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Artifacts and Pitfalls in Diffusion MRI
Denis Le Bihan, MD, PhD,* Cyril Poupon, PhD, Alexis Amadon, PhD, and
Franck Lethimonnier, PhD
Although over the last 20 years diffusion MRI has become
an established technique with a great impact on health
care and neurosciences, like any other MRI technique it
remains subject to artifacts and pitfalls. In addition to
common MRI artifacts, there are speciﬁc problems that one
may encounter when using MRI scanner gradient hardware for diffusion MRI, especially in terms of eddy currents
and sensitivity to motion. In this article we review those
artifacts and pitfalls on a qualitative basis, and introduce
possible strategies that have been developed to mitigate or
overcome them.
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THE TERM “MOLECULAR DIFFUSION” refers to the
random translational motion of molecules (also called
Brownian motion) that results from the thermal energy
carried by these molecules—a physical process that
was well characterized by Einstein (1). In a free medium, during a given time interval, molecular displacements obey a three-dimensional Gaussian distribution:
molecules travel randomly in space over a distance that
is statistically well described by a “diffusion coefﬁcient”
(D). This coefﬁcient depends only on the size (mass) of
the molecules, and the temperature and the nature
(viscosity) of the medium. For example, in the case of
“free” water molecules diffusing in water at 37°C, D ⫽
3 ⫻ 10–9 m2 second–1, which translates to a diffusion
distance of 17 m during 50 msec. About 32% of the
molecules have reached at least this distance, while
only 5% of them have traveled over distances greater
than 34 m. Water is the most convenient molecular
species to study with diffusion MRI, but some metabolites may also be studied.
In the brain, the water molecular displacements signiﬁcantly differ from the true “Brownian motion” de-
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ﬁned for free molecules because water molecules
bounce, cross, and interact with many tissue components, such as cell membranes, ﬁbers, and macromolecules. In the presence of those obstacles, the actual
diffusion distance is reduced compared to free water,
and the displacement distribution is no longer Gaussian. In other words, while over very short times diffusion reﬂects the local intrinsic viscosity, at longer diffusion times the effects of the obstacles become
predominant. Although the observation of this displacement distribution is made on a statistical basis, it
provides unique clues about the structural features
and geometric organization of neural tissues on a microscopic scale, as well as changes in those features
with physiological or pathological states, which makes
diffusion MRI a very powerful method (see Ref. 2 for a
review).
Potential clinical applications of water diffusion MRI
were suggested during its early days (3), but the most
successful application since the early 1990s has been
brain ischemia (4,5). With its unmatched sensitivity to
changes in cell size, diffusion MRI provides some patients with the opportunity to receive suitable treatment at the acute stage of cytotoxic edema when brain
tissue might still be salvageable. On the other hand,
diffusion is truly a three-dimensional process, and
hence molecular mobility in tissues may not be the
same in all directions. Diffusion anisotropy was observed at the end of the 1980s in brain white matter
(WM) (6). Diffusion anisotropy in WM originates from its
speciﬁc organization in bundles of more or less myelinated axonal ﬁbers running in parallel; however, the
exact mechanism is still not completely understood in
detail. Diffusion is faster in the direction of the ﬁbers
than in the perpendicular direction. It was soon recognized that this feature could be exploited to map out the
orientation in space of the WM tracts in the brain (7).
With the introduction of the more-rigorous formalism of
the diffusion tensor (DT), diffusion anisotropy effects
could be fully extracted, characterized, and exploited,
providing even more exquisite details on tissue microstructure (8,9). The most advanced application is certainly that of ﬁber tracking in the brain, which in combination with functional MRI (fMRI) opens a new
window into the important issue of brain connectivity
(2). DT MRI (DTI) has also appeared as a promising tool
for monitoring brain maturation and development
(10,11), and especially the myelination process, as well
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as changes in connectivity in relation to functional disorders, such as psychiatric illnesses.
However, like any other MRI technique, diffusion MRI
remains subject to artifacts and pitfalls. In this article,
artifacts that one may encounter using diffusion MRI
are reviewed in relation to their cause. The artifacts are
explained and described on a qualitative basis, and
possible strategies that have been developed to mitigate
or overcome them are introduced. An extensive list of
references is provided for readers who are interested in
more technical or quantitative details.
HOW DIFFUSION MR IMAGES ARE MADE
While early water diffusion measurements were made in
biological tissues using nuclear MR (NMR) in the 1960s
and 1970s, it was not until the mid 1980s that the basic
principles of diffusion MRI were laid out and applied to
local measurements of water diffusion in vivo in the whole
human brain (12–14; see Ref. 15 for a review).
MR signals can be made sensitive to diffusion
through the use of a pair of sharp magnetic ﬁeld gradient pulses (16), the duration and the separation of
which can be adjusted. In an otherwise homogeneous
ﬁeld, the ﬁrst pulse magnetically “labels” hydrogen nuclei (or protons) carried by water molecules according to
their spatial location, as, for a short time, the magnetic
ﬁeld slowly varies along one direction. The second pulse
is introduced slightly later to rephase hypothetical motionless spins and to detect nuclei that have changed
location during the time interval (or “diffusion time”)
between the two pulses. A change in location (along the
gradient direction) of a diffusing water hydrogen nucleus results in a change of the magnetic ﬁeld “seen” by
this nucleus, and a phase shift that is proportional to
the net displacement (Fig. 1).
Considering now a population comprising a very large
number of diffusing water molecules, the distribution of
phase shifts corresponding to all hydrogen nuclei will
reﬂect the distribution of all the water molecular displacements in this population through the magnetic
ﬁeld, and thus the statistical diffusion process. This
distribution of phase shifts results in a slight attenuation of the MRI signal compared to the signal that could
be obtained from a hypothetical population of completely static molecules or molecules diffusing in a perfectly homogeneous ﬁeld. This signal attenuation is
precisely and quantitatively linked to the degree of magnetic ﬁeld variation experienced by the molecules, and
hence to the amplitude of the displacement distribution. Fast (slow) diffusion results in a large (small) distribution of phase shifts, and in a large (small) signal
attenuation. Of course, the effect also depends on the
intensity and arrangement in time of the magnetic ﬁeld
gradient pulses, as represented by the so-called “bfactor” (3,12). It is important to note that only the diffusional displacement component along the gradient
direction is detected.
In practice, one can sensitize any MRI technique to
diffusion by inserting the adequate magnetic ﬁeld gradient pulses (17). By acquiring data with various gradient pulse amplitudes, one can obtain images with different degrees of diffusion sensitivity. Contrast in these
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images depends on diffusion, but also on other MRI
parameters, such as the water relaxation times. Hence,
these images are often numerically combined to determine, using a global diffusion model, an estimate of the
diffusion coefﬁcient in each image location. The resulting images are maps of the diffusion process and can be
visualized using a quantitative scale.
One must keep in mind, however, that the overall
signal observed in a “diffusion” MR image volume element (voxel), at a millimetric resolution, results from
the integration, on a statistical basis, of all the microscopic displacement distributions of the water molecules present in this voxel. As a departure from earlier
biological studies in which efforts were made to depict
the true diffusion process (18 –20), Le Bihan et al (3)
suggested that the complex diffusion processes that
occur in a biological tissue on a voxel scale should be
portrayed by using the microscopic, free-diffusion
physical model, and replacing the physical diffusion
coefﬁcient, D, with a global statistical parameter, the
apparent diffusion coefﬁcient (ADC). With most current
MRI systems, especially those developed for human applications, the voxel size remains large (a few mm3). The
averaging, smoothing effect resulting from this scaling
presumes some homogeneity in the voxel and makes it
difﬁcult to obtain a direct physical interpretation from
the global parameter, unless some assumptions can be
made. The ADC depends not only on the actual diffusion coefﬁcients of the water molecular populations
present in the voxel, but also on experimental, technical parameters, such as the voxel size and the diffusion
time. The relationship between the ADC and speciﬁc
tissue microscopic features is currently the object of
intensive research and is beyond the scope of this review.
ARTIFACTS AND LIMITATIONS FROM THE
GRADIENT SYSTEM HARDWARE
The most speciﬁc artifacts result from the use of the
strong gradient pulses that are necessary to encode the
microscopic, diffusion-related molecular displacements.
First, the hardware used to generate these strong
gradient pulses may cause problems. Since the minimum length of the molecular diffusion paths that are
detectable with gradient-pulsed MRI is primarily determined by the intensity and duration of the gradient
pulses (the b-factor), there is a need for hardware that is
capable of providing stable gradients of the utmost intensity (21). This requirement may be extremely challenging when considering whole-body instruments designed for clinical studies. Therefore, the lack of
gradient power is usually compensated for by the use of
somewhat long gradient pulse widths, which makes
diffusion measurements more difﬁcult to treat and to
interpret than those obtained with delta-function sharp
pulses (15), since the diffusion time then becomes more
difﬁcult to characterize. There are partial solutions to
this problem, such as using stimulated echoes to increase the effective diffusion time without penalizing
the signal by T2 relaxation effects (22), using double
spin-echo sequences (23), or, even better, by building
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Figure 1. Spin-echo sequence sensitized to diffusion
using a gradient pulse pair (Gdiff). Spin phase-shift varies according to location along Gdiff. Static spins are
rephased by the 180° RF pulse and the second gradient
pulse, while diffusing spins remain out of phase (Gsl ⫽
slice selection, Gread ⫽ readout, GPh-enc ⫽ phase encoding). [Color ﬁgure can be viewed in the online issue,
which is available at www.interscience.wiley.com.]

high-performance gradient coils (e.g., up to 40 –100
mT/m and higher for animal systems). Safety should
not be too much of a concern considering that slew
rates will remain low because there is no need to switch
the gradient coils very rapidly (which also limits eddy
currents; see below).
Eddy Currents
In addition to nonlinearity (which leads to distortion
(24)) and instability (which may arise when gradient
ampliﬁers are driven hard for fast switching of large
gradient intensities, and results in spiking from sparks
in the gradient wires, and widely distributed ghost artifacts from random phase variations), the main source
of problems with the gradient system comes from the
eddy currents induced when strong gradient pulses are
switched rapidly. When the diffusion gradient pulses
are switched on and off, the time-varying magnetic ﬁeld
of the gradients results in current induction (eddy currents) in the various conducting surfaces of the rest of
the MRI scanner. These, in turn, set up magnetic ﬁeld
gradients that may persist after the primary gradients
are switched off (Fig. 2).
Eddy currents can originate in any conductive part of
the MRI scanner (cryostat, RF coils, etc.) and scale up
with the strength of the gradient pulses. In turn, the
eddy currents generate magnetic ﬁeld gradients that
vectorially combine with the imaging gradient pulses
such that the actual gradients experienced by spins in
the imaged objects are not exactly the same as those
that were programmed to produce and reconstruct the
image. Accordingly, this error in the local gradients
(which are not taken into account in the reconstruction
software) produces geometric distortion in the ﬁnal images. Three patterns can be observed in the diffusionsensitized images: contraction or dilation of the image,
and overall shift and shear (Fig. 3). Those distortions,
which are easy to diagnose (e.g., by comparing diffusion-sensitized images with artifact-free anatomical images), become worse when the gradient pulses are
stronger and may get very large.

Since quantitative diffusion images are calculated
from MR images obtained with different degrees of diffusion sensitization (i.e., with different values for the
b-factor), distortion will vary between them, and the
resulting calculated diffusion images will be somewhat
blurred and inaccurate. Another source of inaccuracy
comes from the fact that the actual voxel size also varies
slightly due to the mismatch between the actual local
gradients and those assumed for image reconstruction.
Since diffusion coefﬁcients are calculated from at least
two differently diffusion-sensitized images with slightly
different voxel sizes, the calculated ADC may easily be
over- or underestimated. Also, the b-factor actually “experienced” by water molecules differs slightly from the
expected value, leading to over- or underestimation of
the ADC. Since the b-factor scales with the square of
the gradient strength, the effect may be far from negligible. One way to evidence this artifact is to use a
“calibrated” phantom (e.g., water at a known and stable
temperature, or a series of alkanes (25)), assuming, of

Figure 2. a: Effects of eddy currents on the actual shape of the
diffusion gradient pulses (red). Eddy-current-induced gradients also interfere with the imaging gradients (here the readout
gradient). b: Effect of preemphasis. Top: input of gradient
ampliﬁer (desired current output); middle: actual response of
the gradient coil (red). c: Input with added preemphasis and
the resulting response (red). [Color ﬁgure can be viewed in the
online issue, which is available at www.interscience.wiley.
com.]
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pulses may cause artifactual signal losses due to an
improper spin rephasing. If residual eddy current effects persist, other approaches can be combined (32–
34). Finally, there is a possibility that the eddy currents
will never be fully eliminated. Hope is not lost, since one
may also use postprocessing software to correct for
image distortion and ADC miscalculation (35,36). However, postprocessing should only be used in addition to
other means of correcting eddy currents at the source.
MOTION ARTIFACTS

Figure 3. Three modes of distortion resulting from eddy currents: contraction (top right), shift (bottom left), and shear.
[Color ﬁgure can be viewed in the online issue, which is available at www.interscience.wiley.com.]

course, that the gradient system itself has been correctly calibrated beforehand. Because eddy currents
differ with the direction of the gradient pulses, the test
should be repeated along the x, y, and z directions. In
an isotropic phantom, the ADC must be the same in all
directions. Any deviation points to eddy currents, a
miscalibration, or nonlinearity of the gradient system
(provided the b-factor is calculated properly, i.e., including diffusion and imaging gradient pulses, as well
as their cross-terms (26,27)).
The use of a gradient coil of small dimensions that
remains at a fair distance from the magnet core and can
more easily generate large gradient amplitudes is certainly an attractive solution. However, the best cure for
eddy currents is to use so-called “self-shielded” gradient coils, which are now standard in MRI systems. Additional wiring is used in such coils to decrease as
much as possible the effects of the gradients outside the
gradient coils (and thus in the cryostat) (28). However,
eddy currents may still arise in other parts (e.g., the RF
coils). The coils therefore must be designed to reduce
the amount of large conductive surfaces using well
known “tricks” (e.g., birdcage coils). Still, residual eddy
currents will remain. A standard method consists of
limiting the effects of eddy currents by purposely altering the shape of the currents sent to the gradient hardware. For instance, for a theoretical trapezoidal pulse,
one can slightly increase the intensity of the currents
on the upward and downward slopes of the pulse to
compensate for the effects of eddy currents, which tend
to oppose the currents. With proper calibration the actual gradients will have a trapezoidal shape. This operation, called “preemphasis” (29 –31), should be done
once and for all for a given MRI scanner; however, this
is not easy because multiple corrections are necessary
(for at least each of the x, y, and z axes, and also for
several time constants, especially long-lasting ones;
Fig. 2b).
Another concern with eddy currents is that any mismatch between the diffusion-sensitizing gradient

The second major source of artifacts, which is still related to the use of strong gradient pulses, is patient
motion. While any MRI sequence is more or less prone
to motion artifacts, diffusion MRI is exquisitely sensitive to motion. In the presence of the long and strong
gradient pulses, microscopic, diffusion-driven water
molecular displacements induce phase shifts. Since the
motion is random and the molecules change directions
many times during the presence of the gradient pulses
(usually shorter than the TE), the distribution of phase
shifts results in a loss of coherence and a signal amplitude attenuation that is used to calculate the ADC. At
the same time, in the presence of tissue macroscopic
motion (due to head motion, pulsating ﬂow, etc.), spins
experience large displacements that also result in large
phase shifts (10 or 100 times larger than those induced
by diffusion) as phase shifts increase with the strength
of the gradient pulses. If all spins in a given voxel usually experience the same motion-driven displacement,
there is no loss of coherence but only an overall phase
shift of the signal, and there is no effect on the signal
attenuation and the ADC. The problem arises when the
sequence is repeated several times with different motion patterns. For instance, using a 2DFT spin-echo
sequence with 256 lines, the image will be reconstructed from 256 echo signals acquired each TR interval. Each echo signal will have the same diffusion-induced echo attenuation because diffusion is a selfconsistent process. However, there is no reason for the
macroscopic motion to repeat itself identically each
time. Hence, each echo will get a different overall phase
shift depending on the amplitude and direction of the
motion. The result of such a distribution of phase shifts
over time and k-space is well known: the images will
exhibit “ghosts” along the phase-encoding direction,

Figure 4. Typical motion artifact: ghosting and large signal
variations across the image (image courtesy of F. Hennel).
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Figure 5. Typical time diagram of a diffusion-sensitized EPI
sequence (diffusion gradient pulses are ﬁlled patterns). [Color
ﬁgure can be viewed in the online issue, which is available at
www.interscience.wiley.com.]

which are more severe with strong gradient pulses or in
the presence of important motion (Fig. 4). Moreover,
since the signal is no longer conﬁned to the original
voxels but is spread out over the whole image, there is
an artifactual signal loss that increases with gradient
strength and leads to an overestimation of the ADC.
This overestimation is highly variable and can, in principle, be disentangled from the systematic error obtained from eddy-current artifacts.
One way to cure motion artifacts is to synchronize the
acquisition with the source of motion, for example using cardiac gating. Then the motion-induced phase
shifts will remain identical for each echo, avoiding signal loss or ghosting. Unfortunately, cardiac gating is
not always reliable and increases the acquisition times.
Another method is to monitor motion using so-called
“navigator echoes” (21–23,37– 40). The idea behind navigator echoes is to record an additional non-phase-encoded echo that is then used to correct the phase of all
other echoes recorded. The effects of both displacement
and rotation can only be adequately corrected if the
diffusion-sensitizing gradient and the phase-encoding
imaging gradient are parallel. If complete freedom in the
direction of the diffusion-sensitizing gradient is required, a second navigator echo can be applied perpendicular to the ﬁrst. Navigator echoes may work well, but
they are not easy to manipulate (41).
Ultimately, the only way to avoid motion artifacts is to
either eliminate motion (as done in studies with anesthetized animals) or use an MRI sequence that is less
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prone to motion artifacts. This is typically the case for
echo-planar imaging (EPI). With EPI an image is acquired within a single shot, the duration of which is
typically around 100 msec, and hence motion is effectively frozen during the acquisition. Diffusion MRI entered the clinical domain when manufacturers made
EPI available on their MRI scanners, and EPI is now the
gold standard for clinical diffusion MRI (Fig. 5). In addition, parallel imaging can also be used to shorten the
echo train, and thus the acquisition time, resulting in a
lower sensitivity to motion.
EPI often provides less spatial resolution than conventional sequences due to gradient limitations, and the EPI
sequence is sometimes run using two or more shots (multishot EPI). Motion artifacts may then reappear, but echo
navigators can be used very successfully to mitigate them.
Interestingly, although motion-induced ghosting is totally
cured with EPI, motion may still act in a hidden way on
the data (ghosting may also still be present, but from
other sources (see below)). The images look clean, but
problems may arise when the ADC is calculated from a
series of differently sensitized images (using a range of
b-values). In the presence of motion, a given voxel within
the image is not exactly at the same location throughout
the data set. For voxels located near the interface between
two tissues with different diffusion coefﬁcients, partial volume effects will appear. For each b-factor the
content of a particular voxel will shift and result in a
signal intensity variation in this voxel. In a plot of
log(Signal) vs. b, one obtains a noisier pattern—not a
smooth line (or curve). This artifact is mainly seen at
the interface between brain and cerebrospinal ﬂuid
(CSF), because the ADC of CSF (about 3 ⫻ 10–3 m2/
second⫺1) is more than three times larger than normal brain ADC. The brain ADC is then slightly overestimated and has a larger than expected standard
deviation (SD). One cure for this problem is to cardiac-gate the diffusion EPI acquisitions. One may also
suppress signal from CSF using dedicated sequences
(e.g., inversion-recovery prepared diffusion EPI (42)).
An interesting alternative way to cure motion artifacts is to use a method that does not rely on gradient
pulses. Preliminary data have been obtained based on
direct diffusion measurements using the distant dipolar ﬁeld (DDF) method. Diffusion weighting using this
effect is unique in that the refocusing “gradient” is carried within the sample, and thus the macroscopic mo-

Figure 6. Effects of eddy currents. a:
Eddy currents modify the actual shape
of the gradient pulses. As a result, echo
signals are not refocused with a slight
delay (top). In k-space, because of the
back-and-forth trajectories used between the even and odd lines, the echoes
are misaligned. b: After reconstruction
this misalignment produces a ghost
image shifted by half the FOV (N/2
ghost) (image courtesty of F. Hennel).
[Color ﬁgure can be viewed in the online issue, which is available at www.
interscience.wiley.com.]
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Figure 7. a: Geometric distortion induced by magnetic susceptibility differences among brain tissue (frontal lobe), bone,
and air-ﬁlled sinuses. b: The phase map clearly shows how the
B0 ﬁeld homogeneity is destroyed near the interfaces. Such
phase maps can be used to unwrap distortions.

tion of the sample is not expected to interfere with
signal formation (43).
EPI ARTIFACTS
It is often the case that the cure for a problem will result
in other problems. Unfortunately, this is true for EPI,
which is very vulnerable to artifacts. In this section we
will look at artifacts that are no longer speciﬁc to diffusion MRI, but apply to other methods based on EPI.
EPI spatial resolution is often coarse (around 2 mm)
due to hardware limitations. Furthermore, those hardware limitations often result in long echo trains (typically 50 –100 msec), which leads to image blurring (also
called point-spread function (PSF) artifact), as T2*-related signal decay occurs during the signal readout
(which also results from poor shimming). Recently developed parallel acquisition techniques, which allow
signals to be collected simultaneously using an array of
several radiofrequency (RF) coils, are very promising
tools to correct for these limitations (44,45). The two
main Achilles’ heels of EPI, however, are low bandwidth
and eddy currents.
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Figure 8. a: The bright signal area (arrows) on the DW image
could be interpreted as low diffusion (acute stroke) or increased T2 (older stroke). b: The ADC map clearly shows that
this area has a low ADC. On the other hand, the adjacent
anterior region has a high ADC (red arrow), although the signal
on the DW image is slightly elevated (T2 contribution) (image
courtesy of C. Oppenheim).

The ﬁrst (and mandatory) correction of such image
ghosts is to reduce eddy currents at the source by using
shielded or “screened” gradient coils, as explained for
the diffusion gradient pulses. However, residual eddy
current may persist, and there are other sources of
phase shifts that may lead to some degree of ghosting.
Elimination of the N/2 ghost then requires a critical
calibration of the timing between signal digitization and
gradient activity. Delays of a few microseconds result in
line-by-line phase discrepancies because of the alternating left–right trajectory along the readout axis in
k-space. These errors can be tuned out in hardware by
adjusting the sampling clock, and may be adjusted
further in software by adding an appropriate phase
shift to the raw data (“trim”). A very successful approach to ghost correction is to acquire a reference scan
in the absence of phase encoding and to use this as a
basis for determining the time-dependent phase shifts.
This reference scan is often included in the preparation
stage (calibrating the frequency, transmitter, and re-

Back to Eddy Currents: Ghosting
We have already seen how the diffusion gradient pulses
can generate eddy currents and modify the actual gradient pulse shape. With EPI, unbalanced areas between
gradient pulses translate into a magnetization phase
shift that is visible as “ghosts” in the reconstructed
images. This results from a misalignment of the echoes
in k-space created. Because of the back-and-forth trajectory in k-space used in EPI, the phase shifts create a
difference of the position of the echo center from line to
line in the k-space raw data (Fig. 6). The data appear
modulated along the phase-encoding direction with a
frequency equal to half the phase-encoding bandwidth.
When the data are Fourier transformed, this modulation results in an image duplicated at half the ﬁeld of
view (FOV). This ghosting structure is frequently referred to as an “N/2” ghost (Fig. 6b). The EPI sequence
itself is also source of eddy currents because the gradients along the readout direction must be switched very
fast with very large intensities.

Figure 9. a: The bright signal areas on each side on the third
ventricle (blue arrows) on this DW image acquired with diffusion gradients along the x-direction could be interpreted as low
diffusion (acute stroke). b: The ADC trace-weighted map (right)
shows that most of the high signal comes from diffusion anisotropy. Only a small area (red arrow) really corresponds to a
decreased ADC and potentially an acute stroke event (image
courtesy of C. Oppenheim).
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Fortunately, in the vast majority of cases, only the
water component of the MR signal is of clinical interest.
This is always the case in brain diffusion imaging,
where the lipid content of the brain is very low and the
dominant source of fat signal is the component found in
the skull bone and skin. It is therefore reasonable to
simply suppress the fat signal. Usually this is done by
applying a fat-saturation pulse prior to imaging (90°
pulse at the fat frequency). After this pulse the fat signal
will be in the transverse plane and it can be dephased
easily by applying a gradient pulse. This chemical shift
saturation method does require excellent magnetic ﬁeld
homogeneity so that the frequencies of fat and water
will be well resolved; however, this is usually not a
problem.

Figure 10. Scheme showing how an error in determining the
main direction of diffusivity in a voxel (for instance due to poor
SNR or geometric distortion) can result in an erroneous ﬁber
track.

ceiver gain, etc.) performed before each examination.
Eddy currents may also cause image distortion (33,46).
Bandwidth Issue
The pixel bandwidth refers to the difference in MR frequencies between adjacent pixels, whereas the image
bandwidth refers to the total range of frequencies that
make up an image. In conventional imaging, the difference in MR frequencies between adjacent pixels (or
bandwidth per pixel) is around 100 Hz at 1.5T. Any
source of frequency shift larger than 100 Hz will thus
translate to a pixel shift. For instance, the chemical
shift between fat and water is about 220 Hz at 1.5T. In
this case the fat and water components of a single voxel
will be shifted along the readout direction from one
another by about 1 or 2 pixels, which is an acceptable
imaging artifact. Similarly, magnetic interfaces between
bone or air-ﬁlled cavities (sinuses) and water-containing tissues generate local gradients and frequency-shift
that are generally on the order of the pixel bandwidth
and result in similar limited artifacts.
Although the pixel bandwidth in EPI is very high (kHz)
due to the rapid sampling rate along the readout axis,
the continuous “phase-encoding” scheme used in EPI
results in a relatively low bandwidth along the phaseencoding axis (30 Hz/pixel is typical). This causes severe artifacts to occur in EPI in the presence of local
frequency shifts. However, artifacts will now occur
along the phase-encoding direction.

Geometric Distortion and Susceptibility Artifacts
EPI requires a very homogeneous magnetic ﬁeld, and
magnetic interfaces result in local image distortion or
signal dropout (47). The low bandwidth of EPI in the
phase-encoding direction causes a much less manageable artifact in shape distortion. Even in a wellshimmed magnet, the human head will magnetize unevenly and thus the MR frequency may differ from point
to point by more than one part per million (ppm) and
more than 125 Hz at 3T. These small frequency differences result in spatial displacement of several pixels in
the resulting images (Fig. 7). The shape distortions are
a frequent cause of concern in neuroimaging, since it is
often desirable to superimpose brain images of activation or WM tracts onto higher-resolution structural images that are usually acquired conventionally (e.g., with

Chemical-Shift Artifacts
At 1.5T, for example, using a 30-Hz/pixel bandwidth,
fat and water are now displaced by about 8 pixels.
Furthermore, the voxel sizes in EPI are usually rather
large, for the reasons discussed above. Using a more or
less typical 3-mm voxel, fat and water may be displaced
from one another by 2.5 cm. This problems scales with
ﬁeld strength, so that in a 3T scanner the fat/water
chemical shift approaches 5 cm.

Figure 11. Impact of the presence of corrupted orientations
on the track calculation. On the left, a corticospinal fasciculus,
starting from the primary motor area in the central sulcus,
going through the internal capsule toward the brain stem, was
calculated using a regularization approach. On the right, some
voxels with corrupted eigenvectors led to a failure of the algorithm (track interruption).

Artifacts in Diffusion MRI

Figure 12. Limitation of the DTI model in heterogeneous voxels. Two ﬁber bundles are crossing inside a voxel at 90° leading
to the direction of highest diffusivity (red arrow) that does not
ﬁt with any of the actual bundle directions.

a much higher bandwidth). In this case the diffusion
maps will not be registered properly with the structural
data set.
Generally, however, this artifact is correctable. It is
possible to measure the magnetic ﬁeld in the head using a dedicated gradient-echo MR sequence and then
apply a correction to the MR image to shift the signal to
its correct location (48). Other approaches aim at correcting ﬁeld heterogeneities in situ (49). Parallel imaging can also be used to minimize geometric distortion by
reducing the echo train length (50) and thus the overall
amount of phase shift. This method is particularly efﬁcient for blood oxygen level-dependent (BOLD) fMRI,
where EPI can be used with short TEs. In diffusion EPI
the gain is less obvious because longer TEs are imposed
to accommodate the diffusion-encoding gradient
pulses. However, shorter echo trains allow for a more
efﬁcient use of time and slightly reduced TEs, which in
turn improves the SNR. This advantage could become
critical in diffusion EPI, especially at high b-values.
DIFFUSION MRI PROCESSING AND
INTERPRETATION PITFALLS
In this section we will brieﬂy touch upon caveats regarding diffusion MRI that relate more to the limitations
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of the method rather than to artifacts resulting from the
MRI scanner.
First, let us keep in mind that diffusion MRI is successful primarily in the brain. Outside the brain, motion and susceptibility artifacts become much more severe. Another problem is that since body tissues
usually have shorter T2s, shorter TEs must be used,
which in turn limits the range of b-values that can be
reached. Lower b-values and shorter T2s always lead to
poor SNR issues. Susceptibility artifacts and the requirement for short TEs sometimes also preclude
the use of EPI. Alternative motion-robust, imaging
schemes, such as line-scan, slab-scan (51,52), and periodically rotated overlapping parallel lines with enhanced reconstruction (PROPELLER) (53), may then
become handy. Recent outstanding results in the application of diffusion MRI in the body to detect cancer
and metastases (as an alternative to FDG-PET) were
achieved through the use of parallel imaging and
phased-array coils (54).
A common pitfall in brain diffusion MRI is known
as the “T2-shine-through” artifact. Since “diffusionweighted” (DW) images are actually T2-weighted images
that have been made sensitive to diffusion by the use of
strong gradient pulses, the image contrast, of course,
results from diffusion and T2. A region with a “bright”
signal may thus come from a reduced ADC or an increased T2. This issue may become serious in stroke
cases, since a reduced ADC means a very recent infarct,
while an increased T2 is usually associated with a older
infarct. One can easily eliminate this problem by calculating an ADC image in which the contrast depends
only on diffusion (Fig. 8).
Another common artifact comes from anisotropic diffusion. If diffusion sensitization is obtained only along
one direction, anisotropic diffusion tissues (such as
WM) oriented perpendicularly to this direction will
show reduced diffusion and appear bright on the DW
image, potentially mimicking a recent infarct. There is
also an easy solution for this: images can be acquired
along several directions. Ideally, a whole DT acquisition
would be obtained. An image of the trace of the DT
would average out any directional effect and remove the

Figure 13. Example of Q-ball HARDI data. a: Color-coded orientation map superimposed onto a standard T1 anatomy. b: This
zoomed-in window of the yellow square in image a displays Q-ball models estimated at each voxel from an acquisition containing
500 diffusion orientations at b ⫽ 3000 seconds/mm2. c: One voxel has been isolated (yellow square in b) and zoomed-in to
display the four lobes corresponding to a ﬁber crossing.
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artifact (Fig. 9). Trace-weighted scans may also be acquired directly (55).
It should be noted for the sake of completeness that
there are other pitfalls, such as the effects of local gradients caused by magnetic susceptibility induced by
tissue interfaces or even local high doses of contrast
agent, that may lead to miscalculation of ADCs.
DTI WM FIBER-TRACKING PITFALLS
Other pitfalls are speciﬁc to the DTI method, due either
to biases in the calculation of the DT components or to
limitations in the tracking algorithm.
By processing DTI data in each voxel, one can deﬁne
three main directions of diffusion at each brain location
(see Ref. 56 for a review). Assuming that the direction
associated with the highest diffusivity corresponds to
the underlying orientation of the tissue, one can easily
build two-dimensional maps of this orientation over the
brain (e.g., by deﬁning a color code for three-dimensional space (7,57)). Such maps are a convenient way to
display a compact representation of well known cerebral WM ﬁber bundles, such as the corpus callosum
and the pyramidal tracts, but they cannot render the
three-dimensional trajectory of these ﬁber bundles
well.
Reconstruction of ﬁber bundle trajectories from DTI
data assumes that from a given voxel in the brain, a
pathway or ﬁber tract can be deﬁned, looking forward
and backward along the direction of maximum diffusion (i.e., the principal eigenvector in the case of DTI)
(58,59). Even though it is the most widely used method,
this approach strongly depends on the quality of the
estimated principal diffusion direction (the so-called
eigenvector). It fails as soon as an eigenvector is corrupted by acquisition noise, as depicted in Figs. 10 and
11. More generally, ﬁber tracking belongs to the category of ill-posed problems and cannot efﬁciently be
solved with “blind” algorithms that only consider the
ﬁber under construction and forget the remaining ﬁbers. Several alternative methods have been introduced
to correct for corrupted orientations on a global level;
some rely on a Markovian description of the orientation
ﬁeld (36), while others use front propagation algorithms
(60) or random walk schemes (61) in which robustness
is achieved by means of statistics.
However, a more important shortcoming of DTI is that
whatever the robustness of the tracking algorithm
used, the model cannot deal correctly with voxels that
contain several populations of ﬁbers that are not necessarily characterized by the same orientation, and
may be crossing. Unfortunately, the DT model assumes
a homogeneous population inside the voxel (free,
Gaussian diffusion) and fails at describing more realistic, heterogeneous populations. For instance, the case
of two bundles crossing at 90° yields an oblate tensor
ellipsoid (Fig. 12). The principal eigenvector of such a
voxel does not have a clear relation to the underlying
structure orientation, and may be the source of abrupt
(non-anatomical) interruptions of ﬁber tracts inside
WM or erroneous connections between adjacent ﬁbers.
Several models have been introduced to overcome the
limitations of DTI. In the high-angular-resolution diffu-
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sion imaging (HARDI) class of models, a local orientation distribution function (ODF), which may exhibit
several lobes corresponding to different populations, is
processed for each voxel. These models include Q-space
imaging (QSI) (62) and inherited diffusion spectrum imaging (DSI) (63) or Q-ball imaging (QBI) (64), generalized
DTI (gDTI) (65), spherical deconvolution model (66),
maximum entropy models, and persistent angular
structure MRI (PASMRI) (67). All HARDI techniques aim
to bypass the free (Gaussian) diffusion assumption
made during the diffusion process, but at the expense
of a huge amount of data required for the model to be
robust, and consequently of longer acquisition times.
These models are quite efﬁcient for managing ﬁber
crossings (Fig. 13), but they are still unable to describe
merging, splitting, or bending ﬁbers. However, using
HARDI models locally along with robust tracking algorithms that can deal with crossing/merging/splitting
patterns greatly improves results.
Another issue with tracking algorithms is the need to
limit the region of interest (ROI) where ﬁber bundles are
tracked, and consequently to deﬁne a robust stop criterion. One common way to do this is to extract a binary
mask of the WM from a gray matter (GM)/WM segmentation using a standard T1-weighted MR image. However, this requires a perfect match between diffusion
and T1 images, which is not so easy to obtain due to the
residual distortions present in diffusion EPI data, as
explained above. An alternative solution is to stop the
algorithm as soon as the anisotropy value falls under
an empirically determined value; however, the results
then become operator-dependent. Furthermore, although anisotropy may be small in voxels that contain
merging or splitting ﬁbers, the tracking process should
not be stopped at such locations (68).
In conclusion, diffusion MRI has become established
as a mature technique with great potential for health
care and neurosciences. Considerable progress has
been made since the initial studies were performed
more than 20 years ago, especially in overcoming hardware limitations and methodological shortcomings. As
a result, diffusion MRI has been installed on several
thousands of clinical MRI scanners worldwide, and today very accurate diffusion measurements can be made
in patients. Beautiful images of brain connectivity often
make the cover of prestigious journals. Still, we must
remain aware that diffusion MRI still suffers from some
pitfalls and artifacts that are not always easy to detect
or cure. Active research is currently under way to further expand the limits and the potential of diffusion
MRI, in particular to elucidate the diffusion process in
biological tissues. With such knowledge, diffusion MRI
is likely to emerge as a key approach for exploring brain
function at the neuronal level (69), and as a molecular
imaging tool for detecting cancer (54).
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