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Abstract
The pulsed-ﬁeld gradient (PFG) MR experiment enables one to measure particle displacements, velocities, and even
higher moments of complex ﬂuid motions. In diffusion-weighted MRI (DWI) in living tissue, where the PFG MRI
experiment is used to measure diffusion, Brownian motion is assumed to dominate the displacements causing the
observed signal loss. However, motions of water molecules caused by various active biological processes occurring at
different length and time scales may also cause additional dephasing of magnetization and signal loss. To help
understand their relative effects on the DWI signal attenuation, we used an integrated experimental and theoretical
framework: a Rheo-NMR, which served as an experimental model system to precisely prescribe a microscopic velocity
distribution; and a mathematical model that relates the DW signal intensity in the Rheo-NMR to experimental
parameters that characterize the impressed velocity ﬁeld. A technical innovation reported here is our use of ‘natural’
(in this case, polar) coordinates both to simplify the description the ﬂuid motion within the Couette cell of the
Rheo-NMR, as well as to acquire and reconstruct magnitude and phase MR images obtained within it. We use this
integrated model system to demonstrate how shear ﬂows appears as pseudo-diffusion in magnitude DW MR signals
obtained using PFG spin-echo (PGSE) NMR and MRI sequences. Our results lead us to reinterpret the possible causes of
signal loss in DWI in vivo, in particular to revise and generalize the previous notion of intra-voxel incoherent motion
(IVIM) in order to describe activity driven ﬂows that appear as pseudo-diffusion over multiple length and time scales
in living tissues. Published © 2010 John Wiley & Sons, Ltd.
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INTRODUCTION
NMR is an invaluable tool for characterizing complex molecular
motions. In particular, the pulsed-ﬁeld gradient (PFG) NMR (1) and
MRI (2) experiments provide a means to measure particle
displacements, velocities, and even higher moments. These
measurements are used to glean important features of complex
ﬂuid motions from both the phase and magnitude of the
measured NMR echo.
In biological and clinical applications of the PFG experiment,
the magnitude of the spin echo is used to measure an apparent
diffusion coefﬁcient (ADC) (3) or an apparent diffusion tensor
(ADT) of water molecules (4,5). It is often presumed that the ADC
or ADT results from free or hindered diffusion of water in tissues.
A number of studies have hypothesized that other physical
processes also contribute to the MR signal loss, including
variations in tissue temperature (6,7), changes in intracellular
viscosity (8,9), changes in membrane permeability (10,11), and
blood ﬂow through randomly oriented capillary networks (12).
Enigmas related to the biophysical basis of the diffusion
weighted signal
Despite the widespread uses of diffusion MRI and diffusion tensor
MRI (DTI), the biophysical basis of acquired DW signals and their
observed changes in development or in pathological conditions,
are only partly understood (13). The signal attenuation in a DWI
experiment is usually attributed to restricted and/or hindered

diffusion that is determined by cell microstructure (14,15). Tissues
are usually modeled as static porous media having different intraand extra-cellular NMR and transport properties (14–17). Yet, to
date, it has not been possible to derive the ADC or DTI-related
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quantities such as the trace and fractional anisotropy (FA) from
static microstructure alone. Beaulieu and Allen demonstrated, for
instance, that intracellular organelles and the microtubules hardly
restrict water displacement, and that the axonal myelin can only
explain about 20% of the observed restriction (11,18). In
pathologies like acute stroke the observed drop in the Trace
(50–70% of its baseline value) or the concomitant changes in FA
(19) cannot be explained by models of restricted diffusion and
cell swelling. Moreover, models that describe the apparent
multi-exponential decay of the DWI signal attenuation curves,
attempting to assign ‘fast’ and ‘slow’ components of the DWI to
the extracellular and intracellular compartments, respectively,
have repeatedly failed to estimate the proper extra- and
intracellular volume (16). Sehy et al. indeed demonstrated that
the intracellular medium includes in it both ‘fast’ and ‘slow’
components of displacement (20). The general discrepancies
between models of water displacements and DWI experiments
prevent the quantitative assessment of tissue microstructure,
limit their diagnostic value, and are problematic from a scientiﬁc
perspective.

The IVIM model
Le Bihan et al. (12) ﬁrst proposed the seminal idea that blood ﬂow
in capillaries would also result in signal attenuation in PFG
experiments. Speciﬁcally, they argued that microcirculation of
blood within a random network of capillaries can produce
incoherent motions or pseudo-diffusion (which they named
intravoxel incoherent motion or IVIM) (12,21). The IVIM concept
raised for the ﬁrst time the possibility that non-diffusive but
random convective motions could appear as diffusion within a
voxel. Nevertheless, it is important to point out that the IVIM
concept has only been applied to capillary blood ﬂow. Capillaries,
in this model, are treated as a network of impermeable tubes
isolated from the interstitial spaces (12,21). This view requirement
caps the maximum relative contribution of the IVIM pseudodiffusion effect to the relative volume of the capillary bed (3–5%
of the tissue volume). Moreover, the length scale for pseudodiffusion in the IVIM framework is determined by velocities within
the capillaries (1–2 mm/s) and the time scale set by the heart rate
(about 1 Hz). The result is that the IVIM framework only considers
large apparent random displacements, generally as large or
larger than the displacements of water caused by free diffusion,
that are detectable only at low b-values. Finally, by viewing the
intra-capillaries volume, the IVIM refers only to the displacement
of blood, which is characterized by a shorter T2*, and is thus less
visible in DWI measurements.

A suggested paradigm shift: Multi-scale
Pseudo-diffusion
We suggest that in biological systems pseudo-diffusion can occur
over a large range of length scales, corresponding to different
levels of hierarchical organization (i.e. within organs, tissue
extracellular matrix, cells, and across membranes), and over a
large range of time scales (i.e. from seconds to microseconds). A
unifying feature of these complex motions is that they are all
ultimately caused by active energy-consuming biological
processes operating at different length and time scales
themselves, ranging from respiratory and circulatory system-

induced ﬂuid displacements, to dynamic rearrangement of
organelles such as the Endoplasmic Reticulum, to the action of
membrane pumps like Aquaporin-4. We have named the
complex random motions these various processes produce
Multi-scale Pseudo-diffusion.

Cellular activity induced displacements
Active processes within cells may produce shear ﬂows and
patterns of water mixing. Flow in cells is characterized by very low
Reynolds numbers (Re �10-4). As a result, it is laminar, and slow
displacements can act over long distances (implying that the
effect of shear ﬂow may be non-negligible). Absence of
signiﬁcant inertial forces suggests that once the driving forces
(e.g. electrostatic forces, drag caused by a moving organelle) stop,
ﬂow immediately ceases. Mechanisms of cellular activity that are
accompanied by water displacements include but are not limited
to: (a) fast and slow axonal transport and water motion induced
by dynamic processes within intracellular organelles. For
instance, velocities observed in axonal transport are on the
order of �0.5–5 mm/s. This mechanism has the potential of
affecting considerable intracellular volume, particularly in brain
parenchyma where it has been measured to be about 80% of the
total tissue volume (22). (b) Water motion through ion channels
and pumps. Ions ﬂowing across membranes are surrounded by a
hydration shell. On top of the continuous ﬂow of ions across
membranes, a relatively small number of additional ions and
water molecules cross membranes during an action potential
(�1012 molecules/cm2). The contribution of these water
molecules to the overall signal measured in DWI is further
reduced by the possible interaction with membranes that may
considerably shortens their T2, thus making them invisible in
most MRI measurements. (c) Water displacement across Aqua
porin channels. As with ion channels the average distances
traveled by molecules that are displaced by water channels are
assumed to be much less than 1 mm (membrane thickness is of
the scale of 10 nm). Nevertheless, exchange of water molecules
through Aquaporins is two to three orders of magnitude faster
than exchange across a lipid bi-layer, and is supposed to
compensate for osmotic ﬂow and diffusion across the bi-layer. We
could not ﬁnd deﬁnitive numbers for the rate of exchange of
water molecules across the Aquaporin-4 that is expressed in the
brain. [Data from a PGSE NMR experiment in red blood cells can
give us a clue of the possible relative contribution of Aquaporins
to displacement of water molecules. The exchange as a result of
lipid permeability and to Aquaporin-1 activity was performed
across knock-out mice. Comparison of exchange because of lipid
permeability relative to Aquaporin-1 activity resulted in respect
ive relative fractions of 23% and 64% in isotonic conditions, and
10% and > 83% when osmosis took place (23).] (d) Electrical
activity – recently suggested to affect the measured displace
ment, through a phase transition of the water, shifting across
ordered and non-ordered lattice, such that their diffusion and
relaxation properties are affected (24). (e) Mechanical displace
ment of the cell membrane. During neuronal activity, the
membrane was found to change shape and become displaced
(25). (f ) Cytoplasmic streaming is a central ﬂuid ﬂow mechanism
observed in all cells (and quantiﬁed mainly in plant cells). This
mechanism affects the entire intracellular volume. And yet it is
possible that its physical origin is linked to one of the
mechanisms described earlier.
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Circulation-induced displacements
As implied above, the capillary bed itself contributes to ﬂuid
displacements within the interstitium. Circulation-induced dis
placement mechanisms that are accompanied by water
displacement include: (a) intravascular ﬂow – this is the original
IVIM effect that occurs with velocities on the order of 1 mm/s,
along capillaries (12). (b) Extravasation of macromolecules and of
accompanying water molecules from capillaries – diffusion and
convection as a result of hydraulic and osmotic pressure result in
displacement across capillaries, resulting in velocities measured
to be in the order of 1–10 mm/s (26,27). The amount of ﬂuid that is
displaced in this mechanism may be signiﬁcant, but recent
studies have demonstrated that the displacement is governed by
diffusion. (c) Pressure pulse waves in capillaries as a result of
cardiovascular activity. (d) Quasi-periodic displacements because
of the periodic cardiovascular pressure – on the one hand there is
a bulk periodic movement of the entire brain that occurs during
the cardiac cycle (28). On top of this baseline motion of the entire
brain (a coherent motion) it is possible that there are periodic
pulses of interstitial ﬂuid displacement that occur as a result of
pressure waves during the cardiovascular cycle. It should be
noted that the use of cardiac gating in DWI measurements, which
has become a standard method, should minimize or even
eliminate this effect.
The exact contribution of each of these mechanisms to the
measured ADC should be the subject of careful study. Never
theless, it is already possible to use the ‘zeroth-order’ knowledge
about these mechanisms, in order to understand that pseudodiffusive displacements that occur by active mechanisms are
characterized by multiple length and time scales.

Cessation of activity results in reduced Pseudo-Diffusion
The hypothesis that mechanisms of Multi-Scale Pseudo-Diffusion
contribute to the DW signal measured in vivo provides a way to
address the open questions described above. The common basis
for all the mentioned mechanisms is their ultimate dependence
on ATP utilization. Once a tissue is challenged by energetic failure
a cascade of events is initiated, where some have a causal
relation, in which cells slow down and later on gradually cease to
operate the energy-consuming processes. For instance, the
cessation of oxygenated blood ﬂowing to cells in the brain could
potentially explain the precipitous drop in the ADC in stroke (19).
A reduction in circulation-induced displacements is eventually
followed by a reduction in activity-induced displacements at ﬁner
and ﬁner length scales that lead to a drop in the ADC. Energetic
failure was in many cases reported to result in a drop in the
anisotropy [a most signiﬁcant drop, among the diffusion
eigenvalues is in l1, the largest eigenvalue (29)]. Pseudo-diffusion
mechanisms that occur within organized tissues will enhance the
measured anisotropy (as the shear ﬂow is directional). Cessation
of such a ﬂow mechanism may thus contribute to the drop in the
anisotropy, in addition to other sources of anisotropy that are
modulated by damage to the tissue. An additional enigmatic
observation relates to the timing of the drop in the ADC after
ischemia: cellular depolarization is the electrical correlate to
cellular swelling, and should thus appear before the drop in the
ADC if the two phenomena have a causal relation. However, de
Crespigny et al. observed that a signiﬁcant component of the
drop in the ADC precedes the wave of depolarization occurring in
the tissue (30). Cessation of pseudo-diffusion mechanisms may

explain this enigma, as in the cascade of events that follow the
energetic failure, the cessation of energy consuming mechanical
processes within the cells, is the ﬁrst response to insults, before
depolarization occurs. This view could also help explain why
multi-compartment diffusion models of brain parenchyma (16)
repeatedly fail to predict (instead of measure) the correct
extracellular and intracellular volume fractions. In these models,
the ‘fast’ diffusing portion of the signal is assigned to arise from
the extracellular volume and the ‘slow’ component arises from
the intracellular one. In our view the conventional rationale for
making compartmental assignments is ﬂawed: ’fast’ and ’slow’
displacements do occur, but both exist in the intra- and extracellular
compartments. The magnitude of displacements is not modulated
only by spatial arrangement but also by the momentary presence
of an active mechanism of displacement (31, unpublished
data).

Model system development
In attempting to parse or identify the possible microscopic
motions that could contribute to changes in the measured ADC
or ADT and, in particular, to assess how physiologically produced
micro-ﬂows might contribute to DW signal loss, we sought to
develop a theoretical framework and to identify or develop an
experimental model system in which a known velocity
distribution could be impressed and precisely controlled within
an MRI scanner, and with which diffusion weighted MR
experiments could readily be performed. For this purpose we
used the Rheo-NMR system (32,33). This rheometer was designed
to operate within a conventional MR scanner and enables the
measurement of molecular displacements under precisely
controlled shear ﬂow conditions (32,33). The Rheo-NMR produces
a well-deﬁned shear ﬁeld within a liquid that can be used in NMR
spectroscopy to provide invaluable information about molecular
dynamics in polymer sciences and hydrodynamics applications
(33). However, our use of the Rheo-NMR is not conventional. We
use it instead as a model system to understand the effect of
known symmetrical shear ﬂow ﬁelds on the ADC or the ADT.
The Rheo-NMR can also be used in conjunction with MR
microimaging to measure the spatial distribution of different
NMR parameters within the rotating ﬂuid. MRI within the
Rheo-NMR is usually performed using a vertical slice (selected
during the NMR excitation period) that contains the axis of
rotation and lies perpendicular to the ﬂuid streamlines. As long as
the motion of spin-labeled molecules is perpendicular to the
imaging plane, no motion artifacts arise (34). However, it is
desirable to obtain axial slices that contain entire closed ﬂuid
path lines or streamlines (i.e. slices whose plane is perpendicular
to the rotation axis). These are of great interest, particularly in PFG
experiments where gradients are applied within this slice plane.
The acquisition of such slices could aid in: (a) observing complex
ﬂow patterns and motion across streamlines that may change
with the rotation angle or position within the rheometer; (b)
overcoming low SNR to enable microimaging of the ﬂowing ﬂuid
by obtaining thick in-plane slices; (c) acquiring velocity ﬁelds with
high peak velocities, overcoming a problem encountered when
the direction of ﬂow is perpendicular to the slice plane; (d)
enabling the imaging of complex ﬂow patterns that involve more
than one rotating cylinder, such as the four-roll mill (32); and (e)
providing a known and well-deﬁned ﬂuid shear ﬁeld within each
in-plane voxel.
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The Rheo-NMR provides an ideal test bed to quantify the
effects of shear ﬂow: parallel streamlines across which the ﬂow
speed changes. With it, we can study how differences in velocity
across a voxel will affect the attenuation in a PFG experiment. To
do this, we evaluated this effect using the most simple and
symmetric cases, those of linear shear and Couette ﬂow.
Appendix 1 details our derivation of the expression for the
signal attenuation in a PFG experiment for these two ﬂow ﬁelds,
when spatially averaged within an imaging voxel. The calculation
demonstrates that the attenuation in a q-space experiment for
the case of a linear shear (with diffusion weighting gradients
applied along the average direction of ﬂow) is
Eflow ðqx ; DÞ ¼ e-2piqx vav D ·s inc ðpqx b aDÞ
where b is the linear shear rate, D is the diffusion time, and a is
the spatial extent of the streamline (transverse to the ﬂow
direction). For a Couette ﬂow where there is a circular band of
shearing ﬂuid, the corresponding expression is given by:
1
Eband ðvðrÞ; tÞ ¼
A

Zrext

J0 ðkðvðrÞÞÞ r dr: where kðrÞ

rint

¼ 4pqx rsin

(
)
vðrÞ·D
:
2

In the above equations J0 is the 0th-order Bessel function of the
ﬁrst kind, v(r) is the radially varying angular velocity, and
A ¼ p·(r2ext -r2int ) is the area of the rotating band between the inner
and outer radii of the cylindrical shell,rint to rext, respectively, (see
Appendix 1).
A physiological scenario of shear ﬂow will most probably
include an ensemble of linear and circular ﬂow patterns that are
not synchronized, that occur in multiple length and time scales,
and with an isotropic or an anisotropic distribution. The
formulations derived above can be used as the basis for a
statistical analysis of the attenuation in a physiological scenario.
In the MRI community, MR image slices are most commonly
acquired using a Cartesian k-space trajectory, and reconstructed
by a two-dimensional Fourier transform. The Cartesian frame
work is usually used for reconstruction, even when points in
k-space are sampled with a non-Cartesian grid (e.g. using radial or
spiral k-space trajectories). This reconstruction scheme is
cumbersome in the Rheo-NMR because: (a) phase encoding
applied in the direction of a the moving ﬂuid will result in motion
artifacts (e.g. ghosting); (b) while the signal from each voxel will
always represent an average of contributions from multiple
streamlines having different velocities, the mapping of cylindrical
streamlines into a Cartesian grid introduces a spatially dependant
partial-volume artifact (see Fig. 1); and (c) uniform Cartesian
k-space samples equally weight the spatial-frequency content of
the image. However, in the case of the Rheo-NMR, this needlessly
weights high spatial frequencies that are generally produced at
liquid-solid interfaces (e.g. ﬂuid-cylinder boundaries in Couette
cells) and corners (e.g. near the cone’s tip in a cone-and plate
viscometer); and (d) the point spread function (PSF) of a polar
sampling scheme that includes re-gridding to Cartesian
coordinates has signiﬁcant side-lobes, resulting in aliasing (35).
To address these problems, we also developed an MRI acquisition
scheme and analytical framework optimized for imaging
symmetrical shear ﬂow patterns in their ‘natural’ coordinates
within the Rheo-NMR (see Appendix 2). (Fig. 2)

Figure 1. A circular shear ﬂow with an enlarged Cartesian voxel in a
Rheo-NMR imaging experiment. Note the partial volume artifact owing to
different streamlines ﬂowing through the cubical voxel depending on the
direction of ﬂow within each voxel and the voxel’s orientation within the
laboratory coordinate frame.

METHODS
Acquisition
To test and validate the derived relationships (see Appendices)
we used the Bruker Rheo-NMR attachment with a Couette cell
(1.7 cm ID, 1.9 cm OD) inside a 7-Tesla vertical-bore MRI scanner
(Bruker, Ettlingen, Germany). The gap between the inner and
outer cylinders of the Couette cell was ﬁlled with a poly
dimethyl-siloxane (PDMS) solution with a viscosity of 1000 cSt
and a diffusivity of approximately 4 x 10-6 mm2/s. The use of this
highly viscous and low diffusivity solution allows us to establish a
constant shear rate with negligible diffusive or dispersive effects.
The inner cylinder of the cell was rotated by a stepper motor at an
angular frequency of 1.92 rpm, resulting in a maximal shear rate
of 0.294 s-1. Rotation frequency was chosen to obtain a
signiﬁcant shear across single voxels and to illustrate and
discriminate the effect of attenuation as a result of shear relative
to that which is due to diffusion. The Couette cell was placed
within a standard 6-element 30-mm RF coil. Scans were
performed at room temperature (208C).
In the ﬁrst case, NMR (spectroscopy) scans with varying
diffusion gradients were used to mimic a single voxel containing
an eddy or closed circulating currents. The spectroscopy PGSE
experiments (i.e. with no imaging gradients) were performed
with TR/TE¼ 6000/300 ms, D/d ¼ 200/12 ms, Gd ¼ 0-60 mT/m (65
values). To avoid contamination of the signal from regions at the
ends of the coil where the B0 and B1 ﬁelds are inhomogeneous,
slice selection gradients were used (with slice thicknesses in the
range of 0.8–1.2 cm). In the radial PGSE MRI experiments k-space
was covered by repeating the experiment in 360 directions and
with 512 samples for each line of k-space, using ﬁve gradient
strengths in the range Gd ¼ 0-40 mT/m. The angles between the

737

NMR Biomed. 2010; 23: 734–744

Published © 2010 John Wiley & Sons, Ltd.

View this article online at wileyonlinelibrary.com

U. NEVO ET AL.

Figure 2. The radial framework: (a) A simplistic radial PGSE pulse sequence, including diffusion gradients in X (Gd), in-plane imaging gradients in X and Y,
and slice selection gradients in Z. (b) Common Cartesian reconstruction of radially sampled k-space. (c) The radial reconstruction.

sampled lines in k-space and the x-axis covered the interval [0,p],
where positive and negative k-values lead to uk values covering
the entire [0,2p] interval. The spatial resolution was 75 mm
along the radial axis, with 0.58 angular or azimuthal increments.
Parameters TR/TE/D/d were kept the same as in the NMR
spectroscopy experiments. SNR of the reconstructed images was
very high (S/N ¼ 25-100).
Image analysis
Magnitude and phase images were reconstructed by employing
a Fourier transform in polar coordinates. We calculated both the
full Fourier integral (Appendix 2, Eq. 15) and the Bessel expansion
of the integral (Appendix 2, Eq. 17). Prior to calculation, the matrix
of k-space samples was ﬁtted to polar coordinates such that
negative k-space locations with angle u were treated as positive
locations with the angle 180 þ u. Data-analysis and simulations
were performed using in-house software routines written in
MatlabTM and MathematicaTM.

geneous ﬂow ﬁeld these oscillations would be averaged out and
not appear. In addition, the attenuation versus the gradient
strength is characterized by a sharp drop in slope followed by a
region with a moderate slope. The attenuation proﬁle would have
the appearance of a bi-exponential that could be inappropriately
interpreted as arising from ‘fast’ and ‘slow’ diffusing components
(Fig. 3). For effect, we performed a two-compartment ﬁt on our
data and obtained Dfast ¼ 0.0148 and Dslow ¼ 0.00037 mm2/s
(with ratio of fast/slow species being 0.81:019). Notice the curve
that displays the attenuation in the absence of shear ﬂow (Fig. 3,
green curve) barely drops over the q-values applied, indicating
the diffusion coefﬁcient of PDMS in the absence of ﬂow is

RESULTS
NMR of a closed rotating ring (Spectroscopy)
Figure 3 shows the measured signal attenuation in a PGSE
experiment for ﬂuid within a rotating Couette cell. Experimental
data ﬁts the predictions of our analytical model (given by Eq. 9).
Disparities are probably because of strong RF inhomogeneity and
possibly additional inhomogeneities in the B0 and B1 ﬁelds (as
we used a regular 6-elements RF coil and our sample is much
larger than the focal center of our scanner). The oscillations of the
Bessel function are apparent in the data. In a more hetero

Figure 3. Theoretical and experimental curves for the attenuation
caused by shear displacements in a rotating Couette cell during a
PGSE-NMR experiment. Experimental curves with and without shear ﬂow
appear, respectively, in dotted black and green curves. Theoretical model
(with shear), and the ﬁt of a bi-exponential model, appear, respectively, as
solid red and blue curves.
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3.75 x 10-6 mm2/s. For clariﬁcation, the measured ADC with
diffusion weighting along the Z-axis was as that measured in the
absence of shear. The differences between the signal attenu
ations with and without impressed shear ﬂows are signiﬁcant
both qualitatively and quantitatively. The higher the shearrelated mixing, the greater the signal attenuation and the greater
the departure from mono-exponential decay curves.

MRI within a Couette cell (Imaging)
The acquired k-spaces (magnitudes) for a rotating Couette cell in
a PGSE experiment are juxtaposed in Figure 4. The top plot
describes the non-weighted acquisition, where the anisotropic
pattern (6 ‘beams’) results from RF inhomogeneity (from a
6-element RF coil). Plots at the bottom correspond to the
displacement weighted images. Notice the dominance of high
spatial frequencies for samples with high k r values as a result of
the strong angle-dependent attenuation. The reconstructed

images (magnitude and phase) for the same k-space samples are
shown in Figure 5, where reconstructions were performed with
the full Fourier transform (Appendix 2, Eq. 15). The top panel
presents the reconstructed raw-data and supports our assump
tion of RF inhomogeneity (that also affected the NMR scan)
because of the use of the 6-element RF coil. The pattern of signal
attenuation across the Rheo-NMR’s Couette cell is as expected
from the dephasing of displaced molecules in ﬂuid layers having
different average rotational speeds that result in local intra-voxel
dephasing. This periodic phase modulation (Fig. 5b) depends on
the projection of the average velocity in the direction of the
gradient, and thus changes rapidly in the regions where ﬂow is in
the direction of the applied diffusion gradient (Fig. 5b). In the
magnitude images this velocity ﬁeld creates an attenuation
pattern consisting of two polar regions of the Couette ring with
low attenuation (corresponding to regions where ﬂow is
perpendicular to the gradient direction) and two polar regions
with high attenuation (corresponding to regions where ﬂow is
parallel to the gradient direction).

DISCUSSION

Figure 4. In-plane k-space data resulting from radial sampling in a
Rheo-imaging experiment: three plots correspond to MRI with varying
values of the diffusion gradient. Gd ¼ 0, 20, 40 mT/m. Effective diffusion
attenuation in these measurements was b-value ¼ 25.5, 818.4, 3196.9 s/
mm2. Intensities in the ﬁrst plot are generally higher than in the other
plots. However, to allow for a more consistent presentation, the intensities
in each were linearly scaled in the range 0–1.

A bi-exponential attenuation curve is commonly used in MRI
measurements of viable brain tissue (36,37). Moreover, in stroke
and other pathological conditions, changes in the relative volume
fractions of the two components are often used to infer changes
in the relative sizes of these purported compartments, with the
partial fraction of the ‘slow’ component generally increasing at
the expense of the size of the ‘fast’ component (38). Results from
ﬁxed tissues clearly indicate that multiple compartments exist in
tissues, and that these compartments contribute to a
bi-exponential pattern of the attenuation curve. Here we suggest
that in addition to this morphological effect, the apparent fast
and slow diffusion coefﬁcients and their relative compartment
fractions could also be inﬂuenced by active ﬂow processes. Such
pseudo-diffusion would appear in a PFG measurement as an
increase in diffusivity. Some of the observed discrepancies
between experiment and theory in biological DW-MRI (39) may
possibly be explained by such active ﬂow mechanisms.
The analysis and experiment presented above should help
quantify the origin of the signal loss resulting from IVIM, but not
just resulting from capillary blood ﬂow. Other sources of IVIM
are plasma are plasma exudation in the extracellular spaces, as
well as macroscopic motions caused by respiratory cycles, pulse
wave propagation of blood, and even slow vasomotion. These
could all contribute to complicated water velocity proﬁles within
macroscopic voxels, which appear in the PFG experiment as
pseudo-diffusion. Moreover, at smaller, microscopic or cellular
length scales, complicated three-dimensional velocity distri
butions could arise, such as dipolar velocity distributions resulting
from the extension or retraction of arrays of microtubules and
actin, by cytosolic streaming, or by water pumping across
membranes. These could all produce intravoxel MR signal loss, as
well.
As noted earlier, multiple biological mechanisms can result in
shear ﬂow. An order of magnitude estimate can be made for the
DW signal attenuation caused by these physiological mechan
isms, even without knowing their precise velocity proﬁles. Fig. 6
shows the attenuation caused in the simplest case of linear shear
for various values of experimental parameters (D, q), relative to
that of a sample that diffuses freely with an average ADC of
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Figure 5. Experimental data and simulation of the net in-plane magnetization in a Rheo-NMR MRI experiment with ﬂow and negligible diffusion. (a)
Magnitude images depicting the shear-rate caused attenuation in a PGSE experiment. Arrow marks the x-direction where the diffusion gradient was
applied. For didactic purposes, data were under-sampled (by disregarding data points at high k-values) prior to reconstruction, in order to obtain larger voxels
(in both r and u coordinates) such that the effect of shear ﬂow would be visible. (b) Phase images depicting the shear-originated phase in a PGSE experiment.
To avoid cluttered plots as a result of the random phase in areas with no ﬂuid, these images show only voxels that describe the Couette cell itself.

1 x 10-5 cm2/s. The regime of commonly used b-values (b<
2000s/mm2) appears with a dashed outline. Owing to the dearth
of measurements of shear rates occurring in neurons, we took the
drag of a ﬂuid that may accompany axonal transport as a typical

Figure 6. The relative attenuation induced by linear shear for various
values of experimental parameters (D, q) relative to that of a sample that
diffuses freely with an average ADC of 1 · 10-5 cm2/s. Colors correspond to
the attenuation induced by linear shear, compared with the diffusio
n-induced attenuation obtained with the same experimental parameters.
Dashed lines border the region of commonly used parameters in clinical
DWI (b-values < 2000 mm2/s; D¼ 10–150 ms). Note that the relative con
tribution of shear-related attenuation increases with longer diffusion
times (D) and higher q-values.

mechanism that may result in shear as an example. Velocities
associated with axonal transport (either fast or stop-and-go slow
transport) are in the range of 0.5-5 mm/s (41). In a 1-mm thick
axon, such a velocity may cause a maximal linear shear rate of
b ¼ 10 s-1. This model ignores multiple unknown parameters
that affect shear ﬂow: the effect of Actin and microtubules, the
viscosity of the complex gel in different length scales, the exact
kinetics of the stop-and-go process, etc. Nevertheless, a few quick
inferences can be drawn (Fig. 6): (a) with shear rates that are
feasible in living tissues, the attenuation induced by the shear
ﬁeld may contribute signiﬁcantly to that induced by Brownian
motion; (b) as expected, the relative contribution of shear-related
attenuation increases with longer measurement times (D) (a
result of the linear increase in displacements as a result of shear
ﬂow as compared with the square-root law governing Brownian
displacements) and higher q-values; (c) shear ﬂow in an ordered
non-isotropic tissue may result in an apparent anisotropic
displacement proﬁle, and an anisotropic attenuation in aniso
tropic tissue that will augment the diffusion anisotropy because
of microstructure and morphology alone, for example, that
results from restricted diffusion in anisotropic structures.
To apply this new understanding to living tissue quantitatively,
we must know the partial volume of intra/extra-cellular ﬂuid that
is sheared during the experimental window (D), the spatial extent
and scales of the shear ﬂow within the imaging voxel, the
probability for the occurrence of the shear-inducing mechanism
and the relative duration of the mechanical phenomenon linked
to it. When the displacement is not entirely dominated by ﬂow,
but has a signiﬁcant component owing to diffusion, and
especially when measurement is performed with high q-values,
Taylor dispersion may become signiﬁcant. A ﬁrst-order approxi-
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mation can be obtained by taking only the ﬁrst displacement
cumulant, i.e. assuming that the effect of dispersion is fully
described by an adjusted diffusion coefﬁcient. In such a case,
Eq. 5 can be revised to give:
2
2
2
2
Ediff ðq; DÞ ¼ e-4p ðqx ð1þfTaylor Þþqy þqz Þ D D

¼

D*Taylor -D
D

where

fTaylor

:

Additional displacement cumulants appear if the geometry
restricts the displacement or if high q-values are used (41). In
cases where the tissue is not all coherently aligned, powderaveraging may take place. We did not take these factors into
account; they should be accounted for separately and evaluated
for various physiological conditions. Finally, if shear ﬂow is
created by active, energy-consuming mechanisms, any stress on
the cells (e.g. hypoxia) may stop the shear-inducing mechanisms
and result in reduced signal attenuation and a smaller ADC.
Alternatively, any increase in cell activity could result in an
increased ADC.
The discrimination of displacements that originate from active
cellular mechanisms can be of high value for the study of cellular
vitality and function. However, the choice of an experimental and
analytical framework is crucial to succeed in this task. DWI is
commonly performed using multiple b-values, as well as the
more accurate and orientation invariant DTI framework that
employs b-matrices. These b-factor based frameworks are
inadequate for treating pseudo-diffusion in tissues, however,
as they lump together information about the length and time
scales of the ﬂuid motion. Speciﬁcally, b-values/matrices combine
D, the diffusion time, and q ¼ gGdd/(2p), the quantity that
encodes the space scale probed. To follow displacements that
occur over multiple length and time scales, the use of the q-space
formalism and of advanced q-space MR pulse sequences will be
most useful. For example, multi-PGSE pulse sequences (33) used
in conjunction with imaging (42) can be used to probe complex
motions at different length scales. Different time scales can be
probed by varying the diffusion time, D, systematically, for
instance using a series of standard PGSE experiments with
varying D, using stimulated-echo DWI to probe long diffusion
times (long D), or by using oscillating gradient PG approaches
(43,44) with different frequencies.

combined with pulse sequences that can distinguish between
diffusion and velocity-driven mixing. In the case of imaging
non-regular patterns (such as shear banding or turbulence), the
acquisition method described above may be too slow relative to
the time-scales in which these patterns form, or disappear. In that
case, as shown by Sarlls et al. (46), imaging can be accelerated by
the acquisition of multi-echoes. Acquisition speed will then be
limited by the decay times (T2, and to a lesser extent, T1) and may
demand a segmented sampling of k-space.

CONCLUSIONS
The present study provides a new perspective to the problem of
identifying sources of displacement of water molecules as
measured in DWI. Most models of displacement of water
molecules in brain parenchyma treat it as a ’dead’ or ﬁxed tissue,
in which displacements governed by thermal diffusion, without
any contribution of displacements because of active cellular
processes. The familiar IVIM concept should also be revisited in
light of this study as despite its manifold strengths it considers
only pseudo-diffusion arising from capillary blood ﬂow over large
length and time scales, and it uses the b-value formalism to
characterize pseudo-diffusion experimentally and mathemat
ically. To characterize the relative effects of random Brownian
motion and pseudo-diffusion within a voxel, we described a
theoretical framework for the analysis of a simple pattern of shear
ﬂow. To validate and demonstrate this framework experimentally
we developed an acquisition, reconstruction, and analysis
framework for diffusion weighted MRI (DWI) data obtained in
a controlled system with known shear ﬂows. This experimental
framework can be used to estimate the effects that complex ﬂow
patterns have on the ADC in living tissue. This work should aid in
helping to uncover biophysical mechanisms affecting DWI data in
clinical and biological applications.
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Imaging ﬂow in ‘natural coordinates’
The described framework is a particular case of sampling and
image reconstruction that is uniquely tailored to exploit the
speciﬁc symmetry, geometry, and other characteristics of a
sample or specimen. An immediate extension of the proposed
work is the use of a spherical coordinate system for imaging the
ﬂuid in the cone-and-plate rheometer in a Rheo-NMR experiment.
Özarslan et al. (46) have already described the use of a Fourier
transform in spherical coordinates, based on the expansion of the
Fourier integrand by spherical harmonics, which could be
adapted for this purpose. We tested the effect of voxel sizes
and number of radial beams. As expected and predicted by our
model, the ﬁner the spatial resolution (i.e. the smaller the voxels,
both in the radial and azimuthal dimensions), the smaller the
resulting signal attenuation, as the variance in streamline
velocities within each voxel is reduced.
The suggested framework may be valuable when complicated
ﬂow patterns are involved, as when, for example, MR imaging is
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Appendix 1 Quantiﬁcation of the effect of
shear ﬂow on the diffusion weighted signal
To demonstrate the effect of a symmetric shear ﬂow on a DW
signal, we use the q-space formalism. In a PFG NMR experiment
diffusion weighting can be quantiﬁed by the wave vector, q,
gdg
(1)
2p
with g, the applied diffusion gradient; d, the duration of the
applied gradient pulse; and g, the gyromagnetic ratio of the
detected nuclear spins.
In the PFG NMR experiment, there is an elegant and useful
Fourier relationship between the MR signal attenuation, E(q,t),
and the ensemble average of displacements. These displace
ments are given by Ps(R,t) that describes the probability for a
spin-bearing molecule to be displaced by R, during time t(1).
Z
Eðq; tÞ ¼ Ps ðR; tÞei2pqR dR
(2)
q¼
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In a scenario where only Brownian motion is present, the
resulting probability density is described by a Gaussian.

This expression describes the attenuation owing to displace
ments of spin-bearing molecules along closed circular stream
lines, as in a Couette cell, where

Linear shear ﬂow
Consider a three-dimensional volume where ﬂuid ﬂows with a
uniform linear shear rate, b¼@Vx/@y, in the x-direction. We will
neglect the role of Taylor dispersion (42) by restricting our
derivation to the case of ﬂuids with high viscosity or when low
q-values are applied in the NMR experiment. In such a case, as the
shear–ﬂow and the diffusion are not interacting, the attenuation
in a PFG experiment in a square pixel of area a2, with diffusion
time D over such a sample will be:

vðrÞ ¼

(2
)
vmax rint rext
-r
:
2 -r 2
r
rext
int

(10)

Alternatively, this expression could describe the contribution of
a single micro-circulatory eddy in an imaging experiment where
the voxel’s typical size, a, obeys r < <a.

Eðq; DÞ ¼ Eflow ðqx ; DÞ·Ediff ðq; DÞ

(3)

Appendix 2 Image reconstruction in
‘natural’ polar coordinates

Eflow ðqx ; DÞ ¼ e-2piqx vav D ·s inc ðpqx b aDÞ

(4)

In the case where a voxel includes only a portion of the circular
streamline, we can assign a magnetization density, M(r, u), to each
element of the rotating ring

where

and
2
2
2
2
Ediff ðq; DÞ ¼ e-4p ðqx þqy þqz Þ D D

with

q ¼ ðqx ; qy ; qz Þ; (5)

where vav is the average velocity within the pixel. In a common
DWI experiment, in the absence of analysis that will discriminate
shear ﬂow from diffusion, the shear ﬂow causes the ADC to be
larger relative to the true self-diffusion coefﬁcient, D. It should be
noted that in most works that involve shear ﬂow with a highly
viscous ﬂuid (as the one reported here) the effect of Taylor
dispersion is assumed to be relatively low (48).

Mðr; uÞ ¼ M0 ei4pqx r

Cylindrical ﬂow

Df ¼ 2pqx rðcosðu þ v·DÞ-cosuÞ:

(6)

Assuming a uniform spin density, the signal attenuation within
that ring obtained by integrating over the circle of radius r is:
Ering ðvðrÞ; DÞ ¼

1
2p

Z2p

e2p i qx rðcosðuþv·DÞ-cosuÞ du

0

¼

1
2p

Z2p

eik·rsinu du ¼ J0 ðkÞ

(7)

0

(
kðrÞ ¼ 4pqx rsin

vðrÞ·D
2

)
(8)

and J0 is the 0th-order Bessel function of the ﬁrst kind. The signal
2
attenuation of a circulating band of ﬂuid of area, A ¼ p·(r2ext -rint
) is
obtained by integrating over all such rings from rint to rext, and is
thus given by:
1
Eband ðvðrÞ; tÞ ¼
A

Zrext
rint

(9)

2

sinu0

)

;

(11)

(
)
D
þ tTE-diff
2

(12)

where tTE-diff is the delay between the end of the displacement
encoding (the application of the second gradient) and the
acquisition.
In an MRI experiment where the streamlines are macroscopic
(e.g. in a Rheo-NMR experiment), or when imaging is performed
with microscopic resolution (i.e. a < r · vt, where a is the pixel size,
r is the distance of the segment from the origin, and vt is the
angle subtended during the time from encoding to detection)
each streamline is separated into segments/voxels. A natural and
preferred way to acquire MRI data is to use streamlines as voxel
boundaries.
A case in point is a Couette cell, where image acquisition and
analysis are most elegantly and compactly described in polar
coordinates. To exploit the axial symmetry of ﬂow in a Couette
cell, we chose cylindrical k-space sampling and reconstruction
schemes. MRI acquisition with radial coverage of k-space is used
to avoid various imaging artifacts, particularly motion-induced
ghosts. In this scheme, in-plane gradients
are applied during
~
the sampling of the magnetization M ðkr ; uk Þ (Fig. 2a), where the
radial angle of each consecutive line is varied. Usually, axially
sampled k-space is re-gridded to Cartesian coordinates for
further reconstruction and analysis (Fig. 2b). However, to exploit
fully the axial symmetry of the ﬂow in a Couette cell, we
performed the entire reconstruction and analysis procedures in
polar coordinates as well (Fig. 2c). Lauzon and Rutt (35)
showed that the PSF of polar sampling (without re-gridding
to Cartesian coordinates) is more centered and includes
negligible side lobes relative to the alternative that includes
re-gridding.
In Cartesian
coordinates, the sampled magnetization
~ (
)
M kx ; ky that comprises a plane in k-space, is related to the
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J0 ðkðvðrÞÞÞ r dr:

sin

where the angle u’ corrects for the delay between the
displacement-encoding period (taken as the midpoint of the
displacement encoding period) and the actual acquisition point
that occurs during the refocusing of the echo. This delay results in
an angular shift:
u0 ¼ u -v

In the case of an axi-symmetric cylindrical ﬂow (Fig. 1) we
consider only the Eflow term within the Couette cell corresponding
to the case where displacements as a result of shear ﬂow
dominate (i.e. in the high viscosity or high shear rate regimes).
Consider a ring of radius r and an inﬁnitesimal thickness dr, ﬁlled
with a ﬂuid that rotates at a uniform angular velocity, v(r). As each
element of that ring is displaced circumferentially, the change in
phase it experiences for a diffusion gradient applied along the x
axis, is characterized by qx, and for a diffusion time, D, is

( (vðrÞ·D)

U. NEVO ET AL.
transform above results in the following expression for M(r, ur)
that is straightforward to calculate:

local magnetization M(x,y) by the Fourier transform relation:
Z1

~ (
)
M kx ; ky ¼

Z1
dx

-1

dy Mðx; yÞ e- i2pðkx xþky yÞ :

(13)

-1

M ðr ; u r Þ ¼

The same relation in polar coordinates can be obtained by a
familiar change of variables:
~

M ðkr ; uk Þ ¼
~

Z1

Z2p
dr r

0

dur M ðr ; ur Þ e-i 2pkr rcosður -uk Þ

(14)

0

where M ðkr ; uk Þ is the radially sampled k-space signal, M(r,ur) is
the local magnetization in the ‘image’ space and kr ¼ 2p/r. uk
andur represent the angles of k-lines or r-lines, in k-space or in
r-space, respectively. We are interested in reconstructing the
spatial distribution of the magnetization, using the acquired
k-space signals.
Mðr ; u r Þ ¼

Z1

Z2p
dk k

0

~

duk M ðk; uk Þ ei 2pkrcosður -uk Þ :

(15)

0

To obtain an expression for the inverse transform, we expand
the exponential factor above
ei 2pk·r ¼

1
X

im Jm ð2pkrÞ eimður -uk Þ

1
X
m¼-1

i m eimur

Z1

dkr kr Jm ð2pkr rÞ

0

Z2p

~

duk M ðkr ; uk Þ e-imuk :

0

(17)
Radial sampling provides a means to obtain planar images with no
motion artifacts and to sample spatial frequencies with cylindrical
symmetry. In addition, with no additional transforms, a simple
natural coordinate system is provided for additional data presen
tation and analysis. The computation of the expanded Bessel
transform is not time consuming. However, Guo and Song (49), who
reported a similar approach for MRI, suggested further simplifying
using a lookup table to evaluate the Bessel function values.
With this framework, magnetization at each point speciﬁed by
the polar coordinates (r, ur) can be approximated directly from
radial k-space data. A comparison of a Rheo-NMR experiment to
theory is thus simpliﬁed, such that the detected signal intensity I,
within a voxel is calculated by:
Ir1 ;f1 ðDr; DuÞ ¼

Z Z
Mðr; uÞ r dr du:

(18)

Du Dr

(16)

m¼-1

where Jm(x)is the mth-order Bessel function. Inserting this
expansion for ei 2pk·r into the formula for the inverse Fourier

To reconstruct the magnetization density, we suggest using
spatial encoding that exploits the symmetry of the displacement
ﬁeld.
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