease the chance of patient motion, to which diffu-
sion imaging sequences are sensitive.

The use of fast imaging techniques, therefore, ap-
pears desirable for successful imaging of diffusion.
Fast imaging with gradient echoes and small flip
angles based on SSFP sequences can be sensitized
to diffusion with the addition of gradient pulses.
However, the theoretical analysis of the effect of
diffusion in such sequences is not simple (28,29,
35,36). The main problem is that T1 and T2 effects
are no longer decoupled from diffusion effects as in
the spin-echo sequence, in which T1, T2; and D
contribute separately to signal attenuation in a
multiplicative manner (Eqq [4,11]). The most suit-
able SSFP scheme for diffusion purposes is the CE-
FAST (contrast-enhanced Fourier-acquired steady-

state technique) sequence (27-30). This sequence,
which uses the echo signal occurring before each
RF pulse, is heavily T2 weighted and comparable to
a spin-echo sequence, the TE of which is approxi-
mately twice the TR of the CE-FAST sequence. The
sensitivity to diffusion is obtained by adding a gra-
dient pulse before the readout gradient (Fig 7). In-
deed, the diffusion effect that can be found is sig-
nificantly larger than the effect expected from the
spin-echo equivalent because of the contribution of
multiple echo paths to the signal formation, as, for
instance, stimulated echoes (35). The T1 and T2
contamination in the diffusion attenuation can be
reasonably limited with large gradient pulses
(28,36). Unfortunately, when such large gradient
pulses are used, the signal is highly attenuated and
S/N becomes unfavorable. Furthermore, despite its
speed, this sequence remains vulnerable to motion
artifacts (30), so that its benefit for diffusion imag-
ing has not yet been demonstrated.

A different approach, based on gradient-echo fast
imaging, has recently been suggested by several re-
searchers (37,38). The idea is to use a train of gra-
dient echoes for imaging purposes only, and there-
by acquisition times as short as 300 msec can be
achieved (‘‘turboFLASH [fast low-angle shot]" [also
called ‘*‘snapshot FLASH”’] [39]}). Sensitization to
diffusion can be obtained by a preparatory se-
quence placed before the gradient-echo train (Fig
8). Basically, this preparation period consists of a
diffusion-weighted spin-echo sequence followed by
an additional 90° pulse at the top of the echo,
which transforms the diffusion-attenuated trans-
verse magnetization into longitudinal magnetiza-
tion, to serve as a starting point for the turbo-
FLASH echo train. The sensitivity to motion arti-
facts would be significantly decreased because of
the very short acquisition times. This sequence
may therefore be an interesting alternative in fast
diffusion imaging. However, the sequence is not im-
mune to T1 contamination that occurs during the
preparation period and mainly during the echo-
train acquisition, which last several hundred milli-
seconds: The differential diffusion effect acquired
at the end of the preparation period may then be
lost for tissues with short T1s because of a quick
longitudinal magnetization recovery. Furthermore,
the preparation scheme mimics a DEFT sequence,
which requires phase cycling to cancel effects of RF
field inhomogeneities, to which this sequence is
sensitive (40). Similarly, it has been proposed
(41,42) to speed up the stimulated-echo sequénce
by splitting the third 90° pulse of the sequence into
n smaller-flip-angle RF pulses, each of them used
to generate a gradient echo (*'turboSTEAM"} for im-
aging purposes. More work remains to be done to
fully characterize the ability of these promising se-
quences to generate clean diffusion images.

Echo-planar sequence.—A major problem oc-
curring with in vivo imaging of diffusion arises
from irregular motion of the object. The sequences
used are deliberately sensitized to motion by the ad-
dition of large gradients, and, hence, gross motions
may lead to widely dispersed and potentially mis-
leading artifacts. Cardiac gating has been used to
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mitigate this problem (43}, but even this motion is
not strictly cyclic, and random involuntary motion
cannot be dealt with by this means (44). Artifacts
arise from discontinuities that occur between
successive cycles of a 2DFT sequence that are sep-
arated by a time interval TR that is close to the mo-
tion period. Results of such temporal incoherence
are commonly visible as ‘‘ghosts’” along the phase-
encoding direction. These ghosts are particularly
intense in the presence of diffusion-sensitizing gra-
dients and render the diffusion measurements
meaningless. Ultimately, the best way to prevent
motion artifacts is to use a single-shot technique.

With echo-planar imaging, the entire set of ech-
oes needed to form an image is collected in a single
acquisition period (single shot) of 25—100 msec (45).
For biologic motion, no discontinuity can possibly
arise between successive data points, and hence
there can be no motion-derived ghosting. Even if
there were motion across several pixel widths dur-
ing this short acquisition, only blurring and band-
ing of the image would be likely to result. Such mo-
tion is not normally encountered in vivo if care is
taken to prevent voluntary motion.

Echo-planar imaging may be easily sensitized to
diffusion (31,32,46) (Fig 9}. For ease and conve-
nience, the favored echo-planar imaging technique
is MBEST (47), either in its spin-echo or gradient-
echo form. Sensitization consists of providing a pair
of large compensated gradients for an interval be-
fore rapid gradient switching and data acquisition.
The refocusing may be obtained either by simply
reversing the polarity of the gradient halfway
through the interval over which it is applied or by
inserting a 180° RF refocusing pulse at the mid-
point (Fig 9), without reversing gradient polarity.
The arrangement of the diffusion-sensitizing gradi-
ent pulses is slightly different in each case. Indeed,
echo-planar imaging is just a technique to record
an entire image within a single shot. Echo-planar
imaging remains otherwise compatible with almost
any sequence scheme, such as spin echo or stimu-
lated echo. The echo-planar imaging switched read-
out gradient itself, for typical amplitudes and dura-
tions used in practice, causes a negligible loss of
signal due to diffusion (31,32.46).

With echo-planar imaging, motion artifacts are
significantly reduced and diffusion coefficients can
be determined with a higher accuracy, although
S/Ns in echo-planar images are generally less than
in 2DFT images. Since the acquisition time is very
short (typically less than 100 msec), many images
differently sensitized to diffusion can be generated.
Diffusion coefficients may thus be calculated from
a fitting algorithm that uses all images and not just
two or three. Whenever it is possible, the echo-pla-
nar imaging technique should be preferred, al-
though echo-planar imaging is vulnerable to sus-
ceptibility artifacts responsible for image distortion
or signal dropout and to chemical shift artifacts
that require efficient fat suppression. Echo-planar
diffusion imaging has been successfully used for
measuring diffusion of water in the human brain
(32,46) in volunteers and patients (Figs 10—12) and
may now be considered the method of reference.
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Figure 9. Echo-planar imaging of diffusion. To free dif-
fusion images of motion artifacts, it is necessary to use
fast single-shot imaging techniques such as echo-planar
imaging. The Fourier space for the whole image is imaged
after a single excitation pulse. In the MBEST (modulus-
blipped echo-planar single-pulse technique) spin-echo
scheme, the spin echo is split into a series of gradient ech-
oes by quickly switching the readout gradient. Each gradi-
ent echo corresponds to a single line of the Fourier space.
Shifting from line to line is achieved by phase-encoding
gradient pulses. With regard to diffusion effects, this
scheme does not differ from a conventional spin-echo
scheme. Diffusion sensitization results from additional
gradient pulses inserted on both sides of the 180° RF
pulse (shaded boxes).

Figure 10. Study of healthy volunteer with diffusion
echo-planar imaging. In this series of 14 of 16 coronal
brain echo-planar images, each image has a different dif-
fusion weighting (the diffusion gradients were varied from
0 to 3.8 G/cm [38 mT/m] along the z axis; diffusion time =
20 msec). Note the progressive attenuation of signal in-
tensity as the diffusion weighting increases. Also, the de-
gree of attenuation is clearly different for different struc-
tures, such as gray and white matter. Each image has 64
X 64 pixels and was acquired in about 50 msec. In-plane
resolution is 2.5 X 2.5 mm, and the section thickness is
10 mm.

Perfusion Imaging: Concept of Intravoxel
Motion

Effect of intravoxel motion on the MR signal.—
As already mentioned, spins moving in the pres-
ence of a magnetic field gradient, unlike static
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Figure 11. Synthetic images derived from diffusion-weighted images. A series of 16 IVIM
echo-planar coronal brain images were obtained as in Figure 10. The fit to the diffusion/
perfusion model with a nonlinear Marquardt algorithm was then performed on a pixel-by-
pixel basis on a Sun 3/160 workstation. (a) Diffusion image calculated from last eight im-
ages {larger b values). The diffusion coefficient in each pixel is represented by means of a
gray scale. Diffusion appears greater in white matter when myelin fiber tracts are parallel
to the direction of the measuring gradients (z axis) (curved arrows). In structures such as
the corpus callosum, in which fibers are perpendicular to the measuring direction, the dif-
fusion coefficient is small (straight arrows). (b) Initial amplitude (intercept) image calculated
from the same set of data as in a. The contrast in this image is essentially T2 weighted (im-
age equivalent to a spin-echo 4,000/130 [TR msec/TE msec] image). Note that this image
looks different from the diffusion image, indicating that diffusion and T2 effects provide dif-
ferent information. (Reprinted, with permission, from reference 32.)

Figure 12. Echo attenuation. This plot represents the
result of an experiment carried out at 1.5 T in a 70-year-
old human volunteer with IVIM echo-planar imaging. A
series of 16 differently diffusion-sensitized spin-echo im-
ages were collected. The natural logarithm of the signal
intensity S averaged in regions of interest located in white
and gray matter is plotted against the different b values
used for each image. For white matter, the plot follows a
straight line, as expected from Equation (2) for a pure dif-
fusion process. The slope of the straight line gives the dif-
fusion coefficient. By using this many points, one can ob-
tain good accuracy for the diffusion coefficient (D = 1.10 X
1073 mm?/sec + 0.03 X 1073). For gray matter, the plot
clearly shows curvature at small b values. This curvature
has been ascribed to microcirculation effects, according to
the IVIM model. The straight line obtained for large b val-
ues gives the diffusion coefficient. The deviation from the
diffusion asymptote, as measured at the intercept, gives
the perfusion fraction f. In practice, better accuracy for D
and f is obtained by fitting the data with Equation (18)
(D=1.10X 103 mm?2/sec £ 0.03 X 1073, f= 8% + 2%,
D* =11 X 1073 mm?/sec + 6 X 1073). (The diffusion coeffi-
cient in the gray matter of this volunteer is somewhat
larger than that commonly observed in younger human
subjects [Table 1]).

spins, exhibit a phase shift of the transverse mag-
netization (48) (Fig 2). This phase shift results from
changes in the magnetic field (and the associated
resonance frequency) seen by spins that translate
along the direction of the magnetic field gradient.
The phase shift can be easily determined if one
knows the translation velocity v, the gradient am-
plitude G, and the relative direction of translation
at all times during the measuring sequence interval
T, by means of the following equation:

In {S)

o] 200 400 800 800 1000
b (s/mm2}

| Gray Matter T White Matter

T
o= f v(OG(t)tdt. (12)
0

No dephasing is obtained if v = 0 (no motion) or if
G = 0 (no gradient), or if the direction of motion and
the gradient direction are perpendicular (vG =
vGceos[v,G] = 0). On the other hand, the effect of
spin motion is a pure phase shift; in other words,
the magnitude of the magnetization |M,y|, which
depends on T1 and T2, is not affected at all:

Mxy = IMxy(Tl’Tz)’expliW)' (13)

The situation becomes more complicated when
we consider an actual voxel in which spins may
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move independently in different directions with dif-
ferent velocities (intravoxel motion) (43,49). An ex-
ample of this is spins carried by water molecules
circulating in different capillary segments of a sin-
gle voxel. The effect on overall transverse magneti-
zation in this single voxel must take into account
the distribution p(¢;) of the dephasings in the voxel
for each spin population j. A population could be
represented, for instance, by all spins in a given
capillary segment, which are moving with the same
velocity and acquire the same dephasing. Assum-
ing all populations have the same relaxation times,
the transverse magnetization becomes

M,, =M, (T1,T2)] > exp(i¢)p(e)
y v )Pl
7

= |M,(T1.T2)|Fexp(i®). (14)

The main result is that now an amplitude attenua-
tion F may occur, reflecting the degree of incoher-
ence of the displacements (the different dephasings
within the same voxel will interfere destructively
with one another), while & reflects the coherent
part of the displacements (average net flow). De-
pending on (a) capillary geometry and circulation
conditions and (b) MR imaging acquisition parame-
ters, the effects on F and ® may be different. Perfu-
sion can therefore be seen as an incoherent motion
(F <1, ® =0, overall amplitude attenuation in the
voxel) like molecular diffusion or as a coherent mo-
tion (F = 1, & # 0, overall dephasing in the voxel).
These two extreme conditions have been referred
to, respectively, as intravoxel incoherent motion
(IVIM) (5,43) and intravoxel coherent motion (IVCM)
{50). A third condition would occur in the case in
which the term incoherence refers to the whole
voxel and not to individual spins, because only the
capillary segments are randomly oriented (macro-
scopic incoherence). It is obvious, however, that
flow may be considered coherent for individual
spins, provided they keep a constant velocity with-
in a given straight capillary segment during the
time T (microscopic coherence). The even-echo re-
phasing phenomenon can occur, so that flow-relat-
ed dephasing is canceled on even echoes and there
is no attenuation from flow on such echoes (F = 1,
® = 0). Ahn et al proposed to use this feature to map
capillary perfusion (51). With this technique, two
spin-echo sequences sensitized to slow flow are
compared, one of them being a double-echo se-
quence. Another scheme would be to compare two
single-echo sequences, one of which is compensat-
ed for constant linear flow (52). The order of flow
compensation of the gradient nulling technique
may be increased to take into consideration the tor-
tuosity of the capillary network (53).

In all cases, the contribution of intravoxel motion
constitutes only a limited, usually small, fraction f
of the signal originating from the voxel. Assuming
there are only two components (ie, static s and cir-
culating c), with no exchanges, the total voxel mag-
netization is

M(xy)voxcl = (1 —ﬁM(Tls'Tzs'Ds)
+ fFexp(i®M(T1.,T2.,D.), (15)
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where the contribution of diffusion D to the magne-
tization magnitude M(T1,T2) has been added.

A further drastic simplification is to consider that
T1 and T2 and the diffusion coefficient of the static
and the flowing component are similar, which is
obviously disputable. In this case, Equation (15)
simplifies to

M(XY)voxel = [(1 _ﬂ +fFeXp(lq))]M(Tl 9T2'D) (16)

On the other hand, differences in T2 between the
two components may be used to distinguish them
(54). When very long TEs are used in a spin-echo
sequence, the static component, which has a
shorter T2, will have a decreased contribution to
signal intensity compared with that of blood. This
difference in T2s may also lead to an overestima-
tion of the contributing perfusion fraction. In fact,
T2 of blood is difficult to estimate because of its
high sensitivity to blood oxygenation status.

IVIM Imaging

IVIM imaging could be used to image blood micro-
circulation, seen as incoherent spin displacement
that has a pure amplitude attenuation effect F, as
in the case of molecular diffusion. Several models
have been proposed to evaluate F analytically
(43,49,51), but knowledge of F is not required as
long as we are interested only in the determination
of the perfusion fraction f, assuming model condi-
tions as given below.

One of these models considers microcirculation
as microscopically incoherent (ie, water molecules
in the capillary network frequently change direc-
tion during the measurement time T). This situa-
tion occurs when the tortuosity of the capillary net-
work is great enough for the path of water mole-
cules moving during T to be decomposed into a
series of straight segments, the length of each of
which is approximately the radius of curvature (1)
of the capillaries. Macroscopically, microcirculation
looks like a random walk process, similar to molec-
ular diffusion. In this idealized model, the attenua-
tion F can be easily calculated (43,49):

F = exp[—b((1)(v)/6}], (17)

where (l) is the mean free path and (v) is the mean
velocity of a “‘flowing’’ blood water molecule.

The quantity ((I) (v)/6) has the units of a diffu-
sion coefficient and can be called the pseudo-diffu-
sion coefficient D*. (Considering diffusing mole-
cules that move at a velocity v in a random walk of
discrete three-dimensional jumps of magnitude [,
one finds that the diffusion coefficient D is lv/6
[13].) Using literature values for () and (v) (55),
one finds that D* is expected to be about 10 times
larger than the true diffusion coefficient of water at
room temperature. It is quite surprising to find that
there is just an order of magnitude difference be-
tween D and D*, given that both phenomena occur
at scales that differ by a factor of 108, The similar-
ity between diffusion and perfusion has allowed dif-
fusion imaging methods to be proposed for perfu-
sion imaging (5,43,56). Moreover, the difference in
order of magnitude between D and D* should allow




perfusion and diffusion to be distinguished on a
quantitative basis (43). Determination of D* should
give information on the capillary circulation type,
combining geometry ({{)) and dynamic ({v)) proper-
ties.

Therefore, IVIM imaging is based on diffusion im-
aging techniques. When microcirculation effects
are present, the image calculated with Equation
(10) is no longer a simple diffusion image but de-
pends also on perfusion. If it is assumed that the
pseudodiffusion model is valid, the signal attenua-
tion has a biexponential dependence on b (Fig 12):

S/S, = (1 — flexp(—bD) + fexp[—b(D* + D)]. (18)

Since D* is expected to be larger than D, the last
points of the curve (for large b values) represent dif-
fusion almost exclusively, because microcirculation
effects have been canceled out by large gradients.
The first points (for smaller b values) reflect both
diffusion and microcirculation effects. The devi-
ation from the diffusion asymptote (measured from
the intercept of the diffusion asymptote) directly re-
flects the perfusion fraction f. It appears from this
curve that a slope calculated with low b values,
such as bg = 0 and b; = 100 sec/mm?, would differ
significantly from the diffusion coefficient D be-
cause of perfusion contamination. That is why the
term ‘‘apparent diffusion coefficient’’ (ADC) was
suggested to characterize such images calculated
from two low b values (5,43). Obviously, the ADC is
an artificial parameter that mixes diffusion and mi-
crocirculation and has no intrinsic physical signifi-
cance. Nevertheless, the ADC concept has proved
to be handy when perfusion is evaluated from IVIM
images calculated from only two acquisitions
(5,43).

Characterization of signal attenuation as a func-
tion of the gradient factor b would give more useful
information. In particular, the three fundamental
parameters—the diffusion coefficent D, the pseu-
do-diffusion coefficient D*, and the capillary densi-
ty f—could be separately determined by fitting the
signal attenuation with Equation (18). The accurate
determination of these variables requires many ac-
quisitions with different b values, which is incom-
patible with clinical requirements because of
lengthy acquisition times when conventional 2DFT
imaging techniques are used. Single-shot imaging
techniques have dramatically improved this situa-
tion, allowing the attenuation curve to be routinely
obtained in a clinical setting (32).

Unfortunately, determination of perfusion makes
greater demands on the system than does diffusion
imaging, because only a small fraction of the signal
carries the microcirculation information. The S/N
requirement is thus much more severe and difficult
to achieve. Calculation of the diffusion coefficients
on a pixel-by-pixel basis with use of the last part of
the attenuation curve is relatively easy with good
hardware. The determination of f and D*, however,
is much more difficult and usually requires the
grouping of pixels into larger regions of interest in
order to increase S/N to a sufficient level, as will be
demonstrated later.

¢ STRATEGY: HOW TO SUCCESSFULLY
IMPLEMENT DIFFUSION/PERFUSION
IMAGING

Hardware Considerations

There are three areas in which the demands of
diffusion/perfusion imaging require special atten-
tion: gradient coils and amplifiers, field homogene-
ity, and design of phantoms. These will be dis-
cussed in turn.

Gradient coils and amplifiers.—Because the
phase of the MR signal is proportional to the diffu-
sion-sensitizing gradient applied, and the b value is
roughly proportional to the square of the gradient,
it is important that the gradient be reliably charac-
terized. To avoid excessive loss of signal due merely
to transverse relaxation, it is generally better to use
large gradients applied for a short time rather than
weak gradients for a longer time. When gradient
amplifiers are used near full power, they tend to
show signs of instability such as sag or thermal
cutoff, which may vary from shot to shot. In a mul-
tipulse sequence such as that used in IVIM imaging
with spin echoes, any variation of the gradient from
one pulse to the next introduces a discontinuity
into the set of echoes that must be Fourier trans-
formed to give the final image. Such a discontinuity
manifests itself as a widely distributed image arti-
fact.

Although such an artifact does not occur when a
single-shot echo-planar technique is used in IVIM
imaging, it is still necessary to have stable diffu-
sion-sensitizing gradients, especially if data are to
be averaged from the modulus images from consec-
utive shots. Note that it is extremely demanding on
system stability to expect image phase to remain
constant from shot to shot, and thus averaging in
the time domain is inadvisable. For accurate diffu-
ston/perfusion imaging it is therefore essential to
have high-quality gradient amplifiers with some re-
serve capacity.

Not only must the diffusion-sensitizing gradients
be stable, they must also be free of large eddy cur-
rents. Field gradients produced by eddy currents
add to the readout gradient that immediately fol-
lows the diffusion gradients, causing readout gradi-
ents to be temporally and spatially nonuniform.
This can give rise to image distortion that varies
with the strength of the diffusion-sensitizing gradi-
ent, and hence can produce considerable inaccura-
cy in diffusion maps because of misregistration and
variation in image intensity. Also, any mismatch
between the intensities of the two field-gradient
pulses leads to an additional damping of the echo
amplitude, which is not due to diffusion, although it
could be misinterpreted as such. Where short,
time-constant eddy currents exist, the readout gra-
dient may be deferred to allow their decay, but the
best solution is undoubtedly to remove eddy cur-
rents at the source with use of actively shielded
gradient coils (57-59), which have no fringe fields
and therefore do not generate eddy currents.

Field homogeneilty.—The b value is calculated
with all the gradients applied between the first 90°
pulse and signal acquisition. Thus, any spatial
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variation in the field gradient applied, whether due
to static field inhomogeneity or to imperfect gradi-
ent coil design, will lead to corresponding spurious
variations in the measured diffusion coefficient.
Since the square of the gradient is involved, the er-
ror in the diffusion coefficient will be double that in
the gradient. It is not uncommon for commercial
gradient coils to produce fields that deviate from a
linear gradient by as much as 5% at the edge of the
field of view, which would translate intoa 10% er-
ror in the diffusion coefficient. A gradient arising
from static field inhomogeneity will of course be
present continuously during the imaging sequence
and will cause further error.

When a spin-echo (including echo-planar) diffu-
sion sequence is used, there is yet another possible
source of error: inhomogeneity in the RF field. Such
inhomogeneity results in imperfect refocusing of
the MR signal at the time of the echo, since the
pulses will not be uniformly 90° and 180° across
the object. There will be a residual free induction
decay arising from the imperfect 180° pulse, which
will interfere with the spin echo and cause an arti-
fact in the image. The normal remedy for this arti-
fact is to use so-called crusher gradients on either
side of the 180° pulse, which effectively add to the
diffusion gradients. However, in studying the effect
of perfusion on the signal, it is at small values of b
(and thus at small values of the diffusion gradient)
that the most change is expected. Crusher gradi-
ents can thus mask the subtle effects of perfusion,
although to dispense with them creates artifact and
gives unreliable results. The solution is to use an
RF coil with good field homogeneity, such as a
“*bird-cage”’ coil (60). One may also improve the
quality of the 180° pulse by using a composite or a
nonselective design or by phase cycling.

Phantom design.—Specific tests can be per-
formed to validate the measurements before they
are used in vivo. As mentioned, gradient-related ar-
tifacts may severely impair the measurements.
These artifacts may not be seen when the MR sys-
tem is used in a conventional way, but they may
appear as soon as gradient demand is increased to
perform diffusion/perfusion studies. One should
look at any residual ghosts that may be related to
gradient instabilities, to mechanical vibrations (the
phantom must be carefully secured), or to image de-
formation (in particular in the direction of the diffu-
sion-sensitizing gradients), which may result from
eddy currents.

The accuracy available for diffusion measure-
ments can be tested with a standard phantom
made of liquids with known diffusion coefficients.
Such liquids are water (D = 2.0 ~ 2.5 X 1073 mm?/
sec) (7) and acetone (D = 4.5 — 4.8 X 1073 mm?/sec)
(6). These values, found in the literature, are given
for '‘room temperature,’” which is not always accu-
rately defined. Temperature-related variations in
diffusion coefficients are significant, as we shall
see (Fig 13), so care must be taken to control tem-
perature during experiments. Other liquids can be
used, such as glycerin, which has a very small dif-
fusion coefficent; however, its very short T2 gener-
ally results in low signal levels. Images must be ac-
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Figure 13. Relation between diffusion and temperature.
The relation has been well established. In the usual tem-
perature range, there is a 2.4% change in diffusion per
degree Celsius. This plot was derived partially from water
diffusion measurements made on a 4.7-T MR imaging
unit. The activation energy (Eq [19]) was 0.18eV.E - 3 =
1073,
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quired with different gradient intensities (ie, differ-
ent b values) to plot the relationship between In(S)
and b. By doing so, one can check the degree of
scatter among measured values, reflecting the ac-
curacy of the measurements. The slope in the plot
of In(S) versus b gives the diffusion coefficient (see
Eq [10]).

The use of such a phantom may not be complete-
ly adequate for in vivo studies because only a limit-
ed number of diffusion values are available. It
might be suitable to have a continuous range of dif-
fusion coefficients, especially in the range expected
in vivo. A possible way to do sc is to design a gel
phantom in which a temperature gradient can be
induced (25) (eg, by using hot and cold water
streams). Temperatures can be monitored within
the gel with a series of minjature probes. The rela-
tionship between diffusion and temperature is well
established for water (6,7,61) (Fig 13):

D = Dyexp(—E_/kT), (19)

where k is the Boltzmann constant and E, the acti-
vation energy. This activation energy corresponds
to the energy required to break two hydrogen bonds
(Ea = 0.18 eV) (62). The sensitivity of diffusion to
temperature is about 2.4% per degree kelvin. A dif-
fusion image of this gel should exhibit a diffusion
coefficient gradient along the direction of the ther-
mal gradient, with greater diffusion in warmer re-
gions. The diffusion coefficient can then be fitted to
Equation (19) and used to calibrate the system.

For evaluation of the effect of perfusion, a spe-
cialized phantom must be used. To model tissue in
which capillaries are randomly positioned and ori-
ented, a chromatographic column packed with Se-
phadex polyacrylamide gel has been successfully
used (43). This resin is made of porous micro-
spheres through which water diffuses. The motion
of water flowing between them is for the most part




incoherent, although a net flow obviously exists.
The size of the microspheres can be chosen so that
the geometric microscopic disposition of the resin
mimics biologic issue. Other materials have been
suggested, such as cotton, sand, or glass balls, but
it is difficult to control the homogeneity of the
phantom, and susceptibility effects may impede the
measurements. It has also been proposed that ex-
cised but perfused organs, such as kidneys, be used
(63).

In Vivo Systems

When the diffusion imaging technique is applied
in vivo, additional problems may occur. These are
related to motion artifacts and to the distinguishing
of blood circulation. Furthermore, possible restrict-
ed or anisotropic diffusion effects require special
care in the experimental design.

Motion artifacts are mainly a concern for diffu-
sion imaging sequences derived from the 2DFT
scheme, in which motion-related dephasing may
differ from view to view and cause ghosting. How-
ever, even with single-shot techniques, such as
echo-planar imaging, care must be taken in elimi-
nating voluntary motion. Animals must be anes-
thetized. Human volunteers and patients must be
comfortably secured within the magnet. Use of
cushions or inflating devices have been suggested.
However, the main problem is internal motion due
to respiration and cardiac motion. This motion has
prevented successful diffusion imaging in the body.
(Diffusion imaging in parts of the body may become
feasible with echo-planar imaging [64].) Diffusion
imaging in the extremities and the brain is much
easier, but some precautions are required before
assessment of measurements. It is known that the
brain is subject to pulsations generated by large
blood vessels (65). Similarly, there is cerebrospinal
fluid (CSF) flow in the ventricular cavities of the
brain. The variation of these motions from view to
view may be large enough to produce significant ar-
tifacts in the presence of diffusion-sensitizing gra-
dient pulses, even with cardiac gating, making
measurements meaningless. It is, furthermore, not
always easy to determine the optimum delay time
between cardiac beats and signal acquisition that
will minimize motion artifacts. It may also be nec-
essary to skip every other beat to increase TR to get
an increased S/N. Cardiac gating is often useful,
but cardiac motion is not strictly cyclic. Besides
phase effects, instabilities in the cardiac rate will
induce artifacts when TR is not long compared with
the T1 values of the imaged tissues because of vari-
ations in saturation effects in longitudinal magneti-
zation between successive cycles.

To decrease the chance of misregistration (and to
circumvent possible system drifts), it is generally
useful to interleave the differently sensitized acqui-
sitions. Motion-compensated sequences may also
be used (52). In such sequences, each of the diffu-
sion-probing gradient pulses is bipolar to cancel de-
phasings produced by coherently moving spins.
Unfortunately, the succession of positive and nega-
tive gradient pulses required for flow-compensation
purposes considerably reduces the value of the gra-

dient factor b, so that very large gradient pulses are
needed to measure the same diffusion effects. Fur-
thermore, first-order motion compensation cancels
motion artifacts only for spins moving with a con-
stant velocity. This kind of approach, however, has
the potential to distinguish between two types of
microcirculation {microscopically coherent and in-
coherent), because no refocusing can be obtained
for completely incoherent motion. In any case, the
best solution would be to use single-shot tech-
niques such as echo-planar imaging. An interesting
alternative, however, if echo-planar imaging is not
available, is to use a single-shot line-scan tech-
nique that does not use phase encoding (44). Im-
ages are reduced to a band, but the measurements
are more reliable.

Another specific problem encountered in vivo re-
lates to microcirculation effects. As has been ex-
plained, perfusion may mimic diffusion (pseudodif-
fusion). Fortunately, the signal attenuation from
perfusion is expected to be more pronounced than
that due to diffusion because D* is greater than D,
so that the signal coming from flowing blood is can-
celed out when b values as low as 100-200 sec/
mm? are used. Diffusion measurements, a priori
free of perfusion contamination, therefore require
measurement with larger b values.

As mentioned, restricted diffusion is one of the
most intriguing questions regarding in vivo diffu-
sion measurements. Physically, restricted diffusion
means that measured diffusion coefficients depend
on the diffusion time made available to molecules.
When performing a diffusion coefficient measure-
ment, one should be careful that the diffusion time
remains constant for the images used to calculate
this coefficient. Methods in which the gradient
pulse intervals or durations are varied are thus pre-
cluded. The correct way to measure the diffusion
coefficient is to change only the gradient amplitude.
However, it is of great interest to be able to change
the diffusion time in order to see restricted diffu-
sion effects. In this case, the new diffusion time has
to be constant for all points in a given set of points
that will be used to calculate diffusion. Similarly,
anisotropic diffusion necessitates that the gradient
pulses used to calculate a diffusion coefficient are
on a given axis and not mixed on several axes. Mea-
surements can then be repeated with gradient
pulses applied in another direction to evaluate an-
isotropy.

We can conclude that the experimental setting
may greatly influence the measurements. Conse-
quently, for purposes of comparison of measure-
ments, all investigators should provide information
such as temperature, gradient direction, gradient
timing within the sequence, and so forth. The cal-
culated b values must be checked with established
phantoms to rule out any problem related to misca-
libration or hardware.

Data Analysis Algorithm

The final step in IVIM imaging is the creation of
spatial maps of the IVIM parameters from the ini-
tial *‘IVIM-weighted”” MR images. This includes the
creation of diffusion images (maps of the apparent

Volume 1 e« Number 1 ¢ JMRI o 19




diffusion coefficient) and the mapping of perfusion
by measurement of the perfusion fraction at each
pixel.

For diffusion imaging, two methods have been
used to calculate the diffusion constant from the
experimental decay of signal S versus gradient fac-
tor b. These are (a) linear regression algorithms (fit-
ting a straight line to the logarithms of the signal)
and (b) nonlinear iterative fitting algorithms (fitting
an exponential decay to the actual data). The linear
regression approach may have a better calcula-
tional efficiency, provided errors are transformed
so that they are properly weighted (66). Otherwise,
the iterative approach might be preferred, since it
directly weights the data points correctly.

Similarly, to obtain an estimate of the perfusion
fraction from the experimental decay of S versus b,
two methods have been used that we call asymp-
totic fitting and full fitting. Asymptotic fitting in-
volves fitting a straight line to the diffusional as-
ymptote (the first term in Eq [18]) and then extrapo-
lating to the intercept of this line at b = 0. The ratio
between the extrapolated intercept of the diffusion-
al asymptote and a single measurement made with
b = 0 gives an estimate of the perfusion fraction.
The pseudo—diffusion coefficient D* (perfusion) is
not determined. Furthermore, this approach is sen-
sitive to the choice of when the asymptote has been
reached and to the low S/N of the asymptotic
points.

Full fitting, on the other hand, requires least-
squares fitting of the perfusion/diffusion decay to
Equation (18). This fitting is typically done with the
Marquardt iterative nonlinear least-squares meth-
od (66,67) to refine a ‘“‘starting guess’’ based on
curve stripping. All four parameters of the model
(Mo, D, D*, and f) are estimated from the measured
data, along with estimates of their statistical uncer-
tainties.

Monte Carlo simulation has been used to assess
the accuracy of IVIM parameter estimation from
noisy data. Monte Carlo methods involve use of a
computer to play a game of chance to help solve a
mathematical or physical problem of interest (68).
A computer is used to contaminate *‘ideal’’ data
with noise and to fit the resulting noisy data to give
estimates of the IVIM model parameters. Repetition
of this procedure, with use of many different noise
sets, provides a distribution of parameter esti-
mates. This distribution of values indicates the in-
trinsic uncertainty of the measurement at a given
noise level.

The performance of asymptotic and full curve fit-
ting to IVIM decays was studied with this approach
(69). Results for the diffusion coefficient are shown
in Figure 14a, which plots the standard deviation of
the estimated diffusion constant versus S/N. Even
for the smallest S/N considered (S/N = 40), mea-
surement of the diffusion coefficent is still accurate
to within 20%. Figure 14b plots the standard devi-
ation in the estimated perfusion fraction versus
S/N. Determination of the perfusion fraction to
within 20% requires data with an S/N of close to
400. From the Monte Carlo simulations, two main
conclusions can be drawn: (a) Estimation of the dif-
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fusion constant is feasible even at rather small S/
Ns, and (b) large S/Ns are required for accurate esti-
mation of the perfusion fraction. These large S/Ns
are likely to be achievable only through averaging
over larger regions of interest in the original IVIM-
weighted MR images.

Another point resulting from Monte Carlo simu-
lations is that the x2-based estimates of the uncer-
tainty in the perfusion fraction are likely to serious-
ly overstate the accuracy of the measurement, be-
cause for small S/Ns the estimated standard
deviations are not normally distributed.

Finally, when fitting data with the IVIM model,
one should carefully evaluate the likelihood of the
validity of the assumptions behind the model in or-
der to predict the size of the errors that are made in
the estimation of the IVIM parameters. Among
these hypotheses are that D, T1, and T2 are similar
in the static and flowing components and that ex-
changes between these components are slow at the
MR imaging experiment scale. The latter assump-
tion is reasonable in brain (70); however, the most
critical hypothesis here is the similarity of T2 in tis-
sues and in flowing blood (one can always work un-
der conditions that prevent T1 saturation). If the T2
of blood is much larger than the T2 of tissues, the
perfusion fraction f is overestimated (43), especially
when long T2s are used. This may explain why the
preliminary values of f found in the literature are
often larger than expected from anatomic data. On
the other hand, T2 in blood may vary widely with
the blood oxygenation state. The determination of
D is not, however, affected by differences in T2s,
since the perfusion contribution to the signal is
negligible for large b values.

With the assumption that some macroscopic co-
herence is found in perfusion flow, so that a net
flow can be detected in the voxel, the average flow-
related dephasing in the voxel differs from zero. In
this case, phase-sensitive reconstruction processes
may allow access to perfusion, as suggested by
Young et al (50). In practice, to generate IVCM im-
ages, the data obtained from IVIM imaging methods
have to be processed so that phases rather than
amplitudes are used. Quantification of flow is diffi-
cult to obtain, however, because calculation of the
average dephasing in a given voxel depends not
only on the dephasing produced by the fraction of
coherently moving spins but also on the fraction of
incoherently moving spins and the fraction of static
spins that are not dephased. In most cases, static
spins will predominate, so the overall voxel dephas-
ing does not accurately reflect the dephasing pro-
duced by the flowing component. The contribution
of the static component may be reduced by using
long TEs.

Perhaps more interesting is that, depending on
the direction of the gradient pulses used, the direc-
tion of the average flow in a voxel can in principle
be determined. Indeed, it could be possible to con-
sider blood velocity as a separate dimension in the
Fourier domain and to evaluate the velocity distri-
bution within the voxel (71). Again, the data ob-
tained with the IVIM method can be used. The IVIM
data have to be Fourier transformed against the
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(a) Results of Monte Carlo simulations: standard deviation in estimated diffusion constant versus S/N of first

experiment; b = 10, 20, 30, 40, 50, 60, 70, 80, 90, 100, 200, 300, 400, 500, 600, and 700. This range of b values should
allow extraction of perfusion parameters. Values of the perfusion/diffusion model parameters: initial amplitude My = 1.0,
perfusion fraction f = 5%, diffusion constant D = 1 X 1073 mm?/sec, and D* = 10 X 10-3 mm?2/sec; 10,000 repetitions were
used to determine the standard deviation at each S/N. (b) Results of Monte Carlo simulations: standard deviation in esti-
mated perfusion fraction versus S/N of first experiment; same parameters as in a.

Table 1
Diffusion Coefficients in Human Brain

Diffusion Coefficient

Tissue {X1073 mm?/sec)
CSF 2.94+0.05
Gray matter 0.76 £ 0.03
White matter
Corpus callosum 0.22 + 0.02
Axial fibers 1.07 £ 0.06
Transverse fibers 0.64 + 0.05

Note.—Data were obtained from volunteers by means of
echo-planar imaging. Orientation of myelin fibers in white
matter is defined relative to the direction of the measuring
gradient pulses, which in this case were along the By (z
axis) direction.

Table 2
Diffusion Coefficients in Some Tissues Normalized to
that of Water

Tissue Dtissue/Dwater
Muscle (77) 0.61*
Muscle (77) 0.44*

Liver (8) 0.25-0.30
Brain (72) 0.45'-0.108
Heart (8} 0.34-0.37

Note.—Data from the literature, obtained ex vivo in rats at
room temperature.

¢ Measurement parallel to muscle fibers.

* Measurement perpendicular to muscle fibers.

* 20-msec diffusion time.

8 60-msec diffusion time.

successive values of the diffusion-sensitizing gradi-
ent pulses. Here also, many differently sensitized
acquisitions are necessary to obtain reasonable
resolution of velocities, making IVIM-echo-planar

imaging the most suitable sequence for such stud-
ies.

o SIGNIFICANCE: USEFULNESS OF
DIFFUSION/PERFUSION IMAGING

Tissue characterization may benefit greatly from
molecular mobility measurements. Although water
is a common and simple molecule, useful informa-
tion can be found by studying its mobility (62,72).
The diffusion coefficient of water in tissues is two
to three times less than its value when pure (Tables
1, 2). This is largely explained by the high viscosity
of bulk water in tissues due to the presence of large
molecules such as intracellular proteins, to which
water molecules are partially bonded. Tissues (nor-
mal to abnormal) with different viscosities or a dif-
ferent balance between intra- and extracellular wa-
ter will have different diffusion coefficients, the
source of contrast in diffusion images.

The diffusion range of water during typical MR
diffusion times (100 msec) is on the order of a few
micrometers, which is in the size range of many
biologic structures, such as cells. Water diffusion
will thus be a useful marker of tissue structure at
the microscopic level, which is much smaller than
the resolution of an MR image (typically about
1mm). For instance, the presence of obstacles to
diffusion (eg, cell walls, membranes, fibers, or in-
tracellular organelles) results in measurable imped-
ed or restricted diffusion effects; because of the re-
duced range of possible displacements or the tortu-
ous pathways, the diffusion coefficient is reduced
compared with that of free water (Fig 1). Diffusion,
therefore, allows the study of compartments much
too small to be observed directly with conventional
MR imaging methods (8-12). This reduction be-
comes more prominent in the case of restricted dif-
fusion when diffusion times are lengthened, since
an increasing fraction of molecules will strike diffu-
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sion barriers during the measurement period. This
effect has been shown in plant tissues, in which
the cell wall is essentially impermeable to water
transport (73), or by measurement of diffusion of
metabolites that remain inside the intracellular
compartment (74). In living animal tissues, howev-
er, cell membranes are permeable to water (75) ,
and there are rapid exchanges among different
compartments such as intra- and extracellular
spaces (76). Therefore, diffusion is more likely to be
“impeded’’ by random obstacles such as macro-
molecules than to be truly “'restricted’” by barriers.

Furthermore, since hindrance or restriction may
not be the same for different directions of motion,
the measured diffusion coefficients may vary ac-
cording to the direction of measurement (aniso-
tropic diffusion). Examples have been shown in
muscle (77) and more recently in cat (26} and hu-
man (32,44,78) brain white matter. Water diffusion
in gray matter does not exhibit anisotropy (26,78)
or restriction (78,79) by impermeable walls. By con-
trast, diffusion in white matter is apparently ex-
tremely variable (Table 2). This large variability in
white matter diffusion may only reflect anisotropic
diffusion, measurement results depending on the
respective orientation of the myelin fiber tracts and
the gradient direction at each imaging location. It
appears that diffusion coefficients are significantly
decreased when the myelin fiber tracts are perpen-
dicular to the direction of the magnetic field gradi-
ent used to measure molecular displacements. A
simple model would be the restriction of water dis-
placements across axon diameters in the axonal
spaces by the axon membrane-myelin sheath com-
plexes. When diffusion measurements are parallel
to the direction of the fibers, diffusion is much less
restricted, resulting in larger measured diffusion
coefficients. In reality, the situation is more com-
plex, because it has been shown that the myelin
sheath is somewhat permeable to water (75, 78).
Recent experiments in human white matter have
demonstrated that axonal water can diffuse across
myelin at a slow rate but without restriction (78). In
particular, no saturation of the diffusion distance
has been found when the diffusion time is in-
creased, as would be expected for restricted diffu-
sion (Fig 1). The reduced value of the diffusion coef-
ficient across myelin fibers could thus reflect only a
decreased water mobility through the successive
lipid layers (78) (Fig 15). On the other hand, the en-
hanced value of “*diffusion’’ measured parallel to
the axoplasm could arise from facilitated transport
favored by the highly oriented intraaxonal micro-
structures (ie, microtubules or microfilaments) in
relation to axoplasmic transport. This transport is
not a diffusional process but could be seen as an in-
coherent motion at the voxel scale. The measure-
ment of anisotropic diffusion in white matter offers
exciting potential applications. Myelin fiber orien-
tation mapping may be useful for better under-
standing of white matter diseases such as multiple
sclerosis or abnormal white matter development in
children.

Recent progress made in in vivo MR spectroscopy
allows the extension of diffusion measurements to
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Figure 15. Anisotropy of diffusion in myelin. Diffusion
in white matter has been found to be highly anisotropic
(Fig 11). The diffusion coefficient is larger when measure-
ments are obtained with the gradient parallel to the my-
elin fibers (D = 1.2 X 1073 mm?/sec) than when it is per-
pendicular (D = 0.4 X 1073 mm?/sec). One possible expla-
nation is that water is more free to move along the axon
fibers. Furthermore, diffusion of water in this direction
could be facilitated by axoplasmic flow mechanisms. Dif-
fusion perpendicular to the fibers may be impeded by the
succession of myelin layers, which have a low permeabili-
ty to water.

molecules other than water. Phosphocreatine, for
instance, which can be studied with phosphorus-
31 spectroscopy (74), is a true intracellular probe,
in contrast to water, which diffuses across cell
membranes. Phosphocreatine (or perhaps N-acetyl-
aspartate in neurons) may be used to provide exclu-
sive information on the intracellular medium, such
as viscosity or geometry. Monitoring of exchanges
of metabolites or drugs through cell membranes
could also benefit from similar techniques designed
to measure molecular flow (80).

However, so far, only much more modest results
have been obtained with diffusion imaging in a
clinical context (5,43,81) (Figs 16-18). The best-es-
tablished result is that diffusion coefficients are
significantly larger in structures in which diffusion
is free, such as cysts (in which the diffusion coeffi-
cient is close to that of pure water, depending only
slightly on the viscosity of cystic fluid). This feature
becomes clinically useful when, owing to a high
paramagnetic protein content, T1 and T2 are not
as long as would be expected for a liquid, so that
some complicated cystic lesions have the same T1
and T2 appearance as that of a solid tumor (82).
Diffusion imaging clearly demonstrates in these
cases the liquid nature of the lesion (5). Because of
the large difference in ADC between solid tumors,
such as epidermoid tumors, and pulsatile cisternal




Figure 16. Cystic pituitary macroadenoma. (&) Coronal T1-weighted image (400/26) shows the pituitary tumor with an
area of slightly increased T1 (lower signal intensity) at its superior pole (arrows). However, T1 is shorter than expected for
a liquid (CSF appears completely dark with this sequence), so that the nature of this part of the tumor (solid or liquid) can-
not be determined. (b) IVIM image of the same section. The cystic nature of the superior pole of the tumor (arrows) is
strongly suggested by its large ADC value, similar to the diffusion coefficient of free water as found in the nearby ventricu-
lar cavities. (In some parts of the ventricles, the ADC is even larger because of CSF flow.) The solid part of the tumor be-
neath the cyst has a much smaller ADC, similar to that of brain parenchyma. Distinguishing solid from cystic lesions with
diffusion imaging is more reliable than with T1- or T2-weighted imaging because diffusion is insensitive to the presence of
proteins or other paramagnetic substances in the cyst liquid. Such substances may alter T1 and T2 and cause cysts to

have the appearance of solid lesions.

CSF or even static fluid collections, IVIM imaging
has been useful in improving conspicuity, specific-
ity, and therapeutic management of extraaxial
brain tumors (81). Furthermore, IVIM imaging is
highly sensitive to incoherent CSF motion and has
been proposed as a means to study CSF flow in the
brain and spine (5,83).

Perhaps more promising is the ability of diffusion
or, more generally, IVIM imaging to detect stroke at
a very early stage. It has recently been shown by
diffusion imaging that the diffusion coefficient of
water is significantly decreased within minutes af-
ter an ischemic insult, while all other imaging tech-
niques, including conventional MR imaging, fail to
detect any change (84). This decrease in diffusion
could reflect a modification of the water balance in
the tissue and a viscosity increase, possibly due to
the massive entry of ions and accompanying water
into the intracellular space as a result of the open-
ing of calcium channels and the failure of ionic
transmembrane pumps (cytotoxic edema) (84,85)
(Fig 19). At a later stage (subacute ischemia), when
conventional MR images become abnormal (show-
ing an increase in T2}, the diffusion coefficient in-
creases well above its normal value (86); this in-
crease is associated with vasogenic edema in which
the motion of bulk water is known to be an impor-
ant factor. Diffusion imaging thus offers the unique
opportunity to address, noninvasively and in a clin-

ical setting, fundamental issues regarding the re-
sponse of brain tissue to stroke at different stages,
with potentially important clinical implications.
Early detection of stroke, at a stage when tissue
damage is still reversible, may justify the use of
more aggressive reperfusion or nervous tissue pro-
tection therapies.

Furthermore, because of the unique correlation
between diffusion and temperature (Eq [19], Fig
13), diffusion MR imaging has also been proposed
for the real-time and noninvasive monitoring of
temperature {87). Noninvasive and nondestructive
temperature imaging in biologic systems may be
useful in many disciplines; for instance, in the
study and monitoring of tissue interactions in sur-
gical and medical laser procedures (88,89). Another
important application is clinical hyperthermia,
which is becoming an increasingly used adjunctive
treatment for cancer (90). Although promising re-
sults have been obtained, the clinical use of hyper-
thermia treatment for deeper-lying tissues is limit-
ed, mainly because of a lack of temperature control
(91). The idea of using MR imaging was considered
in earlier work (92-95) that exploited the tempera-
ture dependence of MR parameters, primarily that
of T1 of water (92,94), which has been demonstrat-
ed in vitro for different biologic systems (96). Unfor-
tunately, the relationship between T1 and tem-
perature is not unique, mainly because of the mui-
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Figure 17. Recurrent glioma after surgery. (a) Axial T1-
weighted image (500/29) shows a porencephalic cavity
(arrows). (b) Axial T2-weighted image (1,700/140) shows
the porencephalic cavity and edema with long T2s. The
original tumor bed (arrows) does not provide specific infor-
mation on tumor status. (¢) IVIM image of the same sec-
tion. Edema appears as a homogeneous area with a large
ADC that is slightly smaller than the diffusion coefficient
of pure water as found in the porencephalic cavity. The
tumor bed looks inhomogeneous because of coexistence of
regions of large and small ADCs, but on average, the tu-
mor bed has a higher ADC than brain parenchyma. This
inhomogeneity in the IVIM image associated with a large
ADC is generally indicative of tumor activity. One part of
the tumor bed (arrows) exhibits a very large ADC, which
was ascribed to proliferation of microvessels and strongly
suggested tumor recurrence (surgically proved), and

which was not visible on T1- and T2-weighted images.

tifactorial nature of T1 (3,89,96,97) and the poor
sensitivity of T1 to temperature. Molecular diffu-
sion is a more sensitive temperature probe; the dif-
fusion coefficients quantify thermal Brownian mo-
tion. According to Equation (19), the sensitivity of
diffusion to temperature is on the order of 2.4% per
degree Celsius {61). Obviously, the applications of
temperature imaging are not limited to hyperther-
mia. Among potential applications are detection of
possible temperature changes related to physiologic
or pathologic status. Laser-tissue interaction stud-
ies in which power deposition and heating are key
features may also benefit from this noninvasive
temperature imaging method. Laser surgery may
now be performed within an MR imaging unit (98).
Similarly, first attempts have been made to design
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a hyperthermia device (99) entirely compatible with
an MR imaging unit (100). MR imaging could there-
fore also become a useful device for monitoring on-
going therapeutic procedures.

Diffusion appears to be a ‘“‘new’’ source of con-
trast in the field of MR imaging. Work remains to be
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4 Figure 18. Signal attenuation curves in a patient with a

brain glioma. Both white matter and edema show straight
lines, suggesting pure diffusion effects. The diffusion co-
efficient {slope) in edema (D = 1.86 X 102 mm?/sec) is sig-
nificantly larger than in white matter (D = 0.86 X 1073
mm?/sec), probably because of the presence of free inter-
stitial water. In the tumor, the diffusion coefficient is de-
creased (D = 0.77 X 103 mm?/sec). The curvature near
the origin of the plot has been ascribed to perfusion (f =
13%, D* = 29 X 1073 mm?/sec).

Figure 19. Comparison of diffusion and T2-weighted images obtained in a cat brain 6 hours after occlusion of the left
middle cerebral artery. These images were generated at 4.7 T with a STEAM sequence (TE of 80 msec, TR of 5 sec, diffu-
sion time of 143 msec, diffusion gradients of 12.5 msec duration and a gradient of 3.5 G/cm {35 mT/m] in the horizontal di-
rection of the image {reprinted, with permission, from reference 79). (&) Calculated diffusion image. The ischemic region is
clearly visible (arrows). The darkness of this area means that the ADC is dramatically decreased, reflecting a decrease of
water mobility that occurs soon after the ischemic insult. (b) T2-weighted image of the same section shows only few ab-

normalities (increasd T2) limited to the cortex {arrows).

done to understand fully the significance and use-
fulness of this parameter for clinical applications.
Diffusion is not per se an MR parameter, as has
been mentioned, but MR imaging is the only avail-
able method to evaluate diffusion in vivo with accu-
racy and spatial resolution. It has been shown that
there is no correlation between the diffusion coeffi-
cient and T1 and T2. T1 and T2 may be normal or
elevated in diseased states while diffusion is low-
ered, as shown in early stroke.

By contrast, perfusion is a technically more chal-

lenging MR issue. There are already several widely
used and established non-MR methods to measure
perfusion (blood flow) in a clinical setting. If MR im-
aging is to be used for this purpose, it must be done
in an appropriate context. Most non-MR perfusion
imaging techniques use tracers or contrast agents.
In that sense, perfusion MR imaging methods
based on nonproton nuclei {fluorine-19 {101-103]
or hydrogen-2 [104]) or contrast agents (gadolinium
or dysprosium chelates [105]) do not drastically dif-
fer from non-MR perfusion imaging techniques. MR
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imaging methods can be useful if they demonstrate
better spatial or temporal resolution or if they are
easier to use. Perfusion MR imaging methods using
gradient sensitization represent a fundamentally
different approach to the concept of ‘‘perfusion.”
Perfusion includes both blood capillary microcircu-
lation and blood-tissue exchanges. Classically, per-
fusion has been quantified in terms of milliliters
per minute of blood per 100 g of tissue (ie, blood
flow). With IVIM MR imaging, however, perfusion is
seen more as microcirculation and can be quanti-
fied in terms of active capillary density (milliliters
of circulating blood per 100 g of tissue) derived from
b or average blood velocity (millimeters per second)
derived from D*. Further assumptions about capil-
lary bed geometry are required in order to obtain re-
sults in milliliters per minute per 100 g. However, if
we accept that perfusion is independent within an
organ (ie, does not depend on the volume of mea-
surement), there must be a relationship between
flow patterns and tissue delivery to satisfy the
equation of continuity (56). This relationship
makes the product b X D* proportional to blood
flow {milliliters per minute per 100 g of tissue).
Therefore, the parameters accessible with gradient
sensitization methods may bring new insights into
microcirculation physiology that are not available
with current techniques. For instance, it could be
determined whether blood velocity or capillary vol-
ume are involved in blood flow changes in physio-
logic or pathologic conditions. That is why, despite
technical difficulties, perfusion MR imaging by
means of gradient sensitization may prove to be a
useful source of important progress in our under-
standing of normal and abnormal tissue function.

“Perfusion-sensitized”’ images have also been ob-
tained in clinical practice, mainly with the IVIM
technique in brain (43). They have allowed highly
perfused tumors to be identified by patterns differ-
ent from those of poorly perfused tumors. Diffu-
sion/perfusion images have also shown abnormali-
ties that regular T1- and T2-weighted images have
failed to show. Work remains to be done to charac-
terize how capillary blood flow is seen with gradient
sensitization techniques and to fully establish the
reliability of these techniques in obtaining accu-
rate, reliable, and reproducible data. Perhaps the
most exciting area is imaging of brain activity as it
varies according to physiologic or pathologic condi-
tions. Despite low spatial resolution, variations in
cerebral blood flow with external stimulation have
been shown with positron emission tomography. It
would be fascinating to obtain such results with
the high spatial and temporal resolution of perfu-
sion MR imaging without the need for tracers or
ionizing radiations. @
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