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Purpose: Descriptions of the structure of brain tissue as a porous cellular matrix support application
of a poroelastic (PE) mechanical model which includes both solid and fluid phases. However, the
majority of brain magnetic resonance elastography (MRE) studies use a single phase viscoelastic
(VE) model to describe brain tissue behavior, in part due to availability of relatively simple direct
inversion strategies for mechanical property estimation. A notable exception is low frequency intrinsic
actuation MRE, where PE mechanical properties are imaged with a nonlinear inversion algorithm.
Methods: This paper investigates the effect of model choice at each end of the spectrum of in vivo
human brain actuation frequencies. Repeat MRE examinations of the brains of healthy volunteers
were used to compare image quality and repeatability for each inversion model for both 50 Hz
externally produced motion and ≈1 Hz intrinsic motions. Additionally, realistic simulated MRE data
were generated with both VE and PE finite element solvers to investigate the effect of inappropriate
model choice for ideal VE and PE materials.
Results: In vivo, MRE data revealed that VE inversions appear more representative of anatomical
structure and quantitatively repeatable for 50 Hz induced motions, whereas PE inversion produces
better results at 1 Hz. Reasonable VE approximations of PE materials can be derived by equating the
equivalent wave velocities for the two models, provided that the timescale of fluid equilibration is not
similar to the period of actuation. An approximation of the equilibration time for human brain reveals
that this condition is violated at 1 Hz but not at 50 Hz. Additionally, simulation experiments when
using the “wrong” model for the inversion demonstrated reasonable shear modulus reconstructions
at 50 Hz, whereas cross-model inversions at 1 Hz were poor quality. Attenuation parameters were
sensitive to changes in the forward model at both frequencies, however, no spatial information was
recovered because the mechanisms of VE and PE attenuation are different.
Conclusions: VE inversions are simpler with fewer unknown properties and may be sufficient to
capture the mechanical behavior of PE brain tissue at higher actuation frequencies. However, accurate
modeling of the fluid phase is required to produce useful mechanical property images at the lower
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frequencies of intrinsic brain motions. C 2015 American Association of Physicists in Medicine.
[http://dx.doi.org/10.1118/1.4905048]

Key words: elastography, poroelastic, viscoelastic, MRE

1. INTRODUCTION

Magnetic resonance elastography (MRE) is a technique to pro-
duce images of tissue mechanical properties, where changes in
shear modulus have been linked to diseases in organs including
the brain,1–3 liver,4 breast,5 and heart.6,7 In MRE, motion sensi-
tive MRI sequences are employed to measure the displacement
of tissue resulting from some mechanical stimulus.8 Mechan-
ical properties are then estimated using an inversion algo-
rithm that assumes a mechanical model to describe the tissue
behavior. Continuum mechanical models only approximate
the bulk response of tissue, which is influenced by numerous
microscale interactions of cellular and extracellular compo-
nents in both solid and fluid phases.

The wide range of mechanical actuation frequencies possi-
ble in MRE adds additional complexity to the choice of model.
The tissue stimulus is often provided by external actuation
(EA); a frequency around 50 Hz is usually applied in human
imaging to balance the wavelength and attenuation attributes
of the induced shear waves.9,10 More recently, an intrinsic
actuation (IA) technique has bypassed the need for specialized
actuators by measuring the low frequency (≈1 Hz) motion
resulting from blood pressure variation across the cardiac
cycle.11

To minimize bias in the estimated mechanical properties
from model-data mismatch, it is desirable to select an appro-
priate continuum model which reflects the tissue behavior
at the relevant frequency without unnecessary complexity.
Two mechanical models commonly applied to elastography
data are considered in this work: viscoelasticity (VE), which
models a material as a single phase network of elastic springs
and viscous dashpots, and poroelasticity, which models tissue
as a porous elastic solid with an interstitial viscous fluid that
allows flow relative to the solid matrix.

1.A. Viscoelastic tissue modeling

The assumption of VE results in a model that includes
both elastic energy storage and viscous energy dissipation,
and the harmonic case at frequency ω is described by the
inhomogeneous Navier’s equation12

∇·
�
µ
�
∇u⃗+∇u⃗T

��
+∇(λ∇· u⃗)=−ω2ρu⃗. (1)

Here, the VE material properties are the complex-valued shear
modulus, µ = µs + iµL, and the first Lamè constant, λ. λ
is related to the bulk modulus, K , through K = λ + 2µ/3.
We assume K to be real-valued in this work (negligible
viscous behavior for dilatational motion). It is useful to define
a viscoelastic Poisson’s ratio, νv = λ/2(λ + µ). As νv → 0.5
+ 0i, the material becomes incompressible13 (note that true
incompressibility in the case of real-valued K can only occur

when µ is also real-valued). ρ is the material density and
is usually assumed to be 1000 kg m−3 for soft tissues. The
displacement, u⃗, is a complex-valued motion amplitude, so
that the time dependent spatial displacement of coordinate x⃗
is u⃗t(x⃗,t)=Re{u⃗eiωt}. The real and imaginary components of
the complex-valued viscoelastic shear modulus are known as
the storage modulus, µs, and the loss modulus, µL, respec-
tively. µs captures the elastic behavior of the extracellular
matrix and solid cellular components, and µL lumps viscous
losses in the extracellular and intracellular fluid compartments
together with energy loss in the solid tissue components
to produce a single effective attenuation parameter, which
is an attractive simplification from a parameter estimation
perspective. However, viscoelasticity may not be an appro-
priate assumption for biphasic tissues because fluid flow due
to pressure gradients is not modeled explicitly. Viscoelasticity
of tissue has been investigated extensively in vivo using
EA-MRE at higher frequencies (>25 Hz); however, the low
frequencies of IA-MRE have not been studied. In simple
viscoelastic elements, the loss modulus is determined by
the viscous dashpot constants multiplied by the frequency.9

Therefore, if the springs and dashpots of the viscoelastic
elements are assumed to be intrinsic tissue properties, one
should expect µL(1 Hz)≈ µL(50 Hz)/50. Although assuming
constant viscoelastic elements across frequencies is an over-
simplification,14 it may be sufficient to gauge the expected
values of low frequency loss moduli.

1.B. Poroelastic tissue modeling

The poroelastic (PE) constitutive model was introduced
by Biot in 1956,15,16 and was later extended to accommo-
date oscillatory behavior.17,18 A PE material is modeled as a
biphasic continuum, comprising a porous elastic matrix with
an infiltrating pore fluid. Volumetric deformation of the solid
matrix leads to fluid flow in the material. Conversely, fluid
forced into the material causes deformation of the matrix.
Brain tissue is a good candidate for poroelastic modeling
because it consists of a matrix of neurons and glial cells satu-
rated by both intracellular and extracellular fluid.19 Approxi-
mately 20% of tissue volume consists of extracellular fluid,20

which can move within the interstitium through the network
of capillaries and the glymphatic system21 and acts as the
infiltrating pore fluid. The network of neural and glial cells
provides structural support for the tissue, therefore, can act as
the porous elastic matrix. Mechanical testing under controlled
drainage conditions indicates that the behavior of brain tis-
sue is well described by a poroviscoelastic model,22,23 and
poroelastic modeling using finite elements has been successful
in previous studies of brain deformation.24–30 Equation (2)
shows the time-harmonic form of the poroelastic constitutive
equations, with simplifications relevant to biological tissue
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(full saturation, incompressible constituents).17

∇·
�
µp

�
∇u⃗+∇u⃗T

��
+∇

�
λp∇· u⃗

�
− (1− β)∇p

=−ω2(ρ− βρ f )u⃗, (2a)

∇· (β∇p)+ω2ρ f∇· ((1− β)u⃗)= 0, (2b)

β =
ωφ2

pρ f κ

iφ2
p+ κω

�
ρa+φpρ f

� . (2c)

These equations govern the response of a PE continuum at a
given frequency,ω, and are solved for the solid phase displace-
ment, u⃗, and the pore pressure field, p, with the finite element
(FE) method. µp are the shear modulus and Lame constant
of the porous matrix; a fully saturated material and incom-
pressible constituents have been assumed in deriving Eq. (2)
so the material is incompressible as a whole; however, the pore
spaces allow volumetric strain of the solid matrix if redistri-
bution of the infiltrating fluid occurs. Volume change of the
solid matrix is required for poroelastic fluid flow; therefore,
the Poisson’s ratio of the porous solid matrix,

νp =
λp

µp+λp
, (3)

needs to be less than 0.5 to achieve differential motion of
the solid and fluid phases. The hydraulic conductivity, κ, is
an important property governing how easily fluid can flow
through the porous matrix (a function of geometry and fluid
viscosity),31 and has a strong effect on the level of motion
attenuation and apparent compressibility of a PE material.
Additional PE properties include solid, fluid, and apparent
densities, ρ, ρ f , and ρa, respectively, and the porosity, φp.
Typical values in tissue are given by Perriñez.17

1.C. Choice of model for brain tissue

VE and PE modeling of brain tissue has been investigated
previously through mechanical testing.22,23,32 Additionally,
Bardet demonstrated that an equivalent viscoelastic model can
be derived by equating expressions for VE energy storage
and attenuation with the analogous PE expressions.33 The VE
equivalent model closely matched PE behavior except in cer-
tain conditions, including when the actuation period is on the
same order as the fluid equilibration time,34 approximated by

τ =
L2

Epκ
. (4)

τ is the time constant for reaching equilibrium compres-
sive strain over a characteristic distance, L, which is usually
approximated based on the geometry—for example, half of the
thickness of a cylindrical sample when fluid flows through the
top and bottom surfaces, and half of the diameter when fluid
flows through the cylinder walls.34–36 For the brain, the shortest
bounded distance fluid can flow occurs between the ventricle
and the brain surface (≈40 mm); therefore, L was approxi-
mated as 20 mm. The Young’s modulus, Ep = 2µp(1+ νp),
has an upper bound of 3µp for incompressible cases, and a
value of 8 kPa was estimated from the literature values to
evaluate τ in this paper. Figure 1 plots τ over a range of

hydraulic conductivity, κ. Experimentally, estimating κ for
brain tissue is technically difficult—values reported in the liter-
ature are derived from a limited set of experiments and range
from 4×10−12 to 10−9 m3s/kg.23,28,37,38 In our experience with
MRE higher values up to 10−7 m3s/kg reproduced experimen-
tally measured motion data more closely.11 Thus, τ approaches
the actuation period at 1 Hz, but not at 50 Hz, suggesting
that lower frequencies are likely to lead to a greater degree
of VE and PE model mismatch in brain MRE experiments.
An extension of this approach has been presented for hetero-
geneous materials, where the equivalent VE model matched
PE behavior far from material interfaces; however, significant
errors were observed close to the interface.39 This finding is an
important consideration in MRE: using an incorrect mechan-
ical model may affect the detectability of tissue interfaces,
which is critical if MRE is to achieve its full potential as a
spatially resolved imaging modality,40,41 rather than simply a
method to estimate bulk average tissue properties.

Simulation can also gauge the effect of frequency on poroe-
lastic fluid flow. The viscoelastic model involves a single
phase, so the poroelastic response differs substantially when
the relative size of the fluid flow component, v⃗ , is large,

v⃗ = u⃗fluid− u⃗solid, (5)

where u⃗solid and u⃗fluid are the absolute displacements of the
solid and fluid components of the poroelastic material, respec-
tively. The fluid flow can be calculated from the poroelastic
displacement fields using42

v⃗ =
κφp

�
∇p−ω2ρ f u⃗

�

iωφ2
p+ κω

2
�
ρa+φpρ f

� . (6)

Simulation experiments reveal that the relative size of the fluid
flow for constrained compression is largest at low frequencies,
with other smaller local maxima corresponding to resonant
frequencies, and lends further support to the observation that
PE effects are enhanced at lower motion frequencies.

F. 1. PE fluid equilibration time of brain tissue, τ [Eq. (4)] as a function
of hydraulic conductivity. When τ approaches half of the actuation period,
T , VE equivalent models of PE materials are inaccurate. T/2 at frequencies
corresponding to IA (1 Hz) and EA (50 Hz) are indicated on the plot.
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External and intrinsic actuation operate in very different
frequency ranges: 50 Hz EA usually generates a shear wave-
length which is smaller than the brain dimensions; therefore,
wave patterns emerge and the tissue is essentially in free
vibration where the elastic and inertial forces are balanced.
Conversely, the shear wavelength for 1 Hz IA is on the order
of meters for most tissue, inertial forces are small and the
deformation is due to constrained compression; the elastic
forces in the tissue are produced by boundary constraints and
internal pressure sources.

In the literature for nonlinear inversion MRE of the brain
to date, VE models for 50 Hz EA data10,40,43,44 and PE models
for 1 Hz IA (Ref. 11) have been employed due to the empirical
observation that these combinations of frequencies and models
produce more spatially accurate and repeatable results. This
paper presents VE and PE mechanical property reconstruc-
tions of both 50 and 1 Hz brain MRE data collected from
healthy volunteers to compare the response of each model
in vivo, and investigates the effect of model choice under
ideal conditions through simulation experiments. The fluid
equilibration time estimated by Eq. (1) supports the in vivo
and simulation results.

2. METHODS
2.A. Viscoelastic and poroelastic inversions
of EA and IA brain tissue data

Independent validation of MRE measurements of brain
tissue is difficult because reliable independent techniques are
not available; however, images from repeated examinations
of the same subject are expected to have low variation when
an appropriate model is used. Data from five repeated exam-
inations of a healthy volunteer are available for both 50 Hz
external actuation40,43 and 1 Hz intrinsic actuation.11 The IA
subject was a 51 yr old male and the five MRE datasets were
acquired over a 22 month period, whereas the EA subject was
a 24 yr old male and the MRE data were acquired over a two
month period. The OSS-SNR of the EA data exceeded the
threshold of 3 required for accurate MRE inversion.45 Poroe-
lastic46 and viscoelastic43 mechanical property reconstruction
algorithms were applied to each data source, and the variation
of the shear modulus (µs for VE and µp for PE) images of
the rigidly registered image volumes was analyzed over the
repeated scans in terms of the coefficient of image variation
(COIV),

COIV=mean
(
σµ j

µ̄ j

)
, (7)

where σµ j
and µ̄ j are the standard deviation and mean of the

jth image voxel across the five registered image volumes, and
the mean is taken over the common voxels present in all five
datasets.

2.B. Inversion of simulated data

A series of experiments were performed using VE and
PE FE models to generate simulated MRE data with ideal

VE and PE behavior under realistic EA and IA MRE condi-
tions. Here, we opted not to add Gaussian noise to the syn-
thetic measurement data in order to isolate the impact of
data-model mismatch when applying the VE and PE inver-
sions to the PE and VE simulated data (the algorithms them-
selves and the impact of measurement noise have been stud-
ied in previous publications31,47). A realistic 3D simulation
was generated from a high resolution FE mesh of one quad-
rant of a brain MRI, with two material classes representing
gray matter (GM) and white matter (WM), where material
properties were assigned based on the literature values (pre-
sented in Table I).10 Fixed displacement boundary conditions
were assigned from experimental 50 Hz EA or 1 Hz IA data,
with one face remaining stress free to avoid unrealistic dila-
tational stresses from fully constraining the boundaries with
noisy experimental data. Both poroelastic and viscoelastic FE
solvers were used to generate high resolution displacement
fields at 50 and 1 Hz, which were then sampled at isotropic
2 mm resolution to simulate MRE measurements. Table I gives
material property values.

The simulated datasets were then processed with both VE
and PE nonlinear inversion (NLI) algorithms using the same
parameters as the in vivo data. VE inversions recovered µs and
µL in all cases,43 and also Re{K}47 for cross-model inversions
when an appropriate value was not known. PE inversions
recovered µp and λp in all cases,46 and also κ (Ref. 31) for
cross model inversions where an appropriate value was not
known. Recovered properties from the cross-model inversions
will be strongly influenced by properties with a similar effect
in the forward model. Some VE and PE mechanical prop-
erties are heterogeneous and imprecisely known; therefore, a
range of values were investigated in the simulations. Inver-
sions of VE simulated data were analyzed as a function of
the damping ratio, tanδ = µL/µs at 50 Hz (with νv = 0.499),
and as a function of the Poisson’s ratio, νv at 1 Hz (assuming
incompressibility for VE inversions of in vivo IA brain MRE
data produces unstable results, indicating some compress-
ibility is required for the model to adequately reproduce the
measured data). Inversions of PE simulated data were inves-
tigated as a function of hydraulic conductivity, κ for both
frequencies.

T I. Values of mechanical properties assigned to GM and WM tissue
regions in the simulations. A range of some properties was investigated,
indicated by asterisks.

Property GM WM

µs, µp (kPa) 2.2 2.8
µL (50 Hz) (kPa) µs tan(δ)∗ 1.69 × µs tan(δ)∗
µL (1 Hz) (kPa) 0.05 1.69 × 0.05
K (50 Hz) (kPa) 1650 1650
K (1 Hz) (kPa) K ∗ K ∗

νp 0.3 0.3
κ κ∗ κ∗

ρ, ρ f (kg/m−3) 1000 1000
ρa (kg/m−3) 150 150
φp 0.2 0.2

Medical Physics, Vol. 42, No. 2, February 2015
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3. RESULTS
3.A. In vivo data results

Figure 2 provides examples of poroelastic and viscoelastic
mechanical property images for 50 Hz EA and 1 Hz IA. The
repeatability (COIV) of the stiffness parameter images (µs

and µp) is also presented in Fig. 3. At 50 Hz, VE inversion
images correspond to anatomical structure and have much
lower variation across repeated scans (COIV) compared to PE
inversions. For IA data, the PE inversion COIV is lower than
VE; although, the difference is not as great as for the 50 Hz
EA results. Qualitative evaluation of the IA property images
in Fig. 2 reveals that VE–IA inversions have spatial artifacts
appearing in different locations across scans, and other than
the ventricle boundaries, anatomical structures are not evident.
PE–IA inversions on the other hand, contain fewer artifacts,
and structural features correspond to the underlying anatomy
and appear consistently across the repeated scans. Therefore,
we conclude PE inversion performed better than VE at 1 Hz.

F. 2. Repeated brain MRE shear modulus inversions using viscoelastic
(µs) and poroelastic (µp) models. The left column corresponds to 1 Hz IA
data and the right column results from 50 Hz EA data. Both PE (top row) and
VE (bottom row) images are given for each data source. The columns within
each image panel show four representative MRE slices whose positions are
indicated by the anatomical images in the top row. The bottom five rows show
the coregistered repeated MRE shear modulus images for each model.

F. 3. Coefficient of image variation [Eq. (7)] for PE and VE inversion
of multiple scans of the same healthy volunteer, for both 50 Hz external
actuation and 1 Hz intrinsic actuation.

3.B. Inversion of simulated data

Inversion of simulated data using the correct model works
well for both VE and PE cases. Figure 4 shows very good
agreement between estimated and true values from the simu-
lation for 50 Hz VE, for both µs and µL, although contrast
is reduced due to blurring at interfaces. The 1 Hz VE results
are presented in Fig. 5—the storage modulus reconstruction
recovered the expected contrast; however, µL images were
only accurate with unrealistically large simulated µL values.
As the VE material became more incompressible (νv→ 0.5), a
downward bias of storage moduli values occurred. The poroe-
lastic simulations with the correct inversion are shown in
Figs. 6 and 7, and are reasonably accurate for µp, whereas,
the λp images have some errors.

Results from experiments where the simulated data were
inverted using an incorrect model are presented in Figs. 8–11.
At 50 Hz, the choice of models is not critical to recovering
contrast in stiffness; the VE µs is close to the simulated PE
µp (Fig. 8) until κ > 10−6, and Fig. 9 indicates that the PE
µp recovered from the inversion is a surrogate for the VE
“shear stiffness,” µstiff, which reflects the shear wavespeed in
a damped medium,48

µstiff =
2|µ|

µs+ |µ| . (8)

The parameters in the PE inversion which govern attenua-
tion (κ,λp,νp) in Fig. 9 do not reflect the distribution of the
VE attenuation parameter (µL) from the simulation (although
averaged values of PE parameters are sensitive to changes in
µL). Similarly, in Fig. 8, the images of µL for the VE inver-
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F. 4. Correct model: VE inversion of 50 Hz simulated VE data. Values prescribed in the simulation are shown as dotted lines, and recovered values from the
inversion are represented by solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes are plotted, and a range of VE damping ratios, tan δ,
was investigated.

F. 5. Correct model: VE inversion of 1 Hz simulated VE data. Low µL values are expected in this frequency range, the property maps demonstrate that
spatially accurate µL images are not attainable unless unrealistically high µL values are prescribed. A range of VE Poisson’s ratios (νv) was investigated.
Property values prescribed in the simulation are shown as dotted lines, and recovered values from the inversion are represented by solid lines. Simulated gray
matter (GM) and white matter (WM) tissue classes are plotted.

F. 6. Correct model: PE inversion of 50 Hz simulated PE data. Values prescribed in the simulation are shown as dotted lines, and recovered estimates from the
inversion are represented by solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes are plotted, and a range of PE hydraulic conductivity
(κ) was investigated.

Medical Physics, Vol. 42, No. 2, February 2015
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F. 7. Correct model: PE inversion of 1 Hz simulated PE data. Values prescribed in the simulation are shown as dotted lines, and recovered values from the
inversion are represented by solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes are plotted, and a range of PE hydraulic conductivity
(κ) was investigated.

sion do not show any contrast between the two tissue classes
defined in the PE simulation (although the distribution of κ
and νp were homogeneous for the simulation so the degree to
which contrast should be expected is not clear). Nevertheless,
VE µL values remained low until κ exceeded 10−7. When
the frequency decreases to 1 Hz, the consequences of using
an incorrect model are more severe. Images of the stiffness
parameters (µs and µp) are spatially and quantitatively inac-
curate for VE inversion of PE data (Fig. 10) and PE inversion
of VE data (Fig. 11). Attenuation parameters also convey
little spatial information, although, some interesting trends are
present. µL in Fig. 10 peaks at an intermediate value of κ,
which is expected because PE energy loss is a balance between
the level of fluid flow (increases with κ) and the resistance to
the fluid flow (decreases with κ). Additionally, Fig. 11 shows
that the PE Poisson’s ratio, νp, is slightly below the value
of νv for the viscoelastic simulation. This effect is expected
because the apparent compressibility of a PE material results
from a combination of the solid matrix compressibility and

the resistance to fluid flow. If no resistance to flow occurs, the
compressibility would be equivalent to the solid matrix, and
if no fluid flow occurs, the material would appear completely
incompressible.

3.B.1. Discussion

Descriptions of brain tissue as a cellular matrix saturated in
mobile extracellular fluid and blood supports use of a poroe-
lastic material model to describe the mechanical behavior of
tissue. There have been previous applications of poroelastic
tissue modeling, primarily in low frequency situations such
as model based image deformation26 and in ultrasound elas-
tography.49,50 The most prominent example of high frequency
mechanical modeling of brain tissue occurs in traumatic brain
injury simulations, where viscoelastic models have been more
commonly applied.51–54 Initial experience in brain MRE also
follows this trend—higher actuation frequencies use VE,
whereas low frequency IA employs PE models. Figures 2

F. 8. Incorrect model: VE inversion of 50 Hz simulated PE data. A range of PE hydraulic conductivity (κ) was investigated, representative VE property
images are shown for three selected κ values. The plots show values prescribed in the simulation as dotted lines, and recovered estimates from the inversion are
represented by solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes are plotted.
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F. 9. Incorrect model: PE inversion of 50 Hz simulated VE data. Simulated and reconstructed properties from Eqs. (1) and (2) are shown, as well as the
effective VE shear stiffness defined in Eq. (8) and the PE Poisson ratio calculated using Eq. (3). Simulated gray matter (GM) and white matter (WM) tissue
classes are plotted. Values prescribed in the simulation are shown as dotted lines, and recovered values from the inversion are represented by solid lines. A range
of VE damping ratios, tan δ, was investigated.

and 3 show the first examples of both PE and VE inversions
of in vivo 50 Hz EA and 1 Hz IA MRE data, and VE is
clearly preferable at higher frequencies, whereas PE works
better at lower frequencies. With recent improvements in
EA-MRE acquisition sequences, full brain 3D motions can
be measured in 6 min,55 which would allow both EA and
IA MRE data to be collected in a single imaging session.
Mechanical property images obtained at these two frequencies
could provide complementary diagnostic information; there-
fore, understanding how competing models perform in each
frequency range is likely to be important.

PE is a more complicated model than VE. Assuming the
solid and fluid densities are known, PE [Eq. (2)] has five
properties (µp, λp, κ, φp, and ρa) which need to be esti-
mated a priori or added to the set of parameters which are
estimated during the NLI process, whereas VE [Eq. (1)] has
three (µs, µL, and λ), which can be reduced to two if in-
compressibility is assumed. Inaccurate a priori estimates of

PE parameters can lead to modeling errors, and each addi-
tional imaging unknown complicates the inversion process
and places greater demands on data SNR and measurement
resolution, as well as model accuracy. Continuum models are
only approximations; the best model for NLI imaging will
capture the most important tissue mechanical behaviors while
minimizing model complexity. PE fluid flow is largest at very
low frequencies, and the theory of fluid equilibration time
suggests that a VE approximation of PE behavior is more
appropriate at higher actuation frequencies, suggesting that PE
modeling may be more important at lower motion frequencies
and less critical for higher frequency actuation.

The simulation framework applied in this paper minimizes
the “inverse crime” by computing high resolution simulated
data which is subsequently interpolated to the imaging reso-
lution and processed with the same NLI inversion protocol as
in vivo MRE data.56 The coarse inverse FE model is not able to
exactly support the high resolution property and displacement

Medical Physics, Vol. 42, No. 2, February 2015



955 McGarry et al.: Poroelastic and viscoelastic models for MRE 955

F. 10. Incorrect model: VE inversion of 1 Hz simulated PE data. Values prescribed in the simulation are shown as dotted lines, and recovered estimates from
the inversion are solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes are plotted, and a range of PE hydraulic conductivity values (κ)
was investigated.

fields from the forward model, which better simulates a real
MRE experiment where continuous displacement fields are
sampled at a finite number of MR voxels. The data were
not corrupted by synthetic noise to approximate the “ideal”
measurements for each model, while still including interpo-
lation and discretization errors which are unavoidable in a
practical NLI imaging algorithm.

Inversions of simulated data using the correct model give
an indication of the property estimation performance under
ideal conditions. The VE inversions of VE data shown in
Figs. 4 and 5 demonstrate that the storage modulus recovery is
quantitatively accurate and able to recapitulate the fine details
in gray/white matter boundaries, with some loss of contrast
due to the regularization required to stabilize the NLI (causing
smoothing at the boundaries). The quality of the loss modulus
(µL) images at 50 Hz is comparable to that of the storage
modulus; however, realistic µL values were not accurately

imaged at 1 Hz because of low relative sensitivity compared
to µs. The slight loss of accuracy at 1 Hz as the material
became incompressible was not due to numerical instabil-
ities in the finite element solution commonly encountered
in solid mechanics, since the VE model has been stabilized
to the incompressible limit.57 These errors are likely due to
the large imbalance of resistances to volumetric and shear
deformation—the displacements in the simulation were domi-
nated by incompressibility, resulting in a lower sensitivity to
changes in shear modulus. The PE shear modulus inversions
of PE data in Figs. 6 and 7 were acceptable, although an
instability occurs at very high κ values (which should not be
problematic in tissue as κ is expected to be less than 10−6

in brain). The λp reconstructions suffer from greater inaccu-
racies, possibly due to the linear tetrahedral elements in the
PE inversion which incur larger discretization errors at 2 mm
resolution. To date, λ reconstructions have not been useful in

F. 11. Incorrect model: PE inversion of 1 Hz simulated VE data. A range of VE Poisson’s ratios (νv) was investigated. Property values prescribed in the
simulation are shown as dotted lines, and recovered values from the inversion are solid lines. Simulated gray matter (GM) and white matter (WM) tissue classes
are plotted.
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MRE, possibly because of the inability to compute accurate
values even without model data mismatch and measurement
noise. Currently, we can only expect approximate values for
λp; however, moving the PE model into the more stable mul-
timesh framework with the quadratic elements employed in
the VE model43 may improve λp images to the point where
they could be diagnostically valuable.

The more interesting experiments involve inversions assum-
ing incorrect models. At 50 Hz, Eq. (4) indicates that the
fluid equilibration time is much shorter than the actuation
period for κ < 10−6; therefore, a reasonable VE approximation
to PE behavior exists. Figure 8 supports this assertion—the
VE µs images resemble the PE µp from the simulation until
κ→ 10−6. Additionally, the PE inversion of VE data in Fig. 9
recovers a µp distribution which produces a shear wavelength
approximating the shear wavelength of the VE simulation.
Motion attenuation is another important factor for high fre-
quency MRE, spatially averaged values of µL have been found
to be diagnostically relevant for pathologies including breast
cancer14 and multiple sclerosis.1 The mechanism of energy
loss is different between VE and PE models—VE attenuation
occurs in response to shear strain, whereas PE fluid flow
occurs in regions of volumetric strain. Hence, not surprisingly,
images of attenuation parameters do not convey any spatial
information under incorrect inversion model assumptions.
Even if an inappropriate model is assumed, both the elastic
and attenuation parameters of the inversion model are still a
function of the forward model parameters. Averaged property
values will be sensitive to tissue structural changes which
affect the parameters of the “true” tissue model. If brain tissue
behavior is really PE, modeling errors may be a contributing
factor to the difficulties encountered to date in producing µL

images which accurately reflect anatomy with EA MRE.
At 1 Hz, the detrimental effects of incorrect inversion model

choice are more severe. Spatial and quantitative accuracy of all
parameters were poor for PE inversion of VE data (Fig. 11),
and VE inversions of PE data (Fig. 10) for all of the PE
and VE parameter combinations investigated. Although the
fluid equilibration time theory at 1 Hz predicts reasonable VE
equivalents of PE materials exist at very low κ values, the PE
finite element model begins to encounter numerical problems
in this range because the PE equations begin to resemble an
incompressible single phase material. The VE model uses
quadratic elements stabilized to the incompressible limit; how-
ever, the linear tetrahedral finite elements used in the PE model
are susceptible to volume locking which causes inaccurate
solutions. Hence, we did not observe evidence of model equiv-
alence at very low κ values.

4. CONCLUSIONS

Empirically, VE models have been observed to produce
better reconstructions at 50 Hz whereas PE is superior at
1 Hz. The poroelastic fluid equilibration timescale theory sup-
ports this observation—at 50 Hz, the equilibration time is
much longer than the motion period; therefore, VE can be
an adequate approximation of PE behavior and constitutes a

simpler model for parameter estimation. However, VE is a
poor approximation at 1 Hz because the equilibration time is
on the same order as the actuation period, so correct model-
ing of PE materials is essential. This theory is supported by
evidence from a comprehensive set of simulated MRE exper-
iments investigating the effect of inappropriate model choice.
Future work is focused on extending the 1 Hz poroelastic
inversion and IA MRE acquisition protocol to enable estimates
of parameters related to tissue structure and function, such as
hydraulic conductivity, porosity, and internal pressure sources
which are likely to be relevant to a wide range of neurological
conditions.
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