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a b s t r a c t
Non invasive vascular elastography (NIVE) was developed to highlight atherosclerotic plaque constituents. However, NIVE motion estimates are affected by artifacts, such as an underestimation of
deformations due to projected movement angles with respect to the ultrasound beam, movements of
the operator or of the patient during image acquisition. The main objective of this work was to propose
a local angle compensation method within small measurement windows for the axial strain based on
kinematics constraints, and to introduce a ﬁltering process on the strain time-varying curve to reduce as
much as possible the impact of motion artifacts. With such preprocessing, we successfully quantiﬁed the
strain behavior of near and far walls in longitudinal images of internal carotid arteries without (n = 30)
and with (n = 21) signiﬁcant atherosclerotic disease (greater than 50% stenosis). Maximum strain rates
of 4.49% s−1 for the healthy group and of 2.29% s−1 for the atherosclerotic group were calculated on the
far wall of internal carotid arteries; signiﬁcant differences were found between these values (p = 0.001).
The minimum strain rates, also on the far wall of internal carotid arteries, of −3.68% s−1 for the healthy
group and of −1.89% s−1 for the atherosclerotic group were signiﬁcantly different as well (p = 8 ×10−4 ).
The mean systolic, diastolic and cumulated axial strains could also distinguish the two groups after normalization by the pressure gradient between acquired images. To conclude, the proposed techniques
allowed to differentiate healthy and atherosclerotic carotid arteries and may help to diagnose vulnerable
plaques.
© 2013 Elsevier Ltd. All rights reserved.

1. Introduction
Stroke is the third leading cause of death and the ﬁrst cause
of morbidity in western countries [1]. Mainly due to atherosclerosis, 60% of all cerebral infarctions are linked to the rupture of a
vulnerable plaque [2]. Carotid stenosis has long been the primary
marker of vulnerability. However, it has been shown that calciﬁed
plaques are less prone to rupture than non calciﬁed plaques [3]
and are thus more stable. A vulnerable plaque can be characterized
by a soft necrotic core embedded in the wall under a thin ﬁbrous
cap [4]. In fact, plaque vulnerability is multifactorial and depends
mainly on its tissue composition (ﬁbrotic, calciﬁed and lipidic) and

∗ Corresponding author at: Laboratory of Biorheology and Medical Ultrasonics,
University of Montreal Hospital Research Center (CRCHUM), Montreal, Canada.
Tel.: +1 514 890 8000x24703; fax: +1 514 412 7505.
E-mail address: guy.cloutier@umontreal.ca (G. Cloutier).
0895-6111/$ – see front matter © 2013 Elsevier Ltd. All rights reserved.
http://dx.doi.org/10.1016/j.compmedimag.2013.08.005

the biomechanical properties of its components. The studies [5,6],
and later [7,8], have shown that circumferential stress, more specifically the “peak cap stress” (PCS), is a strong mechanical indicator
of vulnerability. The PCS mainly depends on the ﬁbrous cap thickness, lipid core Young modulus and blood pressure. In this context,
it is relevant to assess plaque morphology, composition and biomechanical properties to prevent stroke events. Mechanical properties
of the arterial wall have been the subject of numerous researches
and various tools have been developed using ultrasound imaging to
measure compliance, distensibility, stiffness [9–12], and elasticity
[13–17].
Elastography is an ultrasound imaging technique for estimating
elastic properties of tissues [18]. It has been extensively studied
for the diagnosis of breast, liver, prostate and thyroid [17]. In the
context of diagnosis of arterial vascular diseases, the pioneer work
in intravascular elastography by [19–22] using intravascular ultrasound (IVUS) catheter has shown the ability to distinguish between
ﬁber, ﬁbro fatty and fatty plaque components based on the radial
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strain. Later, different components of the full strain tensor were
proposed and studied [23–32] in the context of human coronary
and carotid arteries. More recently, IVUS elastography has led to
a promising tool known as modulography [13,16,33–38], which
aims at computing the Young modulus mapping of the arterial wall.
Although IVUS imaging provides a higher spatial resolution than
external echography, the main modality used for superﬁcial vessels, such as the carotid artery, is external echography due to its
non-invasiveness. Elastography studies have been performed on
human carotid arteries using cross-correlation algorithms [39–42]
and the Lagrangian speckle model estimator (LSME) [43–46], which
allows the computation of the complete 2D strain tensor. Thus, the
LSME gives access from a single optimization to axial and lateral
strains and shears. These studies have shown a potential for noninvasive vascular elastography (NIVE) to evaluate arterial stiffness
and plaque morphology based on strain and shear maps. In both
IVUS and NIVE elastography, the natural pulsation of the blood
ﬂow induces vessel motion and deformation, which are detected
by ultrasound speckle tracking applied on either B-mode or radiofrequency (RF)-mode data.
Noninvasive vascular imaging techniques still present challenges. Due to the low lateral resolution of external echography
using standard beamforming, the lateral components of the displacement gradient matrix are less reliable than the axial ones
[47–49], thus limiting the evaluation of the strain tensor to the axial
strain and shear components. In this context, one would prefer a
longitudinal analysis of the artery to a cross-sectional one, since displacements and deformations will then mainly occur in the axial
direction. Moreover, it has been shown, with IVUS elastography
[50,51] and NIVE [52], that the strain tensor depends on the coordinate system and needs to be corrected for a reliable interpretation.
In IVUS, due to the catheter eccentricity, the strain tensor needs to
be transformed towards the vessel coordinate system. Similarly, in
external elastography, the strain tensor can be compensated for the
local wall deformation direction.
The ﬁrst goal of this paper is to provide a new local compensation
method based on the plane strain condition in the context of NIVE.
Previous angle correction methods for the strain estimate were presented to obtain a compounded strain image or to determine the
normal strain tensor, in the context of beam-steered data [53–57].
However, the beam-steering approaches consider angles (for each
direction of the beam-steering) that are global to the image. As far
as we know, this is a difference with our proposed angle compensation method, where the angle is computed locally on measurement
windows. The effect of the angle compensation on the axial strain
time-varying curves was also investigated. Moreover, the resulting
temporal strain rate evolution – a parameter that was previously
described for cardiac strain application [58–64] – is presented and
discussed in this work. In order to compute the strain rate, a ﬁltering method that keeps the principal frequency components close
to the heartbeat frequency is introduced. It is shown that the strain
rate computed on the ﬁltered axial strain curves is able to differentiate normal from atherosclerotic carotid walls, with or without
the angle compensation.

2. Materials and methods
With the database described next, we propose pre-processing
steps to optimize the reliability of axial strain estimates. The
scheme ﬁrst requires an initialization followed by an automatic
segmentation of all frames of a video RF-mode sequence of the
carotid artery; the computation of the elastogram within the segmented region of all frames; the determination of the time-varying
mean strains within the segmented region; the angle compensation of mean strain values; the bandpass ﬁltering of time-varying

mean strain curves; and the extraction of quantitative structural
parameters for diagnostic purpose. These pre-processing steps are
described below.
2.1. Recruitment of participants
All subjects signed a written informed consent form approved
by the ethical committee of the University of Montreal Hospital
Research Center. Fifteen healthy subjects had no sign of carotid
plaque and they had no history of cardiovascular or cerebrovascular diseases. Seven women and eight men, ranging in age from
41 to 71 years, constituted the healthy group. The atherosclerotic
group diagnosed with a carotid stenosis of at least 50% in diameter reduction was composed of 4 women and 17 men, for a total
of 21 patients, aging from 56 to 80 years old. Since one of the
objectives of this study was to propose a compensation method
to correct axial strain distributions for both near and far walls,1 we
have only selected patients for which one of the internal carotid
arteries exhibited a plaque on both near and far walls of the vessel.
2.2. Data acquisition
To identify the carotid plaque, the ﬁrst step of the acquisition process consisted of a conventional duplex B-mode and echo
Doppler examination with a Philips 5000 system (Philips Medical Systems, Bothell, WA, USA). As shown in Fig. 1, Doppler scan
helps locating hypoechoic plaques, which can be difﬁcult to see in
conventional B-mode examination. Next, RF data were recorded
with a Sonix RP scanner (Ultrasonix, Vancouver, BC, Canada) using
a 10 MHz frequency transducer (model L14-5/38, 128 elements,
7.2 MHz center frequency with a fractional bandwidth of 70% at
−6 dB) with a sampling frequency of 40 MHz. The nominal center
frequency was around 5.2 MHz on the RF data due to the highfrequency tissue attenuation. The RF acquisition frame rate varied
from 16 to 42 images per second according to the depth of ﬁeld of
the RF images (based on the location of the wall or plaque). For the
15 subjects with healthy carotids, both carotids were imaged (left
and right). For the 21 patients, the image was acquired on the side
of the plaque.
2.3. Image segmentation
Longitudinal image sequences of a few seconds of the internal carotid artery were segmented using semi-automatic methods
described elsewhere [65,66]. Healthy subject sequences were
treated with the algorithm described in [65]. This algorithm performs the segmentation of the intima-media thickness (IMT) using
prior knowledge on the size of the human IMT and a likelihood
based on mixtures of Nakagami distributions used to describe
ﬁrst order statistics of the RF echo envelope. In this context, the
IMT refers to the intima-media complex, with boundaries made
of the lumen-intima and media-adventitia interfaces. The statistical parameters of the mixtures of Nakagami distributions were
estimated using an Expectation-Maximization algorithm [67]. The
segmentation of the IMT (for healthy vessel walls) is viewed as
the maximum a posteriori (MAP) of a Bayesian model, which was
computed with a stochastic optimization algorithm. This semiautomatic segmentation method requires a user to manually select
3–5 points within the IMT on a single (arbitrary) reference frame.
It was demonstrated in [65] on a database of 30 sequences of ultrasonic B-mode images of presumably disease-free control subjects

1
Near and far walls of the carotid artery are deﬁned with respect to the probe
position.
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Fig. 1. Longitudinal color-Doppler image of the right proximal internal carotid artery of a patient acquired with the Philips 5000 ultrasound system (left) and its corresponding
B-mode image (right). The maximal depth of each image is 3.5 cm and the distance between the scale graduation marks is 1 cm.

that the segmentation method was within the variability of the
manual segmentations by two experts.
Atherosclerotic group sequences were segmented using another
method described in [66]. As the previous one, it takes a manual
segmentation in a reference frame as input, reﬁnes that segmentation, and tracks this region over the whole video sequence. The
prior of the underlying Bayesian model of this algorithm is based
on motion ﬁeld estimation and is used as a spatio temporal constraint. As carotid plaques are usually more heterogeneous, the
likelihood based on mixtures of Nakagami distributions is particularly convenient here. It was shown in [66] on a database of
94 sequences of 33 patients that the segmentation algorithm was
not sensitive to the degree of stenosis or calciﬁcation present in
the plaque. Moreover, paired t-tests with a conﬁdence level of
0.05 showed that there were no signiﬁcant difference in the semiautomatic segmentations with or without random perturbation of
the manual initializations of the reference frame within a distance
of 0.5 mm. Thus, the segmentation method is robust to a certain
lack of precision in the manual initialization of the segmentations
of the reference frame.
In both cases, plaques and normal walls were segmented in the
reference frame of the sequence by a technician. Both near and far
walls of the vessel were segmented separately. All segmentations
were validated by a radiologist (G.S.).
2.4. Elastogram computation
Elastograms were computed using the LSME previously developed in [43,68,69]. This algorithm allows the estimation of the
four components of the 2D displacement gradient matrix in the
image plane, from which the strain components are deduced (axial
and lateral strains and shears). The computations are performed
on small regions-of-interest (ROIs) also called measurement windows. The ﬁrst step of this implementation compensates for the
translation motion of the ROI, using a cross-correlation method. In
the second step, the displacement gradient matrix is computed by
solving an extended version of the optical ﬂow equation [69], in
which the displacement ﬁeld is assumed to be linear in the ROI and
is approximated by its ﬁrst order Taylor expansion. This second step
provides a sub-pixel translation, as well as the four components of
the 2D displacement gradient matrix.
For all healthy and atherosclerotic subjects, each measurement
window was set to 1.540 mm axially × 3.125 mm laterally, with 94%
axial and 90% lateral overlaps as in [44,45,52]. The choice adopted
in these references was an empirical tradeoff between sensitivity
and resolution: the better the sensitivity, the lower the resolution of
the elastogram. As for the overlapping of the ROIs, since a healthy
IMT is typically less than 1 mm thick [4], a high axial and lateral
overlap is necessary to obtain a signiﬁcant number of points in the

elastograms. The lateral overlap allows spatial smoothing along the
artery wall in longitudinal views. To avoid spurious estimates of
the displacement gradients due to the blood ﬂow, each measurement window was clipped to remove the lumen area, thus limiting
estimates to vessel wall tissue deformations. Any given elastogram
within a cardiac cycle was computed from pair of consecutive
images in the RF sequence. All elastograms were post-processed
using a 5 × 5 pixel median ﬁlter to remove potential outliers.
More details are now given. In the sequel, the longitudinal image
plane is represented by the (x, y)-plane and the z-axis denotes the
axis perpendicular to that plane; see Figs. 1 and 2. The x-axis is
chosen so that it is perpendicular to the ultrasound beam. Next, one
 = (Ux , Uy , Uz ) correconsiders the displacement ﬁeld in the form U
sponding to the motion and deformation of the arterial wall under
the intraluminal pressure in a small ROI. Namely, one assumes
 xt−1 ), where xt−1 and xt are the positions
the model xt = xt−1 + U(
of a same material point in the ROI at two instants t − 1 and t
corresponding to two consecutive frames (see [69]). Adopting a
ﬁrst-order approximation of the displacement ﬁeld in the ROI, one
 xt−1 ) =  + xt−1 , where  is a constant vector depending
writes U(
only on the ROI center and  denotes the material displacement
gradient matrix estimated at the center of the ROI:
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Fig. 2. Illustration of the image coordinate (x, y, z)-system related to the ultrasound
(US) beam direction and the local (x0 , y0 , z0 )-system, for which the plane strain
condition in the (y0 , z0 )-plane holds. The local angle , which depends on the regionof-interest (ROI), represents the angle between the y and y0 -axes.
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Next, as in [43,68], the strain tensor ε is approximated by the symmetric real-valued matrix

⎛
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coincide with the (x, y) coordinate system deﬁned earlier. If the
arterial wall motion is not perfectly aligned with the ultrasound
ﬁeld, a bias2 is introduced in the strain estimation [52,58]. In addition, because of the heterogeneity of the vascular tissue, mechanical
interaction between tissue components may further change locally
the tissue principal motion orientation. Those local changes in orientation may occur when, for example, a calciﬁed nodule interacts
with a soft lipid pool in a pulsating atherosclerotic plaque. If a
plaque component occupies a given measurement window, the
LSME implementation can determine locally this orientation relative to the ultrasound beam.
Recall from Section 2.4 that the longitudinal image plane is represented by the (x, y)-plane, with the x-axis perpendicular to the
ultrasound beam, and that the z-axis denotes the axis perpendicular to that plane. The goal of the proposed angle-compensation
method is to determine locally on each ROI the orthogonal coordinate system (x0 , y0 , z0 ) for which a plane strain condition occurs in
the (y0 , z0 )-plane. The following hypothesis was adopted, based on
the geometry of the longitudinal image acquisition:

(2)

εzz

Restricting
 the strain tensor ε to the longitudinal image plane, one
εxx εxy
obtains
, where εxx = xx and εyy = yy are the axial and
εxy εyy
lateral strains, respectively, εxy = (xy + yx )/2 is the shear strain,
and xy and yx are called the lateral and axial shear strains,
respectively.

xx xy
The 2D displacement gradient matrix 2D =
yx yy
is estimated from the corresponding 2D displacement model
 2D (xt−1 ) = 2D + 2D xt−1 . The translation vector is ﬁrst roughly
U
estimated by a vector  1 using a cross-correlation method that
compares the given measurement window with the surrounding
ones. Let It−1 (x, y) be the pre-motion image in the measurement
1 (x, y) be the pre-motion image translated by
window and let It−1
the vector  1 . Then, one considers the vector  2 and the 2 × 2
matrix 2D that is a solution to the nonlinear minimization prob1 (x, y) − I
2
lem min2 , ||It−1
Lag (x, y)|| . Here, ILag is the post-motion
image It (x, y) compensated for tissue motion and deformation by  2
and 2D [43,68]. Thus, although the matrix 2D can be interpreted
in terms of the displacement gradients, it is actually computed
using optical ﬂow, as proposed in [69]. The translation vector  1
takes care of a large displacement, whereas the vector  2 reﬁnes it.
Altogether, the translation vector is the sum  2D =  1 +  2 and the
matrix 2D yields the axial and lateral strains, as well as the shears.

(H1) The x0 and y0 -axes and the artery longitudinal axis are in the
image (x, y)-plane.
From hypothesis (H1), the (x0 , y0 )-plane coincides with the (x,
y)-plane. Therefore, the z and z0 -axes coincide also. Hence, it follows that the two reference systems (x, y, z) (the image reference
system) and (x0 , y0 , z0 ) are related by a rotation with angle  around
the z-axis; see Fig. 2. Thus,  represents the angle between the y0 axis and the direction parallel to the ultrasound beam in the image
plane (i.e., the y-axis).
 = (Ux , Uy , Uz ) be the displacement ﬁeld corresponding to
Let U
the motion and deformation of the arterial wall under the intraluminal pressure and ﬂow in a small ROI (see Section 2.4). Let 
be the displacement gradient matrix of Eq. (1) and ε be the corresponding strain tensor matrix as in Eq. (2). Corresponding to the
two reference systems, we write 0 or  in the (x0 , y0 , z0 ) reference system and the image (x, y, z) reference system, respectively.
A similar notation was adopted for the displacement ﬁeld and the
strain tensor.
The plane strain condition in the (y0 , z0 )-plane is now expressed
by making the two following hypotheses on the deformation of the
arterial wall:

2.5. Strain curve calculation and cardiac cycle detection
Each axial strain computed within all measurement windows of
the segmented area of the carotid wall (normal wall or plaque) was
spatially averaged over the whole near and far walls separately.
The mean value of each elastogram of the sequence was plotted to
obtain one strain curve over time for each wall of the carotid. This
instantaneous axial strain curve was used to detect the systolic and
diastolic phases. To validate the localization of systolic and diastolic
phases on the strain curves, the M-mode image was reconstructed
from RF time-varying images, showing the motion of the selected
wall over time. The time-varying plots normally followed the cardiac cycle periodicity. Strain curves were also computed using the
axial strain component after compensation for the angle to insure
the plane strain condition, as described in Section 2.6. Moreover,
the strain curves were ﬁltered to compute the strain rate and other
strain parameters (Section 2.8), using the procedure described in
Section 2.7. However, only the unﬁltered instantaneous axial strain
curve and the M-mode were used for the localization of systolic and
diastolic phases.

(H2) The displacement component Ux0 ≡ constant within a small
ROI, which means that the deformation of the tissue occurs
only within the cross sectional (y0 , z0 )-plane.
(H3) The displacement components Uy0 and Uz0 are homogeneous
along the x0 -axis within the ROI, i.e. they do not depend on
the coordinate x0 .
Hypothesis (H2) and the deﬁnition of Eq. (1) implies that 0xx =
0xy = 0xz = 0, whereas hypothesis (H3) implies that 0yx = 0zx =
0. From there, it follows that the strain tensor in the (x0 , y0 , z0 ) reference system satisﬁes the identities: ε0xx = ε0xy = ε0xz = 0. Let ε be
the strain tensor in the image reference system. Then, assumption
(H1) yields the relation:

2.6. Angle-dependence compensation
The axial strain component in NIVE is evaluated along the ultrasound beam direction of propagation since measurement windows
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One then obtains from Eq. (3) the following relation in the longitudinal 2D image plane:
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The axial strain in the direction y0 (ε0yy = 0yy ) is thus the deformation in the image plane that satisﬁes the plane strain condition and
is related to the estimated axial strain (εyy = yy ) in the ultrasound
beam direction and the angle  by the following expression:
ε0yy

=

εyy
cos2 

cutoff frequency was set to 0.33 Hz (20 breaths per minute). The
upper cutoff frequency was chosen equal to two times the main
frequency component of the spectrogram so that all harmonic
frequencies were removed. Finally, the original strain curve was
simply convolved with this bandpass ﬁlter. Note that the ﬁltering
process is subject dependent but is automatically implemented. In
that process, the lower cutoff frequency is ﬁxed. The upper cutoff frequency is subject dependent (because the main frequency is
close to the heartbeat frequency), but is automatically estimated for
each sequence. Since the applied ﬁlter is bandpass, high frequencies are removed so that the ﬁltering process may remove details
from the time-varying strain curve.
2.8. Quantitative extraction of strain parameters

.
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Using Eq. (4), one can also deduce the value of the angle :
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As was already presented in [52], there is an underestimation
of the axial strain when the angle  is non-zero and the underestimation increases with the magnitude of the angle. Eq. (6) explains
this relation by showing the effect of the rotation by an angle  on
the axial strain. Thus, viewing the aligned axial strain ε0yy as the
quantity to estimate, one obtains a bias εyy − ε0yy equal to
(1 − cos2 )ε0yy

(8)

on that quantity when its estimation is based directly on the
non-compensated axial strain εyy . Note that the incompressibility
condition imposes that ε0zz = −ε0yy .
In summary, the proposed angle compensation consists of the
following steps:
(1) Let xy , yx and yy be evaluated in the small ROI as in Section
2.4 (the image plane is the (x, y)-plane and the x-axis is chosen
perpendicular to the ultrasound beam). Set εyy = yy and εxy =
(xy + yx )/2.
(2) Compute  based on Eq. (7).
(3) Compute the estimated value of ε0yy based on Eq. (6). This is the
axial strain in the direction of the y0 -axis (corresponding to the
plane strain condition).
Note that these angle-compensation steps are applied on each
measurement window. In our implementation, a Gaussian ﬁlter
was used on the angle map to impose a spatial coherence on the
compensation angles. In the reported tests, the lateral and axial
standard-deviations of that ﬁlter in the frequency domain were
equal to 3 divided by the lateral or axial dimensions of the whole
ultrasound image, respectively.

The strain rate has already been used to describe myocardial
function [58,64]. It quantiﬁes the speed of deformation of a given
structure. In our study, it is deﬁned as the speed of deformation
of the arterial wall during the cardiac cycle. It was obtained as the
derivative of the instantaneous ﬁltered strain curve as a function of
time.
As mentioned in Section 2.5, the localization of the systolic and
diastolic phases were done with the M-mode and the instantaneous
unﬁltered axial strain curves. Then, from the ﬁltered instantaneous
axial strain curves, two strain parameters were extracted. The mean
systolic axial strain (MSAS) and mean diastolic axial strain (MDAS)
represent the mean value, from all cardiac cycles available for
a given subject, of systolic and diastolic peaks, respectively. The
sum of each instantaneous strain value gives the cumulated timevarying strain curve. To prevent error accumulation over time, the
cumulated strain curve is computed on each cardiac cycle from the
instantaneous strain curve minus its average over the cycle (so, the
cumulated strain curve has a value of 0 at the end of each cycle).
The difference between the maximum and minimum peaks of each
cycle of the cumulated curve was averaged to obtain the cumulated axial strain (CAS). See [42] for cumulated axial strain curves.
Two mean values, the maximum strain rate (MaSR) and minimum
strain rate (MiSR), were also extracted from the strain rate curve by
taking the mean, from all cardiac cycles, of the maximum and minimum strain rate peaks. Illustration of these parameters are given
in Section 3. See [58–63] for cardiac strain applications based on
strain rates.
In order to take into account the variation in the frame rate, heart
rate and pressure pulse, these three quantities were combined as in
[45, p. 3439, Eq. (1)] to produce the pressure gradient denoted P.
The strain parameters MSAS, MDAS and CAS were then normalized
by the pressure gradient. In the sequel, these parameters are not
normalized by the pressure gradient unless otherwise stated.
3. Results
3.1. Image segmentation

2.7. Filtering of the strain curve
Movement of the operator or of the patient during the RF image
acquisition can cause artifacts in the instantaneous strain curve. To
remove as much as possible those artifacts for the estimation of
the strain rates, a ﬁlter was applied in the spectral domain. First,
the main frequency component of the spectrogram of the timevarying instantaneous axial strains, corresponding to the heart
rate of the subject, was detected. Secondly, a bandpass ﬁlter was
designed using a Hanning window with upper and lower cutoff frequencies. In order to eliminate possible motion associated
with breathing, and knowing that the normal human respiratory
cadence is between 14 and 20 breaths per minute [70], the lower

Fig. 3 shows typical examples of a segmented IMT (Fig. 3 left) and
carotid plaque (Fig. 3 right). To illustrate the fact that plaques have
a more variable shape (in a 2D image) than healthy IMTs, we considered the coefﬁcient of variation (standard deviation over mean
value, expressed with no units) of the axial width (CVAW) over the
segmented region (plaque or IMT) for each frame of the sequences.
For a given sequence, the CVAW was averaged over all frames of
the sequence. The CVAW of the segmented IMT on the near walls
in the case of healthy carotids was 0.16 ± 0.067 (n = 30), whereas it
was 0.17 ± 0.056 (n = 30) for the far walls. There was no statistically
signiﬁcant difference between these two values (p = 0.573). For the
segmented plaques, the CVAW was equal to 0.42 ± 0.14 (n = 21)
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Fig. 3. Healthy intima-media thickness (IMT) segmented using the algorithm described in [65] (left) and an atherosclerotic plaque segmented using the method of [66]
(right), in the reference frame of the respective sequences. Note that the clinician chose the portions of the IMT or plaque in the reference frame of each sequence to be
segmented that were clearly identiﬁable.

for the near walls and 0.44 ± 0.095 (n = 21) for the far walls, again
with no signiﬁcant difference between the two values (p = 0.482).
As expected, the CVAW for plaques was signiﬁcantly larger than for
the IMTs of healthy carotids for either walls. The statistical tests performed were t-tests with a conﬁdence level ˛ = 0.05. The segmented

IMTs in the case of healthy carotids had an average thickness of
0.85 ± 0.16 mm on the near walls and 0.71 ± 0.17 mm on the far
walls (n = 30). The segmented plaques had an average thickness of
6.35 ± 2.96 mm on the near walls and 6.39 ± 2.50 mm on the far
walls (n = 21).

Fig. 4. Systolic axial strain elastograms (a)–(c), and diastolic elastograms (d)–(f) on three successive cardiac cycles on the near wall for a healthy subject (the dimensions
of the B-mode images are in mm) corresponding to Fig. 3 (left). Mean instantaneous unﬁltered axial strain and displacement over time (g) and (h) and M-mode image
reconstructed from radio-frequency (RF) data (i), which were used to select the systolic and diastolic phases.

Author's personal copy
E. Mercure et al. / Computerized Medical Imaging and Graphics 38 (2014) 123–136

129

Fig. 5. Systolic axial strain elastograms (a)–(c), and diastolic elastograms (d)–(f) on three successive cardiac cycles on the far wall for a healthy subject (the dimensions of
the B-mode images are in mm) corresponding to Fig. 3 (left). Mean instantaneous unﬁltered axial strain and displacement over time (g) and (h) and M-mode image (i), which
were used to select the systolic and diastolic phases.

3.2. Elastogram computation
The number of cardiac cycles per sequence for this study was
equal to 3.9 ± 1.5. For the healthy carotids, the number of measurement windows per frame used in the computation of elastograms
was equal to 306 ± 88 (n = 3821). For atherosclerotic arteries, this
number was equal to 2253 ± 1010 (n = 2242). Fig. 4 shows the good
reproducibility of axial strain maps for the near wall of a healthy
carotid. The mean instantaneous axial strain over time is displayed
with the M-mode image to indicate the good correspondence
with systolic and diastolic peaks. The mean axial displacement
appearing in that ﬁgure is computed as the average over the segmented wall of the y-component of the vector  (see the paragraph
before Eq. (1)). See also Fig. 5 for the far wall of the same sequence
and Fig. 6 for a plaque on the far wall of an atherosclerotic carotid.

3.3. Strain curve calculation and cardiac cycle detection
Figs. 4g, 5g and 6g show the mean unﬁltered instantaneous
axial strain curves that were used for the localization of systolic
and diastolic phases, where negative strains correspond to the vessel wall compression phase (systole) and positive strains to vessel
wall stretching (diastole). The M-mode images that were used to
validate that choice are displayed in Figs. 4i, 5i and 6i. As one
can see from these ﬁgures, the main vessel wall tissue contraction
corresponded to the instant where the wall received an impulse
due to the blood ﬂow causing its abrupt movement. Incidentally,

that moment corresponds to the instant where the frame-to-frame
mean axial displacement of the vessel wall was highest (hence,
corresponding to a maximum velocity); see Figs. 4h, 5h and 6h.

3.4. Filtering of the instantaneous strain curves
As seen in Figs. 7 and 8 (top and middle panels), the instantaneous and cumulated strain curves show the same proﬁle (but
inverted) as a typical blood pressure curve or its gradient, respectively, throughout the cardiac cycle. As a result of ﬁltering the
original strain curves, cyclic variations were often more representative of the systolic and diastolic phases of the cardiac cycle
(see Fig. 8 top). For this speciﬁc example of a case with a poor
signal-to-noise ratio, the band-pass ﬁltering allowed removing
random high-frequency ﬂuctuations; also, low-frequency timevarying breathing artifact is noted on this example, as shown in
Fig. 9 top. Moreover, the ﬁltering process allowed the computation
of the strain rate over the cardiac cycle (see Fig. 8 bottom). The
effect of the ﬁltering process on the power spectrum of the axial
deformation curve is illustrated for this example in Fig. 9.

3.5. Effect of the angle-dependence compensation
Using Eq. (7), the scanning angle  was evaluated for each measurement window of all elastograms. With the corresponding angle
and Eq. (6), the estimated axial strain was corrected. See Fig. 10 for
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Fig. 6. Systolic axial strain elastograms (a)–(c), and diastolic elastograms (d)–(f) on three successive cardiac cycles on the far wall for a patient (the dimensions of the B-mode
images are in mm) corresponding to Fig. 3 (right). Mean instantaneous unﬁltered axial strain and displacement over time (g) and (h) and M-mode image (i), which were used
to select the systolic and diastolic phases.

different (p ≤ 0.02), except for the MiSR value that was close to
signiﬁcance (p = 0.06). See Table 1 for more details.

an illustration of the variation of the compensation angle over an
atherosclerotic plaque on the near and far walls of a carotid artery.
The MSAS, MDAS, CAS, MaSR and MiSR values were evaluated,
obtained from the ﬁltered strain curves, before and after angle
compensation. For the healthy group, the difference between non
compensated and compensated parameters was statistically signiﬁcant for near (p ≤ 0.01) and far (p ≤ 4 ×10−5 ) walls. For the
atherosclerotic group, this difference was also signiﬁcant for the
near wall (p ≤ 5 ×10−4 ) and for the far wall, it was signiﬁcantly

3.6. Strain difference between near and far walls and between
populations
The MSAS, MDAS and CAS values were calculated after angle
compensation and ﬁltering of the strain curve as well as MaSR
and MiSR. For healthy subjects, paired t-tests showed statistically

Table 1
Mean (in % or % s−1 ) and coefﬁcient of variation (CV = standard deviation/absolute value of mean) of ﬁve strain parameters (after ﬁltering) for far and near walls of healthy
and atherosclerotic subjects without or with angle compensation (AC).
Group

Wall

AC

MSASa

MDASb

CASc

MiSRd

MaSRe

Mean

CV

Mean

CV

Mean

CV

Mean

CV

Mean

CV

Healthy (n = 30)

Far

No
Yes

−0.31
−0.33*

0.70
0.68

0.35
0.38*

0.64
0.62

1.79
1.94*

0.53
0.52

−3.34
−3.68*

0.51
0.49

4.17
4.49*

0.52
0.50

Healthy (n = 30)

Near

No
Yes

−0.19
−0.22*

0.81
0.84

0.24
0.27*

0.89
0.80

1.16
1.33*

0.71
0.72

−2.17
−2.46*

0.94
0.87

2.30
2.64*

0.68
0.71

Patho (n = 21)

Far

No
Yes

−0.20
−0.23*

0.75
0.83

0.24
0.28*

1.06
1.05

1.49
1.71*

0.85
0.85

−1.66
−1.89 (p=0.06)

0.84
0.97

2.02
2.29*

0.82
0.88

Patho (n = 21)

Near

No
Yes

−0.18
−0.20*

0.86
0.83

0.22
0.25*

0.75
0.68

1.26
1.41*

0.63
0.58

−1.74
−1.96*

1.06
0.99

1.98
2.21*

1.05
0.98

a
b
c
d
e
*

Mean systolic axial strain.
Mean diastolic axial strain.
Cumulated axial strain.
Minimum strain rate.
Maximum strain rate.
Represents a statistically signiﬁcant difference between AC or no AC obtained from paired t-tests.
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Fig. 7. Top: Original (dashed blue) and ﬁltered (black) instantaneous strain curves of the far wall of the left internal carotid of a healthy subject over seven consecutive
cardiac cycles, with systolic (red) and diastolic (green) points indicated. Middle: corresponding cumulated strain curve (black) calculated from the ﬁltered instantaneous
strain curve, with minima (cyan) and maxima (magenta) indicated on each cycle. Bottom: strain rate curve (black) obtained from the ﬁltered instantaneous strain curve,
with minima (yellow) and maxima (blue) indicated on each cycle. See Fig. 5 for the corresponding elastograms, mean displacement curve and M-mode. (For interpretation
of the references to color in this ﬁgure legend, the reader is referred to the web version of the article.)

signiﬁcant differences (p ≤ 0.02) between near and far walls for all
strain parameters (see Table 2). For the atherosclerotic group, no
statistically signiﬁcant differences (p ≤ 0.44) between near and far
plaques were observed (Table 2).
Statistically signiﬁcant differences were found between healthy
and atherosclerotic carotid arteries, for MaSR (p = 0.001) and MiSR
(p = 8 ×10−4 ) parameters of the far wall (see Table 3, which presents
results of Table 2 by emphasizing differences between groups).
The receiver operating characteristic (ROC) curve was computed
for these two parameters (by varying the threshold that classiﬁes healthy from atherosclerotic carotid arteries). The area under
the ROC curve (AUC) was equal to 0.842 for the MaSR parameter
and equal to 0.828 for the MiSR parameter. We also found that

there were signiﬁcant differences between healthy and atherosclerotic carotid arteries, for MaSR (p = 5 ×10−4 ) and MiSR (p = 4 ×10−4 )
parameters of the far wall, when no angle compensation was
applied. The AUC for the corresponding ROC curves were equal to
0.837 and 0.826 for the MaSR and MiSR parameters, respectively.
See Fig. 11 for an illustration of the ROC curves.
There were statistically signiﬁcant differences between healthy
and atherosclerotic carotid arteries, for MSAS (p = 0.019), MDSA
(p = 0.002) and CAS (p = 0.017) parameters of the far wall after angle
compensation and normalization by the pressure gradient (see
Table 4). The area under the ROC curve (AUC) was equal to 0.696
for the MSAS parameter, 0.762 for the MDAS and equal to 0.699 for
the CAS parameter.

Table 2
Mean (in % or % s−1 ) and coefﬁcient of variation (CV = standard deviation/absolute value of mean) of ﬁve strain parameters (after ﬁltering and angle compensation) for far
and near walls of healthy and atherosclerotic subjects.
Group

Wall

MSASa

MDASb

CASc

MiSRd

MaSRe

Mean

CV

Mean

CV

Mean

CV

Mean

CV

Mean

CV

Healthy (n = 30)

Far
Near

−0.33
−0.22*

0.68
0.84

0.38
0.27*

0.62
0.80

1.94
1.33*

0.52
0.72

−3.68
−2.46*

0.49
0.87

4.49
2.64*

0.50
0.71

Patho (n = 21)

Far
Near

−0.23
−0.20

0.83
0.83

0.28
0.25

1.05
0.68

1.71
1.41

0.85
0.58

−1.89
−1.96

0.97
0.99

2.29
2.21

0.88
0.98

a
b
c
d
e
*

Mean systolic axial strain.
Mean diastolic axial strain.
Cumulated axial strain.
Minimum strain rate.
Maximum strain rate.
Represents a statistically signiﬁcant difference between far and near walls obtained from paired t-tests.
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Fig. 8. Top: Original (dashed blue) and ﬁltered (black) instantaneous strain curves of a plaque located on the far wall of the left internal carotid of a patient over four
consecutive cardiac cycles, with systolic (red) and diastolic (green) points indicated. Middle: corresponding cumulated strain curve (black) calculated from the ﬁltered
instantaneous strain curve, with minima (cyan) and maxima (magenta) indicated on each cycle. Bottom: strain rate curve (black) obtained from the ﬁltered instantaneous
strain curve, with minima (yellow) and maxima (blue) indicated on each cycle. See Fig. 6 for the corresponding elastograms, mean displacement curve and M-mode. (For
interpretation of the references to color in this ﬁgure legend, the reader is referred to the web version of the article.)

Table 3
Mean (in % or % s−1 ) and coefﬁcient of variation (CV = standard deviation/absolute value of mean) of ﬁve strain parameters for near and far walls of healthy and atherosclerotic
subjects. Note that values are the same as Table 2, but they are reorganized to emphasize differences between groups.
Wall

Group

MSASa
Mean

CV

Mean

CV

Mean

CV

Mean

CV

Mean

CV

Far

Healthy (n = 30)
Patho (n = 21)

−0.33
−0.23

0.68
0.83

0.38
0.28

0.62
1.05

1.94
1.71

0.52
0.85

−3.68
−1.89*

0.49
0.97

4.49
2.29*

0.50
0.88

Near

Healthy (n = 30)
Patho (n = 21)

−0.22
−0.20

0.84
0.83

0.27
0.25

0.80
0.68

1.33
1.41

0.72
0.58

−2.46
−1.96

0.87
0.99

2.64
2.21

0.71
0.98

a
b
c
d
e
*

MDASb

CASc

MiSRd

MaSRe

Mean systolic axial strain.
Mean diastolic axial strain.
Cumulated axial strain.
Minimum strain rate.
Maximum strain rate.
Represents a statistically signiﬁcant difference between healthy and atherosclerotic subjects obtained from t-tests.

Table 4
Mean (in % mm Hg−1 ) and coefﬁcient of variation (CV = standard deviation/absolute value of mean) of three strain parameters for near and far walls of healthy and atherosclerotic subjects corrected for the pressure gradient between two consecutive RF images.
Wall

Group

MSASa
Mean

CV

Mean

CV

Mean

CV

Far

Healthy (n = 30)
Patho (n = 21)

−0.103
−0.060*

0.71
0.92

0.124
0.068*

0.64
0.99

0.627
0.443*

0.51
0.85

Near

Healthy (n = 30)
Patho (n = 21)

−0.072
−0.046

0.88
0.64

0.095
0.059

1.02
0.70

0.455
0.343

0.82
0.59

a
b
c
*

MDASb

Mean systolic axial strain.
Mean diastolic axial strain.
Cumulated axial strain.
Represents a statistically signiﬁcant difference between healthy and atherosclerotic subjects obtained from t-tests.
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Fig. 9. Example of the power spectrum of the axial deformation curve before (top)
and after (bottom) applying the ﬁltering process, corresponding to the instantaneous
strain curves of Fig. 8.

4. Discussion

see for instance [19,44,45,52,71]. Such overlapping between
measurement windows results in correlations between the corresponding measures on adjacent pixels. This fact implies a spatial
consistency of the measures within the image; see Figs. 4–6 and 10.
Concerning the angle-dependance compensation method
(Section 2.6), note that both hypotheses (H2) and (H3) do not imply
the absence of motion along the x0 -axis; indeed, a non-vanishing
constant translation component along that axis is allowed in the
proposed model. One of the limitations of the proposed model is
that motion out of the image plane is not measurable. Fortunately,
under the proposed hypotheses, the expression of the compensation angle amplitude does not depend on the measurement of the
lateral strain component εxx = xx , which is not reliable [49].
The instantaneous strain values obtained in the present study
are consistent with the values reported in the previous study on

1.0

1.0

0.8

0.8

True positive fraction

True positive fraction

Conventional elastographic algorithms use cross-correlation
techniques in small ROIs, combined with a multiscale approach
[71], temporal stretching [72], and/or interpolation [47] to estimate the displacement. Then, from the displacement ﬁeld, strain
components are derived using a least-squares strain estimator [73].
Those temporal approaches make the assumption that in each ROI,
the displacement ﬁeld is constant. Unlike these methods, the LSME
does not assume that the displacement ﬁeld in the given ROI is constant, but rather that it follows a linear model, which is theoretically
stronger. Furthermore, as the LSME method computes the full 2D
displacement gradient matrix from the RF data, it does not depend
on possible outliers present in a pre-computed displacement ﬁeld.
Moreover, unlike usual strain estimators, the LSME method does
not require a direct computation of displacement gradients to compute the 2D displacement gradient matrix. We thus believe that the
LSME is more reliable than cross-correlation techniques.
Concerning the elastogram computation (Section 2.4), important overlapping between measurement windows is not unusual;

Fig. 10. Illustration of the variation of the compensation angle  over an atherosclerotic plaque on the near and far walls of a carotid artery. On the far wall, the arrows
represent the unit vectors y0 computed on each region-of-interest (ROI) and forming a local angle  with the y-axis; for the near wall, the angles 180 −  are displayed.
See Fig. 2 for a schematic representation of the local angle . The color scale represents the axial strain (after angle compensation) indicating compression with spatial
average values of −0.5% in the near wall and of −0.67% in the far wall. Note that the
density of vectors was reduced to facilitate the visual interpretation. Also notice
that the direction of deformations are not only determined by the blood pressure
pulsation, but also by the blood ﬂow direction. (For interpretation of the references
to color in this ﬁgure legend, the reader is referred to the web version of the article.)
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Fig. 11. Receiver operating characteristic (ROC) curves for the maximum strain rate (MaSR) and minimum strain rate (MiSR) parameters with and without angle compensation.
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NIVE [45], which in turn were shown to be consistent with the distensibility values reported in [74–76]; see also the values reported
in [41] (but the age range of the patients is not indicated in that
reference).
We evaluated the difference in the strain behavior between near
and far walls of the carotid artery because we hypothesized that
both walls could be subjected to different stress conditions. Indeed,
the near wall motion can be restricted by the pressure applied by
the ultrasound probe during examination and RF data acquisition
[77]. In the same way, movements of the far wall can be limited
by other anatomical structures, such as a cervical vertebra. Also,
the fascia that surrounds the carotid artery can affect movements
of both walls in a different way. Thus, the difference in the strain
behavior between near and far walls of the carotid artery could be
explained by the fact that both walls are not subjected to the same
stress conditions. A recent article also showed a difference between
near and far walls of a healthy common carotid artery in term of
mean displacements [78]. They imputed this to the location of the
wall relative to the region of the acoustic radiation force impulse
(ARFI) of the ARFI imaging method. But for both ARFI and NIVE
methods, the pressure applied by the ultrasound probe can also
be seen as a mechanical excitation source. Further investigations
are required to conﬁrm these assumptions and explain differences
in behavior between normal and atherosclerotic carotid walls, by
considering limiting 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 jugular vein in an antero lateral
position. This allows the near wall to have greater displacements
than the far wall due to less limiting constraints and thus lower
strain. Furthermore, it is known that atherosclerotic arteries are
more rigid than healthy ones. In that case, we believe that differences in limiting conditions between the near and far walls have
less impact on the strain behavior of the arterial wall than the displacement behavior. Meanwhile, we suggest to analyze the near
and far walls in an independent manner.
Longitudinal scans of the carotid artery in non-invasive elastography can be difﬁcult to achieve, especially for the proximal
internal carotid section. This section of the artery is often tortuous,
deeper than the common artery and located behind the external
carotid. The bifurcation site can also be hard to reach, but these
two locations (proximal internal carotid and carotid bifurcation)
are prone to atherosclerosis development because of hemodynamic
perturbations. By comparing the present study to [45], we noticed
less artifacts on time-varying strain curves of healthy common
carotids than healthy and atherosclerotic internals. This may not
only be attributed to the state of the artery but to its location and
tortuosity.
An angle between the plane perpendicular to the principal axis
of the vessel and the ultrasound beam direction causes an underestimation of the estimated axial strain. This angle dependence
was evaluated in IVUS [50] and the same relation as in Eq. (6) was
obtained for the radial component of the strain, but the angle was
estimated from the position of the catheter in the lumen. In the proposed method, the goal was to ﬁnd the direction in the image plane
corresponding to the plane strain condition. Since the strain orientation within each measurement window is likely to be different for
a heterogeneous plaque, a local compensative model was proposed.
The difference between non compensated and compensated estimates was statistically signiﬁcant for almost all strain parameters
of the two groups (Table 1). However, when considering the discriminant power of the MaSR and MiSR parameters on the far wall
to distinguish between healthy and atherosclerotic arteries, it was
found that the AUC of the corresponding ROC curves were identical with or without angle compensation. From Fig. 10, the local
compensation angle seems to depend on the intraluminal pressure

and the blood ﬂow, and not only on the global angle between the
artery and the ultrasound beam direction. In the ﬁeld of echocardiography, velocity vector imaging (VVI) has been proposed to assess
quantitatively myocardial acceleration in normal left ventricle [79],
myocardial dysfunction [80], or left ventricular dyssynchrony [81].
As mentioned in [79, Discussion, p. 814], the velocity vector ﬁeld is
equivalent to the local frame-to-frame displacement. In Fig. 10, a
different vector ﬁeld was proposed: the ﬁeld of unit vectors in the
direction of the plane strain condition. In particular, the translation term in the displacement ﬁeld is removed from the proposed
vector ﬁeld, and there remains only information about the local
deformation.
Also, a ﬁltering process was introduced to remove motion artifacts (see Section 2.7). It resulted in a smoother strain curve
from which strain rate values were extracted. These parameters
(MaSR and MiSR – see Table 3) allowed to differentiate healthy
and atherosclerotic carotid arteries. The visual distinction on an
elastogram between an atherosclerotic lesion and its surrounding normal tissues has already been demonstrated [44], but so
far, no elastographic study gave evidence of signiﬁcant quantitative differences between normal and diseased subjects paired for
age. However, axial strains of healthy walls and plaques from 12
patients were compared in [41] in the context of NIVE.
The variable frame rate, heart rate and pressure pulse can be
confounding variables in the computation of the strain parameters.
However, these variables can be combined to yield an estimation
of the pressure gradient (as in [45]), which represents the pressure
step between two successive frames. Thus, normalizing the strain
parameters with the pressure gradient is an empirical method for
reducing the effect of the differences in frame rate, heart rate and
pressure pulse among the various acquisitions of RF data sequences.
From this point of view, it is important to record these variables
at the time of acquisition. Note that the MSAS, MDAS and CAS
present statistically signiﬁcant differences between healthy and
atherosclerotic carotids only after compensation by the pressure
gradient.
In this study, original and promising clinical indexes based on
maximal and minimal axial strain rate amplitudes were successfully used to highlight atherosclerotic subjects. However, knowing
that plaques are heterogeneous (namely, they are constituted of
calcium, lipids and ﬁbrosis), it would be desirable to implement a
segmentation process that would be able to distinguish the main
plaque components and thus allow a better diagnosis regarding the
risk of rupture. Indeed, it could be easier to interpret the mean axial
curves (such as in Fig. 6g) obtained by averaging the strain elastograms on each component of the plaque, since one would avoid
blending different types of elastograms together (corresponding to
different tissue components).
As seen in Figs. 4a–f and 5a–f, the variations in axial strain along
the wall might be quite large. Since these instantaneous strain maps
are taken at speciﬁc moments in the cardiac cycle, one might expect
more homogeneity in their values. However, it is known that blood
pressure induces a wave that propagates along the artery (the propagation of the pressure wave was measured in [82,83]), and hence,
is not a homogeneous constraint applied to the vessel wall. We
think that such a spatial variation in the pressure ﬁeld explains the
local variation in the strain maps presented in Figs. 4a–f and 5a–f.
We believe that this phenomenon is not necessarily a drawback for
the assessment of early signs of atherosclerosis (arterial stiffness)
or plaque characterization. Indeed, as of now, the Young modulus
mapping of vulnerable plaques has been successfully implemented
[16,36] based on the elastograms computed with the LSME model,
in the context of plaque characterization of coronary arteries with
intravascular ultrasound imaging. Recently, a relative elastic modulus reconstruction method was proposed [84] in the context of
NIVE. As mentioned above, a segmentation tool to distinguish the

Author's personal copy
E. Mercure et al. / Computerized Medical Imaging and Graphics 38 (2014) 123–136

various plaque components and evaluate their mechanical properties could be useful.
Hopefully, the strain rate parameters or the normalized strain
parameters combined with a local analysis of the strain maps may
make possible the prospective differentiation of stable versus vulnerable unstable plaques. Although this task has not been proven
yet with NIVE, it has been shown [46] that NIVE is feasible in
patients with signiﬁcant carotid stenosis and can detect the presence of a lipid core with high sensitivity and moderate speciﬁcity.
5. Conclusions
Determining the vulnerability of human atherosclerotic plaques
to rupture in order to prevent stroke would be greatly beneﬁcial to patients’ health. Since the rupture of a plaque is related
to its mechanical properties, the resulting axial strain maps have
been studied in this paper. The robustness of these measurements
to the great variability of acquisition conditions in a clinical context is a desirable property. In this paper, an angle-compensation
method was proposed to take into account locally on each measurement window the plane strain condition to avoid underestimation
of the estimated axial strain. The proposed angle-compensation
method used the (non-compensated) axial strain and axial and
lateral shears to produce the compensated axial strain. The difference between non compensated and compensated estimates
was statistically signiﬁcant for almost all strain parameters of the
two groups. The mean systolic, mean diastolic and cumulated axial
strains after normalization by the pressure gradient, as well as
the proposed maximum and minimum strain rates, which are
computed from the axial strain curves, allowed to differentiate
healthy and atherosclerotic carotid arteries. The area under the ROC
curves for these two strain rate parameters were almost identical with or without angle compensation and was larger than the
area under the ROC curves for the three normalized strain parameters. Despite this fact, we believe that the compensation angle
variation map over an atherosclerotic plaque might be an indicator
of plaque vulnerability. It may indeed reveal zones with heterogeneous mechanical structures deforming according to different
angulations. This hypothesis should be studied in future work.
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