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Noninvasive Vascular Elastography With Plane
Strain Incompressibility Assumption Using Ultrafast

Coherent Compound Plane Wave Imaging
Jonathan Porée, Damien Garcia, Boris Chayer, Jacques Ohayon, and Guy Cloutier*

Abstract—Plane strain tensor estimation using non-invasive vas-
cular ultrasound elastography (NIVE) can be difficult to achieve
using conventional focus beamforming due to limited lateral res-
olution and frame rate. Recent developments in compound plane
wave (CPW) imaging have led to high speed and high resolution
imaging. In this study, we present the performance of NIVE using
coherent CPW. We show the impact of CPW beamforming on
strain estimates compared to conventional focus sequences. To
overcome the inherent variability of lateral strains, associated
with the low lateral resolution of linear array transducers, we
use the plane strain incompressibility to constrain the estimator.
Taking advantage of the approximate tenfold increase in frame
rate of CPW compared with conventional focus imaging, we in-
troduce a time-ensemble estimation approach to further improve
the elastogram quality. By combining CPW imaging with the
constrained Lagrangian speckle model estimator, we observe an
increase in elastography quality ( 10 dB both in signal-to-noise
and contrast-to-noise ratios) over a wide range of applied strains
(0.02 to 3.2%).
Index Terms—Strain imaging, ultrafast coherent plane wave

compounding, ultrasound elastography, vascular imaging.

I. INTRODUCTION

A CUTEmyocardial infarctions and strokes are mostly trig-
gered by the rupture of an atherosclerotic plaque [1]. Un-

predictability of the progression of individual plaques, however,

Manuscript received March 27, 2015; revised June 19, 2015; accepted June
22, 2015. Date of publication June 30, 2015; date of current version November
25, 2015. This research was initiated through the support of the Natural Sci-
ences and Engineering Research Council of Canada (NSERC Strategic Grant
STPGP-381136-09 and Discovery Grant 138570-11). This program is currently
supported by the Collaborative Health Research program of NSERC (#CHRP
462240-14) and Canadian Institutes of Health Research (#CPG-134748). Au-
thors acknowledge the scholarship support of MEDITIS-NSERC to Mr. Porée
(Institute of Biomedical Engineering, University of Montreal). Asterisk indi-
cates corresponding author.
J. Porée and B. Chayer are with the Laboratory of Biorheology and Medical

Ultrasonics, Research Center, University of Montreal Hospital, Montreal, QC,
H2X 0A9 Canada.
D. Garcia is with the Laboratory of Biorheology and Medical Ultrasonics,

Research Center, University of Montreal Hospital, Montreal, QC, H2X 0A9
Canada, and also with the Research Unit of Biomechanics and Imaging in Car-
diology, University of Montreal Hospital, Montreal, QC, H2X 0A9 Canada, and
also with the Department of Radiology, Radio-Oncology and NuclearMedicine,
and Institute of Biomedical Engineering, University ofMontreal, Montreal, QC,
H3C 3J7 Canada.
J. Ohayon is with University of Savoie and Laboratory TIMC-IMAG/

DyCTiM, CNRS UMR 5525, Joseph Fourier University, 38706 Grenoble,
France.
*G. Cloutier is with the Laboratory of Biorheology and Medical Ultrasonics,

Research Center, University of Montreal Hospital, Montreal, QC, H2X 0A9
Canada, and also with the Department of Radiology, Radio-Oncology and Nu-
clear Medicine, and Institute of Biomedical Engineering, University of Mon-
treal, Montreal, QC, H3C 3J7 Canada (e-mail: guy.cloutier@umontreal.ca).
Color versions of one or more of the figures in this paper are available online

at http://ieeexplore.ieee.org.
Digital Object Identifier 10.1109/TMI.2015.2450992

makes difficult to anticipate clinical patient outcomes. Non-in-
vasive tools such as computed tomography, magnetic resonance
imaging and 3D ultrasound have been developed to evaluate the
morphology, tissue content and biological processes involved in
the evolution of atherosclerotic plaques [2], [3]. Such methods
can quantify plaque volume, stenosis severity, lipid and calcium
contents, and the presence of plaque hemorrhage and inflamma-
tion [4]. However, although those markers are major risk factors
of myocardial infarction and stroke, it is not what causes plaque
disruption. Indeed, atherosclerotic plaque rupture is mainly a
mechanical process governed by its internal morphology, bio-
logical composition and mechanical properties [5]. Pathological
and clinical investigations revealed that a plaque with a large
thrombogenic lipid core embedded under a thin fibrous cap is
more at risk than a dense fibrotic plaque, although the former
may present a lower degree of stenosis [6].
Non-invasive vascular elastography (NIVE) has the ability

to provide clinicians with mechanical information that could
help identify carotid plaques at risk of rupture and thus pre-
vent stroke. Unlike endovascular elastography, NIVE estimates
strain maps using an external linear array transducer. Strains in
carotid arteries are mostly produced by the intraluminal blood
pressure acting perpendicularly to the wall. Tangential motions
due to fluid-structure coupling may also intervene [7]. NIVE,
however, yields strain maps (i.e., elastograms) into Cartesian
coordinates associated with the direction of ultrasound beams.
Cross-sectional carotid elastography, which is of interest for 3D
reconstruction of a diseased artery, thus ideally requires reli-
able estimates of strain and shear components, in both axial
and lateral directions, that conventional focus imaging cannot
provide due to the low lateral resolution of external ultrasound
systems. To solve this dilemma, different methods have been
proposed to improve strain estimations in the lateral direction
[8]–[11]. Konofagou et al. used an iterative scheme involving
lateral interpolation of radio-frequency (RF) data [8]. Hansen
et al. [10] and another group before them [9] suggested to es-
timate missing components (i.e., lateral strain and shear) from
beam-steered elastography data using different angular com-
pounding schemes.
The relatively low frame rate is another limitation of elastog-

raphy using standard beamforming. Although conventional sys-
tems can provide frame rates around 100 per second, some phys-
iological events, such as the propagation of the pressure wave
along the arterial wall at tensm/s is likely to impede arterial elas-
tography [12]. More importantly, low frame rates result in large
displacements between two consecutive frames and may thus
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increase signal decorrelation [13]. Developments of new beam-
forming strategies, such as plane wave imaging (PWI) [14], syn-
thetic aperture and sparse array imaging [15], have led ultra-
sound to provide very high frame rates (ultrafast ultrasound).
Synthetic aperture and sparse array imaging were recently pro-
posed to improve NIVE [16]. However, the low transmit power
due to single element emission in latter methods might be insuf-
ficient for NIVE applications in vivo.
Compound plane wave (CPW) beamforming [14] consists in

averaging several PWI-based RF images issued from different
tilted emissions to provide high resolution images. CPW can
generate a large field of view with similar image quality as
conventional beamforming methods [14], [17], but at effective
frame rates on the order of hundreds to thousands per second.
Such high frame rates can reduce decorrelation artifacts and en-
able the use of multiple successive frames to perform time-en-
semble estimation [18], thus further increasing robustness. In
the context of NIVE, Hansen et al. proposed the use of elas-
tograms obtained with beam-steered plane waves and reported
results comparable to those of conventional beam-steering tech-
niques [11]. One issue associated with this method is the need of
relatively large beam steered angles to perform accurate lateral
motion estimations. Large steering angles during plane wave
emissions with a linear array transducer, however, may induce
significant motion artifacts due to the presence of grating lobes
[10].
In the current study, we investigated the effectiveness of CPW

beamforming to perform non-invasive vascular elastography
using locally affine strain estimators. Since the lateral resolu-
tion might still be suboptimal to get reliable strain components,
we used the incompressible plane strain assumption as me-
chanical constraints to increase the precision of the Lagrangian
speckle model estimator (LSME) [19]. To further improve its
performance and get the full benefit of the ultrafast scheme, we
also derived a time-ensemble estimation approach. This new
implementation of the LSME was evaluated in simulated and
in vitro vessels. In vivo feasibility was also demonstrated in one
healthy volunteer. Both conventional (Focus) and CPW data
with no mechanical constraints (i.e., without assuming plane
strain incompressibility) and no temporal averaging were also
gathered for comparison. The goal was to demonstrate that
NIVE derived from the mechanically-constrained CPW-based
LSME can offer high-quality strain images in the context of
carotid plaque analysis.

II. THEORY

A. Robust Optical Flow for Strain Estimation Using Plane
Strain and Incompressibility Assumptions
In the field of quasi-static elastography, strain images (elas-

tograms) are usually computed with correlation-based methods
[8], [10], [16], phase tracking strategies [20], or least-squares-
based models [19], [21]. The first two sets of methods assume
locally uniform displacements and thus do not account for local
variations (in axial strain, lateral strain and shear). The main ad-
vantage of the LSME least-squares-based model lies in its for-
mulation, which accounts for strain field heterogeneities using
local affine transformations. Since it is based on the optical flow

constraint requiring intensity constancy through motion [22],
this method can be sensitive to speckle decorrelation associated
with out-of-plane and high-gradient motions, non-rigid motion
of sub-resolution scatterers, and non-uniformity of the ultra-
sound field [23]. To further complicate matters, in most non-in-
vasive ultrasound systems, the axial resolution is tenfold larger
than the lateral one, thus leading to low lateral sensitivity to mo-
tion for all abovementioned algorithms.
In the following, we describe a robust implementation of the

optical flow method to reduce negative effects of local speckle
decorrelation, noise and outlier artifacts. We then introduce a
constrained motion model that involves plane strain conditions
and tissue incompressibility to overcome the low lateral sensi-
tivity. We finally describe a time-ensemble estimation approach
to take advantage of the high frame rate of CPW imaging to fur-
ther increase LSME performance.

B. Robust Optical Flow Implementation

We use, in the following, the notation (x, z) to describe an
image relative to a linear array transducer, where the x-z plane
refers to the scan plane: the lateral direction (i.e., x-direction)
is parallel to the array plane and the axial direction (i.e., z-di-
rection) is perpendicular to it (the elevational y-direction out of
the imaging plane is not considered in this study). The funda-
mental assumption behind optical flow techniques is the bright-
ness constancy of a moving image spot. This leads to the optical
flow constraint [24]:

(1)

This constraint relates the spatial ( and ) and tem-
poral derivatives of the image intensity to the velocity

at each point of the image. Since there is only one
equation for two unknowns, this equation cannot be solved as
such. To overcome this problem, small measurement windows
(MW) around each pixel were considered, assuming local mo-
tion coherence leading to an overdetermined system of linear
equations:

(2)

where is a matrix containing

spatial derivatives ( and ) and
is a components column vector containing

temporal derivatives .
The vector flow can be estimated in the least-squares sense

using the following:

(3)

In optical flow methods, it is generally better to assign more
weight to pixels that are closer to the center of the measure-
ment window. Convenient weights are for instance given by a
Gaussian function. The weighted least-squares solution then be-
comes:

(4)
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where is a diagonal matrix which contains the Gaussian
weights. Despite their robustness to white Gaussian noise, least-
squares estimators are usually very sensitive to outliers. In the
context of ultrasound elastography, outliers may appear when
the intensity conservation through motion is violated or when
motion occurs out of the imaging plane. In this case, it is more
appropriate to use a least-squares method that is robust against
outliers [25].
To minimize their adverse effects, outliers can be assigned a

low weight using an iteratively reweighted process. This robust
method consists in deriving weights with a specified function
by using current residuals and updating them, from iteration to
iteration, until residuals remain unchanged. In practice, a few
iterative steps (3 to 5) are sufficient. In the current implementa-
tion, at each iteration , residuals were computed using the
previously estimated vector flow :

(5)

Those residuals were used to recalculate individual weights
using, for instance, the bi-square weight function. Components
of the linear system ((4)), which led to large residuals, were
down-weighted to reduce their influence in the next iteration
step (see [22], [25] for more details). After the last iteration,
coefficients of determination were computed as:

(6)

with is the residual sum
of squares, is the total sum of
squares, denotes the mean of and is the weight. For each
pixel of the estimated motion field, gives a goodness-
of-fit measure of the motion model on the data.
Besides outliers, optical flow problems are often ill-posed

when the support of the estimator (i.e., the size of the MW) is
too small and/or when the image intensity is locally too uni-
form. Thismay lead to ill-conditioned linear systemswhere con-
straint equations do not provide enough information to solve
the system accurately. In non-invasive ultrasound elastography,
this problem arises mainly due to the low lateral resolution of
external probes and the absence of phase information in the
lateral direction of images. To overcome this problem, a so-
lution is to use estimators with larger support, at the expense
of resolution, or add some constraints to decrease sensitivity to
round-off errors. In the following section, we describe the affine
motion model used in previous implementations of the LSME
[7], [19] and an upgraded motion model assuming incompress-
ible plane-strain elasticity to further constrain the estimation.

C. Constrained Motion Model

1) Affine Model: Inside a measurement window, the velocity
vector can be approximated by an affine model using its first
order Taylor expansion at each pixel point ,
which are in the vicinity of the centroid of the MW, as:

(7)

Here, and

is the motion model vector,
where . Vector components and rep-
resent the lateral and axial strains (spatial domain), and
and stand for the lateral and axial shear, respectively. The
robust least-squares estimator in (4) thus becomes:

(8)

with ...
...

This estimator returns both displacements and
the 2D velocity gradient matrix at each point of the
image plane. Assuming small deformations between two con-
secutive ultrasound images, one can derive the strain tensor
from the matrix using the following relation:

(9)

where is the time delay between two consecutive frames.
2) Plane Strain Incompressibility Model: Ex vivo analyses

have confirmed that arteries may be considered incompress-
ible under physiologic conditions [26]. Healthy arteries are also
known to behave as thick-walled circular cylinders in a state
of plane strain [27], where cross-sectional strains preponderate.
This condition is often taken for granted in vascular biome-
chanics [28]–[31]. It is unknown, however, at which stage of the
continuum of atherosclerotic disease the plane-strain state might
be violated. In vascular elastography, the transverse plane-strain
condition can be conveniently assumed in most situations, as
long as 1) longitudinal dimensions of wall tissues are greater
than their transverse dimensions [32], 2) the internal blood pres-
sure acts mostly in the transverse (imaging) plane, and 3) lon-
gitudinal motions due to fluid-structure interactions can be ne-
glected. Under these conditions, we can assume that non-rigid
out-of-plane motions are negligible on the transverse imaging
plane. In this regard, small out-of-plane deformations should
little affect the speckle patterns since the elevational resolution,
defined by the elevational F-number , where

is the focal depth and the element height (see Eq. 3.30 in
[33]), is about 4 wavelengths for a linear array transducer.
In a transverse plane-strain state, strains occurring in the di-

rection of the vessel axis (i.e., ) can be neglected.
The full 3D strain tensor thus reduces to:

(10)

Incompressibility also states that tissues subject to stresses do
not vary in volume. In our context, it results in:

(11)
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From (10), it thus follows that:

(12)

The affine transformation ((8)) modelling the non-rigid motion
finally reduces to:

(13)

where and

. In the current implementation, the
lateral strain was computed from the axial strain using
(12).

D. Time-Ensemble Estimation

One of the main benefits of CPW beamforming when com-
pared with conventional focused imaging is the increase in
frame rate by tenfold or higher. High frame rates reduce the
time step between two consecutive frames. Even if this may
be seen as an additional challenge for most motion estimators,
reducing decreases the occurrence of speckle decorrelation
and intensity variation through motion. In addition, an increased
frame rate allows analysis of frame ensembles to reduce the
variance of motion estimates, as it has been proposed in particle
image velocimetry [34], or the use of the temporal information
in the motion model framework to improve robustness, as
proposed here.
Using the optical flow method described in the previous sec-

tion, time-ensemble estimation can be done by combining suc-
cessive pairs of frames to increase the number of optical flow
equations ((1)). By doing so, we assume that the motion field

, centered on , is fully described by (14)
over a given (i.e., an MW within the ROI of successive
frames):

(14)

In this model, the motion is assumed to be constant over a
given period , where is the number of successive
frame pairs. This leads to an overdetermined system of
linear equations, where is the number of pixels over the spatial
support of the estimator (MW). Extending the support of the
estimator over time thus increases the number of constrained
optical flow equations ((1)) by a factor , which improves its
robustness to noise. Formulated as a least squares estimator, the
covariance of the estimator reads as follows (see (5) in [35]):

(15)

where is the variance of the noise and the number of
variables describing the model (i.e., for the affine
model and for the plane strain incompressibility model).
Note that if one would consider averaging successive
and independent estimates, the covariance reads as

, which would be less efficient.

E. Lagrangian Speckle Model Estimator Implementation
The LSME algorithm was implemented in Matlab 7.10

(MathWorks Inc., Natick, MA, USA). As summarized in Fig. 1,
it contains 7 steps:

Step 1) Manual segmentation of the vascular wall on the
first frame to generate a region of interest (ROI) and
propagation of the ROI on remaining frames using
speckle tracking. This step can be automatized for
cross-sectional ultrasound images using the robust
algorithm described in [36].

Step 2) Subdivision of RF images within the ROI into small
measurement windows (MW), defined by their size
and overlap.

Step 3) Estimation of subpixel rigid motion for eachMW,
using Fourier-based ensemble-correlations [34] to
account for large displacements. The corresponding
correlation coefficients are stored.

Step 4) Robust low-pass filtering (i.e., smoothing+addi-
tional outlier removal) of the rigid motion field
using correlation coefficients as regulariza-
tion weights (see [37] for more details).

Step 5) Pixelwise rigid registration between pre- and post-
motion MWs using the displacement field deter-
mined in step 4.

Step 6) For each MW (or ), computation of the affine
motion vector from registered pre- and post-mo-
tion MWs given in step 5, using the robust least-
squares method (see (4)).

Step 7) Robust smoothing of strain tensor components
yielded in step 6, using the product of the correlation
coefficients ( , see step 3) and the coefficients
of determination ( , see (6)) as regularization
weights.

The spatial support of the optical flow estimator was a 2D
Gaussian function with full widths at half maximum (FWHM)
set at 1 mm and size set at 1.7 mm, for both axial and lateral
directions. A window overlap of 80% was used. To eval-
uate the performance of the time-ensemble estimation (see
Section IV-C-2), we used successive frame pairs,
otherwise we used .

III. MATERIALS AND METHODS

We now describe the methodology adopted to evaluate
the performance of the new estimator on both conventional
focus (Focus) and compound plane wave (CPW) data. The
constrained estimator (plane strain+incompressibility, see (13))
was evaluated in silico, in vitro and in vivo, and compared
with the unconstrained estimator ((7)). The results associated
with the unconstrained estimators are referred to as Focus and
CPW, whereas those corresponding to constrained methods are
labeled Focus+Inc and CPW+Inc.

A. Simulations
A finite element method (FEM) coupled with ultrasound sim-

ulations were used to mimic geometries of carotid arteries as
acquired in a cross-sectional view. The FEM was used to simu-
late wall motion under physiological pressure conditions and ul-
trasound simulations aimed at mimicking RF speckle patterns.
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Fig. 1. Block diagram of the algorithmic implementation assessing the plane
strain tensor. A coarse pixelwise rigid registration using 2D Fourier-based en-
semble-correlation (see [34]) is first performed between pre- and post-deformed
RF images, and , to get the registered
pre-deformed images . The unknownmotionmodel vector

is then computed from registered pre-deformed and post-deformed images,
using a robust optical flow method. and are, respectively, the
ensemble-correlation values computed from the rigid registration step, and the
coefficient of determination evaluated using the robust optical flow. The product
of those quality measures are finally used as weighting coefficients for the ro-
bust smoothing procedure, which is performed using the algorithm described in
[37].

RF echo frames were used to compute elastograms using the
four abovementioned approaches (Focus, CPW, Focus+Inc and
CPW+Inc). The following subsections describe the simulation
process.
1) Finite Element Modeling of Vessel Phantoms: Models of

one healthy and one pathological carotid arteries were created
with COMSOL Multiphysics (Structural Mechanics Module,
version 3.5, COMSOL, France). The healthy model had inner
and outer radii of 1.5 mm and 6 mm, respectively. The vessel
wall had a uniform Young modulus of 300 kPa, which is close
to the elasticity of non-fibrotic tissue under physiological con-
straints [38]. The plaque model described in [11] had a large
soft necrotic core embedded in a homogeneous
medium and covered by a thin fibrous cap

. Each medium was considered isotropic and
quasi-incompressible (Poisson's ratio ). To prevent
rigid body translations, a soft and compressible

layer was added on the outer layer of the two
carotid models. The outer contour of this artificial layer was

anchored and was not considered in the strain analysis. Dis-
placement fields were calculated for an intraluminal pressure
increase of 0.5 kPa ( 4 mmHg) between two successive RF
frames under plane strain conditions. The reference strain fields
were computed from axial and lateral displacements yielded by
FEM simulations.
2) Acoustic Models: Ultrasound backscatter models were

created by randomly distributing point scatterers over the cross-
section of the vessel wall. To ensure fully developed speckle,
the scatterer density was chosen as 100 per resolution cell [39].
Displacement fields generated by COMSOL were applied on
scatterers to create post-deformation acoustic models of arteries.
The Field II simulation program [40] was used to mimic the 128
elements of a L14-5/38 linear array probe (Ultrasonix Medical
Corporation, Richmond, BC, Canada) with a 7.2 MHz center
frequency, 70% fractional bandwidth (at 6 dB) and a sampling
rate of 40 MHz. The transducer produced either focused beams,
using a 64-element aperture in transmission and a focus at 16
mm (corresponding to the center of the vessel) for conventional
imaging, or steered plane waves for CPW imaging. For the CPW
sequence, steering angles were varied from to
with an angular step between each steer. All 128 elements
of the aperture were active during plane wave transmission.
CPW data were beamformed off-line using the delay-and-sum
algorithm [14]. For each set of simulated data, white Gaussian
noise was added to produce ultrasound images with a realistic
signal-to-noise ratio (SNR) of 20 dB, as in [16]. The SNR mea-
sured from in vivo data described later was 25 dB.

B. Phantom Study

1) Phantom Fabrication: In vitro validation was performed
on polyvinyl alcohol cryogel tissuemimicking vessel phantoms.
These phantoms were constructed as described in [41]. The first
phantom was built to model a homogenous vessel wall as in the
simulation study. It was set in a mold that was 150 mm long and
had inner and outer radii of 1.5 mm and 6 mm, respectively. It
underwent 6 freeze-thaw cycles (from C to 20 ) of 24
hours each.
The second phantom was built to mimic a plaque similar to

the simulation geometry (see Fig. 2). The inner layer was 0.5
mm thick and underwent 8 freeze-thaw cycles to mimic a hard
fibrous cap. The outer layer underwent 6 freeze-thaw cycles
to mimic the media-adventitia, and the inclusion underwent 1
freeze-thaw cycle to represent a soft lipid pool. Such fabrica-
tion processes were reported to provide stiffnesses of 465 53
kPa (8 freeze-thaw cycles), 322 37 kPa (6 cycles) and 25
3 kPa (1 cycle) [41].
2) Test Bench: Vessel phantoms were suspended in a bath

and pressurized with a water column filling the lumen (see
Fig. 2). To evaluate the impact of the beamforming strategy
(i.e., CPW vs. conventional focusing), without considering the
difference in frame rate, a static analysis was performed. The
intra-luminal pressure was decreased incrementally from 120
mmHg down to 80 mmHg using 4 mmHg steps by lowering the
water column height. Conventional focus and compound plane
wave data were acquired at each pressure step, as described in
the following Section III-B-3.
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Fig. 2. Schematic illustration of the experimental setup used for the in vitro
phantom validation. The water column was used to incrementally increase the
intraluminal pressure, with successive pressure steps of 4 mmHg ( 0.5 kPa).
Alternatively, the pulsatile pump was used to increase dynamically the intralu-
minal pressure from 60 mmHg to 120 mmHg and evaluate the impact of the
frame rate.

To evaluate the impact of the time-ensemble estimation ap-
proach (see Section II-D), an unsteady analysis was also con-
ducted on the homogeneous vessel phantom. The intraluminal
pressure was dynamically increased, from 60 mmHg to 120
mmHg, using a pulsatile pump (model 1421, Harvard Aparatus,
Holliston, MA, USA) and monitored using a ViVitest software
system (Vivitro Labs Inc., Victoria, BC, Canada). To demon-
strate the robustness of the estimator over a wide range of ap-
plied strains (Fig. 8), the time step between frames was varied
from to 128 leading to a wide range of applied pressures
(the pressure increment between pairs of frames varied pro-
portionally with , to 128). For both static and dy-
namic tests, specular reflections at the interface of vessel phan-
toms were reduced by using degassed saline (5% salt) within
the water column and container to match acoustic impedances,
as described in [10].
3) Data Acquisition: RF data were acquired using a Sonix-

Touch ultrasonic system (Ultrasonix Medical Corp., Richmond,
BC, Canada) equipped with a 128-element linear array probe
(L14-5/38) and the SonixDAQ multi-channel system. The
scanner was programmed using a software development kit
(TexoSDK, v6.0.1) to generate and record plane wave data.
Focused and plane wave data were recorded successively
using the same parameters as in the simulations. RF data were
beamformed (see Section III-D below) and resulting RF images
were processed with the proposed estimator to get elastograms.

C. In Vivo Feasibility

To evaluate the four motion estimators in vivo, the carotid
artery of a 30-year-old male without known cardiovascular dis-
ease history was imaged. Both conventional focus (Focus) and
compound plane wave (CPW) RF sequences were successively
recorded as in the in vitro study, using the SonixTouch scanner.
The protocol was approved by the human ethical review com-
mittee of the University of Montreal Hospital Research Center,
and the volunteer signed an informed consent.

D. Image Reconstruction (in vitro and in vivo)

As performed with simulations, coherent plane wave
compounding images were recovered by applying the
delay-and-sum technique and steering angles varying from

to with an angular step . In reception, the
aperture was dynamically adapted using an F-number set to
1.75, as in [14]. All RF echo frames were reconstructed on
a regular grid that had a lateral sampling of 20 columns/mm

and an axial sampling frequency of 52
rows/mm . No specific image reconstruc-
tion was necessary for standard beamforming (Focus) since we
used the pre-programmed scheme of the SonixTouch scanner.

E. Data Analysis

1) Cartesian to Principal Strain Transformation: Cartesian
strain tensors were transformed into local principal strain ten-
sors , using the following equation (see
[42], p. 100):

(16)

The principal strain orientation was deduced from the following
expression:

(17)

Note that for the specific case of a circular homogeneous vessel
wall subjected to an internal pressure increase, the maximum
and minimum principal strains are equal to the circumferential
and radial strains, respectively.
2) RF Data Quality Measurements: To investigate how

beamforming (CPW vs. conventional focus) can affect RF
images used to compute elastograms, we evaluated the SNR
and signal-to-interference ratio (SIR) of reconstructed B-mode
images using:

(18)

(19)

where is the average intensity over the vessel wall, and
and are the average noise and grating lobe

interference intensities over regions described in Fig. 3. This
evaluation was performed on the homogeneous vessel phantom
mimicking a normal carotid artery.
3) Elastogram Quality Measurements: The quality of

estimated strain maps was also evaluated on the homoge-
neous vessel phantom using two metrics: 1) the elastographic
signal-to-noise ratio , and 2) the contrast-to-noise ratio

. Due to the circular symmetry of the homogeneous
phantom, principal strains and are of opposite signs
and follow an inverse-square law relation with distance (i.e.,
strains are inversely proportional to ), as already described
[10]. Thus, for a given radial distance , strains are expected
to be constant over the circumferential direction. It was thus
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Fig. 3. (Top left) Reconstructed B-mode image of the mimicked normal artery,
identified with red circles, surrounded by water. We intentionally presented
here a worst case scenario (i.e., no compounding corresponding to
) to emphasize speckle outside the vessel attributed to grating lobe interfer-

ences. (Top right) Principal maximum strains and radii used in the definition
of Eqs. (20) and (21). (Left) Signal-to-noise ratio (SNR) and signal-to-interfer-
ence ratio (SIR) of beamformed in vitro B-mode images. (Right) Elastographic
signal-to-noise ratio and contrast-to-noise ratio as a function
of the absolute value of the maximum steering angle and angular step

. Straight black lines on each panel display results with the standard focus
method.

possible to calculate the and , in decibels, using
points located on circles around the lumen center axis using:

(20)

(21)

Here, and are means and standard deviations
computed along circles of radii and
with respect to the lumen center axis (see Fig. 3). Those radii
were selected at 1 mm of inner and outer vessel wall contours
to avoid truncatedMWs.Means and standard deviations on each
circle were estimated using 2D linear interpolation of the max-
imum principal strain .

IV. RESULTS

A. Impact of CPW Beamforming Parameters on in vitro
B-Mode and Strain Map Image Quality
Using plane wave imaging, averaging the contribution of sev-

eral steered plane waves through compounding was shown to

improve the B-mode image contrast and lateral resolution [14],
[17], [43]. Our data set (Fig. 3) shows that varying the steering
angle between with angular steps of 1, 2 or 3 had
a strong impact on noise levels (SNR) and grating lobe inter-
ferences (SIR) of B-mode images. Those parameters also in-
fluenced and of strain maps. According to Fig. 3,
optimum parameters to improve the quality of elastograms were

and (corresponding to 21 plane wave
transmissions). This combination outperformed focus imaging
despite its lower performance in term of grating lobe interfer-
ence (see SIR in Fig. 3). This combination of parameters was
used to evaluate CPW imaging in the rest of this study (i.e., in
silico, in vitro and in vivo results).

B. Performance Assessment of Strain Maps With Simulations
Elastograms computed on simulated RF data with the pro-

posed constrained estimator provided good match with FEM
ground-truth solutions (Fig. 4), for both beamforming tech-
niques (Focus+Inc and CPW+Inc). The constrained estimator
performed particularly well at 3 and 9 o'clock for , and at
6 and 12 o'clock for . In those regions, principal strains
are mostly aligned with the lateral strain component , as
can be seen from the strain orientation in Fig. 4. Without
plane strain incompressibility, those strains are more sensitive
to the low lateral resolution. Note that for circular geometries
subject to a positive stress (i.e., ), maximum and min-
imum principal strains correspond to circumferential and radial
strains, respectively. For the plaque geometry, all maximum
principal strain maps revealed the presence of the soft lipid
pool. The contour of the soft inclusion, however, was better
delineated on with the constrained estimator (Focus+Inc
and CPW+Inc). Visually, CPW outperformed conventional
focus imaging, with or without mechanical a priori assump-
tions. This is better appreciated in Fig. 5 where percentiles
of principal strains are plotted for each method as a function
of radial distances (homogeneous phantom). Conventional
focus beamforming gave largest variances, while CPW with
mechanical constraints provided best results. As expected
from the theory of a thick-walled cylinder subjected to an
internal pressure (as described in [10]), principal strains in the
homogeneous phantom varied inversely with the squared radial
distance, (Fig. 5). Regarding the plaque geometry, estimated
strain profiles (Fig. 6) along plaque shoulders (A & C) and
fibrous cap (B) revealed good accuracy with ground truth.
Again, the constrained strain estimator associated with CPW
imaging (CPW+Inc) gave the best results.

C. Performance Assessment of Strain Maps With In Vitro Data
1) Static Analysis: Elastograms obtained from in vitro data

confirmed observations with simulations. The Focus method
provided inconsistent principal strains at 3 and 9 o'clock for

, and 6 and 12 o'clock for , very likely due to the lim-
ited lateral resolution (Fig. 7). Adding mechanical constraints
improved considerably strain estimates, giving results more
consistent with theory (as displayed in Fig. 4). Regarding the
plaque geometry, the contour of the soft inclusion was easier to
delineate when using the constrained strain estimator. In con-
cordance with the simulation study, CPW imaging performed
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Fig. 4. B-mode images (first column), maximum, minimum and orientation of the principal strain tensor computed with the finite element
model (ground truth), and with four beamforming strategies (Focus, Focus+Inc, CPW, CPW+Inc). The first three rows display results of the simulated concentric
homogeneous vessel, whereas the last three rows correspond to results of the plaque geometry.

better than conventional focus imaging, and the addition of the
constrained estimator provided best results.
2) Dynamic Analysis: The and analysis

(Fig. 8), over a wide range of applied strains (proportional to
the internal lumen pressure ), confirmed the qualitative
observations of Fig. 7. Overall, CPW imaging performed better
than conventional focusing. However, regardless of the beam-
forming method (i.e., either Focus or CPW imaging), strain
quality (assessed with and ) generally decreased,
when strains were estimated using a single pair of images
(i.e., no time-ensemble estimation), for applied strains lower
than 0.2%, approximately. With the proposed time-ensemble
estimation available in ultrafast mode (i.e., CPW), high-quality
elastograms over a wide range of applied strains were obtained
using ensemble pairs (Fig. 8). The time-ensemble
CPW+Inc method provided highest and values
over the whole range of applied strains (displayed between

to ). Note that because the frame rate of focus
imaging differed from that of the CPW sequence, the range of
applied strains on the -axis (Fig. 8) is slightly different (0.04%
to 2.8% for Focus and 0.02% to 3.2% for CPW).

D. In Vivo Feasibility in One Healthy Volunteer
In vivo elastograms obtained in the healthy volunteer were

consistent with simulation and in vitro findings (Fig. 9). Min-
imum and maximum cumulated principal strains displayed neg-
ative and positive deformations at the peak of the cumulated

strain curve (frame #10, Fig. 10) (i.e., compression and dilata-
tion), respectively, as expected for this phase of the cardiac
cycle. The local orientation of the strain tensor, however, was
not always consistent (i.e. not always oriented radially) for un-
constrained estimators.
In contrast, constrained estimators (Focus+Inc and

CPW+Inc) provided more consistent and reproducible results
(over the two trials), with strain tensors mostly oriented in the
radial direction. The reproducibility of the CPW method can
be better appreciated in Fig. 10 where the spatially averaged
cumulated maximum principal strain followed the same trend
over the two trials, except at peak systole where they differed
by only 1%. Those curves look like systemic blood pressure
curves, as can be measured using photoplethysmography [44],
which was expected for a normal artery. In accordance with
in silico and in vitro results, CPW imaging provided more
reproducible results then standard focusing, with or without the
plane strain incompressibility assumption.

V. DISCUSSION

In this study, the Lagrangian Speckle Model Estimator
(LSME), previously developed with proven clinical feasibility
in the context of longitudinal image acquisitions [7], [21], [45],
was adapted to compute the 2D plane strain tensor of cross-sec-
tional artery views. To overcome the limited lateral resolution
of linear array transducers in the context of NIVE, we proposed
a constrained version of the optical flow using the plane-strain
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Fig. 5. Boxplots (median, 25th and 75th percentiles) of minimum and max-
imum principal strains corresponding to elastograms of the
normal vessel in Fig. 4 (1st and 2nd rows). For each radial distance of 2 mm,
3 mm and 5 mm, those boxplots were obtained with a dataset of 360 strain
values evenly distributed over 360 . Median strains were inversely related to
the squared distance, in accordance to theory [10].

incompressibility elasticity assumption. We evaluated the two
methods (constrained and unconstrained LSME) and compared
the accuracy of different beamforming strategies, namely
conventional focus imaging (Focus) and compound plane wave
imaging (CPW). Overall, the constrained estimator applied
on compound plane wave data (i.e., CPW+Inc) outperformed
the other methods. Time-ensemble estimations in ultrafast
CPW mode further improved performance over a wide range
of applied strains. In vivo CPW imaging showed better repro-
ducibility than standard focusing over two successive trials.

A. Impacts of the Beamforming Strategy
In non-invasive ultrasound imaging, array beamforming con-

trols the image spatial resolution defined axially by the emitted
pulse length, and laterally by the F-number:

(22)

Fig. 6. Maximum principal strain profiles of the plaque model com-
puted with the finite element model (Ground truth), and with four beamforming
strategies (Focus, Focus+Inc, CPW, CPW+Inc). Profiles (A, B, C) were selected
to show the robustness of the method at the edge of the simulated lipid pool.

where is the focalization depth and the size of the aper-
ture. The smaller the F-number, the better is the lateral resolu-
tion. Dynamic focalization (i.e., changing the aperture size and
focalization as a function of depth, for a constant F-number)
theoretically provides the best image resolution. This can be
achieved in both transmit and receipt. However, with a conven-
tional imaging sequence (i.e., focus imaging), dynamic focaliza-
tion in transmit, using for example 10 focus depths, requires 10
successive transmissions per image line. Such process decreases
the frame rate by a factor equal to the number of focuses, which
is not convenient for the imaging of moving structures.
Using tilted plane wave transmissions, from to

, with an angular step between successive
transmissions ( being the wavelength and the full aperture
of the probe), coherent plane wave compounding approximates
the dynamic focalization process in transmit (see (3) and (4) in
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Fig. 7. B-mode images (first column), maximum, minimum and orientation of the principal strain tensor computed on mimicking vessel phan-
toms with four beamforming strategies (Focus, Focus+Inc, CPW, CPW+Inc). The first three rows display results of the concentric homogeneous vessel, whereas
the last three rows correspond to results of the plaque geometry.

Fig. 8. Elastographic signal-to-noise ratio and contrast-to-noise ratio
for obtained with dynamic experimental data on the homoge-

neous vessel mimicking phantom. and metrics, computed using
Eqs. (20) and (21), are displayed as a function of the average strain, measured
on the proximal circle of radius for all four beamforming strate-
gies (Focus, Focus+Inc, CPW and CPW+Inc). The impact of the time-ensemble
averaging approach for CPW is displayed in red.

[17]). Using such approximation, the F-number in transmission
becomes (see (6) in [17]):

(23)

Note that for a single non-steered plane wave emission, the
F-number in transmission would be infinite, meaning that no
focalization would be performed.
In the current study, to achieve an F-number of 1.75 with the

L14-5/38 probe, steered plane waves with a max-
imum steering angle (i.e., ) would be
needed. To limit the number of plane wave transmissions (i.e., to
keep a high frame rate) while preserving the lateral resolution
(i.e., small F-number), one can increase the angular step
while keeping the same (see (22)). Increasing the angular
step, however, creates more adverse grating lobes in transmit
(see (7) and Fig. 1 in [17]) that might affect strain estimations.
We indeed found that and had an impact on the quality
of elastograms (Fig. 3). Increasing up to 10 to improve
the lateral resolution also provided the best quality of RF data
and elastograms. Although changing the angular step for

barely influenced and , it had an
impact on noise levels and grating lobe interferences of beam-
formed RF images (Fig. 3). This can be explained by the reduced
number of transmits for compounding. Interestingly, these dele-
terious contributions had less influence on elastograms likely
because of the robustness of the LSME estimator to noise.
Note that grating lobes had more impact on CPW beam-

formed RF images than noise ( , ).
Grating lobes are the main source of artifacts in strain imaging
and should be minimized, either by increasing the number of
plane wave transmissions (small ), at the expense of the
frame rate, or by using larger F-numbers (small ), but at
the expense of the lateral resolution.
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Fig. 9. B-mode images (first column) of the common carotid artery of a healthy volunteer in a transverse plane using both Focus and CPW imaging. Principal
components and orientation of the strain tensor for all four beamforming strategies (Focus, Focus+Inc, CPW, CPW+Inc) are displayed at
the time of maximum cumulated deformations (see Fig. 10). Results for CPW imaging were computed with the time-ensemble averaging method using
successive pairs of frames.

To deal with the lack of lateral resolution of ultrasound
systems, pioneering strain compounding strategies using either
focus [9], [10] or plane wave beam steering [11] were proposed.
However, as they require large beam-steered angles (at least
15 ), those methods were not explored in this study. In fact,
beam-steering at large angles with linear array transducers
creates strong adverse grating lobe interferences that need to be
low pass filtered, as described in [10]. The following discussion
aims to explain why this would have not been possible in the
current study.
The angular position of grating lobes (from the main lobe) is

defined by [46]:

(24)

where is the beam steering angle and the pitch of the probe.
In the case of the L14-5/38 probe (Ultrasonix Medical Corp.),
a steering at with would produce
grating lobes at . The following equation explains the
cut-off frequency of the low-pass filter that would be required;
it can be deduced from (24):

(25)

Fig. 10. Spatially averaged cumulated maximum principal strain curves for
both focus and compound plane wave imaging methods, with and without the
plane strain incompressibility constrained estimator over one cardiac cycle for
two successive trials. For CPW data, the time-ensemble approach was used

to improve the robustness of the algorithm.
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where is the speed of sound. For this would corre-
spond to . As the bandwidth of the transducer
is between 4–10MHz (7.2MHz central frequency), the low pass
filter would have removed most of the information and this ap-
proach was thus ignored in our study.
The proposed CPW method would benefit from additional

strain compounding [11] (i.e., averaging strain images estimated
at different steered angle). However, such technique requires a
relatively small pitch (ideally ) to avoid adverse effects of
grating lobes inside the field of view.

B. Advantages of the Plane-Strain Incompressibility
Constraint

The use of the incompressibility kinematics constraint has al-
ready been proposed in the context of quasi-static elastography
to overcome the effect of the low lateral resolution in ultra-
sound imaging [9], [10]. In those studies, the incompressibility
assumption was used to perform angular strain compounding
from beam steered data. The novelty of our approach lies in the
formulation of the problem to include this hypothesis with the
plane strain assumption into the motion model. This new for-
mulation of the Lagrangian speckle model estimator (LSME) re-
duces the complexity of the algorithm: the number of unknowns
drops from nine to six with the plane strain assumption, and
further from six to five when assuming incompressibility (see
II-C-2). This makes the LSME more robust to speckle incoher-
ences associated with the low lateral resolution. In this study, the
use of the constrained estimator decreased the variability and
thus increased the contrast between soft and hard tissue compo-
nents (Figs. 4 and 7).
Plane strain incompressibility is a widely accepted hypothesis

in biomechanics when recovering the apparent Young modulus
map from 2D strains [29], [30], since out-of-plane components
cannot be measured with 2D estimators. As discussed in II-C-2,
this assumption stands when carotid plaques and inclusions are
wider (along the vessel axis) than thicker (radially) [32]. For
more complex vascular geometries, such assumptions might be
violated. In those situations, precision improvement (i.e., less
variance) with the proposed constrained estimator would be at
the expense of accuracy (i.e., larger bias). However, in the per-
spective of clinical applications where we intend to discrim-
inate hard and soft plaque components, the proposed method
would still be of interest as it significantly improved contrast-
and signal-to-noise ratios. Using 3D acquisition probes as in
[47], the ambiguity associated with the projection of an actual
3D tensor would be solved using the incompressibility assump-
tion without plane strain condition.

C. Impact of the Frame Rate on Non-Invasive Vascular
Elastography

One of the main issue in strain imaging is the inability of con-
ventional strain estimators to perform accurate estimations of
very small ( 0.1%) or very high ( 10%) deformations [13].
The strain filter, which describes the elastographic signal-to-
noise ratio as a function of applied strains, defines the
range of deformations that can be accurately estimated for a
given estimator. Using optical flow methods, the variance de-
creases when the number of constraints ((1)) increases. When

using a single pair of RF images, the number of constraints can
be increased by extending the spatial support (MW) of the es-
timator, but at the expense of the spatial resolution of strain
maps.When using high frame rate imaging systems (here we ob-
tained effective frame rates of with the CPW beam-
forming strategy versus for the Focus sequence), the
number of constraints can be increased by extending the sup-
port through time (i.e., ). Using this time-ensemble esti-
mation approach, we showed (Fig. 8) that CPW imaging could
reach better and , especially when estimating small
deformations. This can be of importance when evaluating bio-
logical tissues under small stress conditions and/or hard com-
ponents (e.g., a fibrous carotid plaque) with fewer deformations
than surrounding softer tissues. Furthermore, it is important to
recall that optical flow methods are subjected to aliasing arti-
facts [22]. The use of ultrafast imaging can prevent such artifacts
by keeping the inter-frame time step and thus the inter-frame
motion small enough.

D. In Vivo Feasibility
We found good reproducibility in vivo when using CPW

imaging (Figs. 9 and 10). The combination of ultrafast com-
pound plane wave imaging with the constrained LSME
estimator provided reliable plane strain tensors in contrast to
standard focusing giving strain orientations inconsistent with
the radial blood pressure direction. Still, strain maps appeared
inhomogeneous circumferentially whatever the beamforming
method. Such behaviour, in the case of a healthy artery, could
be explained by differences in boundary conditions. In fact, the
far wall of the artery is surrounded by more rigid structures
(paraspinal muscles and cervical spine) than the near wall,
mainly surrounded by the sternocleidomastoid muscle and
compliant jugular vein in an antero lateral position. For simu-
lations and in vitro experiments (Figs. 4 and 7, respectively),
boundary conditions were uniform circumferentially. Further
study on the impact of boundary conditions would be of interest
for a better understanding of the vascular wall strain behaviour
in vivo.
Vascular strain analysis has recently gained a lot of interest

[48]–[54] as elevated shear movements might be associated
with plaque development leading to its rupture. For exam-
ples, recent in vivo studies using endovascular elastography
(EVE) on a diabetic pig model [51] and on humans, prior and
following coronary atherectomy interventions [52] revealed
the potential of radial shear strains to detect and classify
atherosclerotic plaques according to American Heart Asso-
ciation classes [55]. Those studies also revealed a significant
correlation between the radial shear strain magnitude and
the level of inflammation and soft plaque content. With the
proposed method (CPW+Inc+time-ensemble averaging), we
are now able to estimate all components of the plane strain
tensor. With our previous implementation [7], we were only
able to reliably estimate the axial strain and shear in the case
of NIVE, and radial strain and shear in the case of EVE [52].
The current LSME implementation may be extended to EVE
(using standard intravascular ultrasound focusing scheme)
and help understanding the complex mechanical behavior of
coronary arteries. It may also be possible to implement the
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proposed LSME method for multi-physics imaging of coronary
atherosclerotic plaques [56].

E. Study Limitations
A few limitations deserve to be pointed out, even if the

present study does highlight original and potentially promising
concepts for improving non-invasive atherosclerotic plaque
identification from ultrasound strain measurements.
• Because 2D ultrasound images were acquired, our struc-
tural analysis was performed in two dimensions assuming
negligible out-of-plane motion. Note that compound plane
wave imaging, proposed here in the context of 2D NIVE,
can be extended to 3D acquisitions using 2D matrix arrays
[57]. Our method would certainly benefit from this innova-
tive technique, as it would allow the estimation of the full
3D strain tensor.

• The plane strain hypothesis, here combined with incom-
pressibility to mitigate the impact of the low lateral resolu-
tion, is a strong assumption when dealing with arteries with
typically 70% stenosis or greater. Even if such assumption
is mechanically reasonable insofar as long as the plaque
length is large with regard to the radial dimension of the
artery [5], [28], [29], [58], it probably does not hold for
complex geometries as discussed earlier (V-B). In the near
future, using 3D acquisition systems, the incompressibility
constraint could be used without the plane strain assump-
tion and thus be applied to complex geometries.

• Although the incompressibility assumption introduced in
our model allowed dealing with the inability of non-in-
vasive ultrasound to estimate lateral strains accurately, no
mechanical assumption was introduced to further improve
lateral shear components. Improvements of the method-
ology, using beam steering [9], [10] methods, may further
improve strain and shear estimations. However, as stated
earlier (V-A), linear array transducers with small pitch

should be used instead of conventional linear arrays.
• The spatial resolution of estimated principal strain maps
is limited by the spatial resolution of the transducer
(which is on the order of half a wavelength axially, i.e.

and laterally), and by the
spatial support of the estimator ( in
the current study). Structures smaller than 1 mm may not
be completely discriminated using the proposed method.
However, non-invasive elastography using high frequency
probes is feasible and has been demonstrated in vitro and
in vivo [59]. Further developments in high frequency ultra-
sound imaging using array transducers may provide plane
wave insonification and higher resolution elastograms.

VI. CONCLUSION
Ultrafast compound plane wave imaging combined with a

model-based elastography technique provided accurate strain
elastograms of mimicked arteries (in silico and in vitro), and a
proof-of-concept in an in vivo case was presented. We found
that the proposed constrained estimator method (CPW+Inc)
outperformed conventional focus and CPW methods. Com-
pound plane wave imaging could provide accurate principal
strain components with a frame rate 10 to 20 times higher

than conventional NIVE methods. The increased frame rate
allowed further improvements using time-ensemble estimation
in the proposed LSME framework. We also demonstrated that
the CPW+Inc method could estimate 0.02% to 3.2% strains
accurately, which may be of value when evaluating diseased
arteries with heterogeneous rigidity components.
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