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Abstract: Wall shear stress (WSS) plays an important role in the formation, growth, and rupture of
atherosclerotic plaques in arteries. This study measured WSS in diseased carotid artery phantoms
with degrees of stenosis varying from 0 to 60% with both steady and pulsatile flow. Experiments
were performed using in silico and real flow phantoms. Blood velocities were estimated using plane
wave (PW) vector Doppler. Wall shear stress was then estimated from the velocity gradient near
the wall multiplied by the viscosity of a blood-mimicking fluid. The estimated WSS using the in
silico phantom agreed within 10% of the ground-truth values (root-mean-square error). The phantom
experiment showed that the mean WSS and maximum WSS increased with the increasing degree
of stenosis. The simulation and experiment results provide the necessary validation data to give
confidence in WSS measurements in patients using the PW vector Doppler technique.

Keywords: wall shear stress; stenosis phantom; plane wave; vector Doppler

1. Introduction

Cardiovascular disease is responsible for approximately one-third of deaths world-
wide [1]. Atherosclerosis is the most common cardiovascular disease and involves the
deposition of lipids in the arterial wall, leading to the thickening of the wall and the
formation of a volume-lesion called a plaque, with the later stages of the disease involv-
ing the narrowing of the lumen of the artery, called a ‘stenosis’ [2]. A common site for
atherosclerosis is the carotid bifurcation, where plaque rupture can lead to stroke and death.
The surgical treatment of atherosclerosis is considered if the diameter reduction is greater
than 70% [3,4]. Current clinical practice for the selection of at-risk patients is based on a
minimum stenosis diameter as a measure of the risk of rupture and on patients’ symptoms.

It has become recognised that atherosclerosis develops as an interplay between the
local mechanical environment and biology, where central to this interplay is wall shear
stress (WSS). Early studies linked the development of atherosclerosis to regions of low
and/or oscillating WSS. Early plaques are associated with the preservation of the lumen
associated with outward remodelling, thought to be a response to a control mechanism in
which the WSS is kept within a narrow range. For the established plaque, the upstream
(proximal) side of the stenosis has high WSS [5,6]. A theory developed by Slager et al. [5]
states that the high WSS leads to a series of biological events, leading to the thinning of the
plaque wall and leaving the wall at risk of rupture. In addition, there is much experimental
and clinical evidence that inflammation contributes to the development and destabilization
of atherosclerosis but with a complex pathophysiology [7,8].

The measurement of WSS in the individual patient is therefore of potential interest
in understanding atherosclerosis and as a possible marker of the risk of the rupture of the
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plaque. Wall shear stress is estimated via the wall shear rate (WSR). The wall shear rate is
the velocity gradient estimated at the vessel wall. Its measurement, therefore, involves the
estimation of the velocities near the wall and the extrapolation of these velocities back to the
measured location of the wall to obtain the WSR. Finally, the WSS is obtained by multiplying
the WSR by the assumed viscosity of blood near the wall. Previous attempts to measure
WSS have used magnetic resonance imaging (MRI) [9,10] and patient-specific modelling
involving a combination of medical imaging and computational fluid dynamics [11,12].
The first reports of the ultrasound measurement of WSS were by Brands et al. [13] using
a single-beam Doppler approach. Recently, ultrafast Doppler [14] has been developed,
which has the advantages of a very high frame rate and a large field of view [15–19].
Flow phantoms are used to investigate the performance of ultrasound imaging methods,
including the validation of measurements of blood velocity and related quantities [20–23].
The geometry of the flow phantom may come from the reconstruction of MRI or Computed
Tomography (CT) scans [24] or from idealised geometries [25,26]. Based on an in vitro
experimental setup, Goudot et al. [27] discovered that plane wave (PW) vector Doppler
has the potential to estimate WSS in a straight tube but provided few details about the
used Doppler methodology. Wang et al. [28] used PW vector Doppler to estimate WSS in a
straight-vessel phantom and a 50% stenosed human femoral artery phantom under pulsatile
flow conditions. In these phantom studies, the influence of tissue was not considered, and
only one degree of stenosis was used. In terms of other aspects of WSS, such as increasing
the accuracy of WSS estimation, some researchers have developed methods to improve the
estimation accuracy of the near-wall velocity components [11,29].

In this paper, our aim is to investigate the association of the WSS in carotid artery
(CA) phantoms measured by PW vector Doppler with variations in the degree of stenosis.
This involved in silico experiments to determine the accuracy of the estimation of WSS and
laboratory experiments to investigate WSS in stenosis models.

2. Materials and Methods

To investigate the haemodynamics in the stenotic CA with different stenosis degrees,
four flow phantoms were prepared from a polyvinyl alcohol cryogel (PVA-C) vessel and
an agar tissue mimic (agar-TMM). Three-dimensional printing was used to produce the
vessel mould and vessel core [21]. A cuboid phantom box was used to hold the fabricated
vessel and tissue mimic, as shown in Figure 1. An acoustic absorber (AptFlex F28, Precision
Acoustics Ltd., Dorset, UK) was placed on the bottom of the box to reduce the sound
reflection from the box bottom. Two quick-fitting flow connectors were fixed and aligned
by the bolts at the two opposite ends of the phantom box to be connected by the PVA-C
vessel and outer C-flex connecting tubing. A series of stenotic vessel core models were
first created in Solidworks (Dassault Systèmes, Waltham, MA, USA). The stenosis was
modelled at the middle of the vessel, and the degree of stenosis ranged from 0% to 60%
with increments of 20%. The degree of stenosis Pstenosis is defined as a percentage using the
following equation:

Pstenosis =
doriginal−dstenosis

doriginal
, (1)

where doriginal and dstenosis are the vessel diameters before and at stenosis, respectively.
The stenosis shape follows an ideal cosine function, as used in previous papers [25,30,31],
and the length of stenosis is 12 mm, as shown in Figure 2. To help form the vessel wall,
a detachable mould was 3D-printed. All vessel cores and moulds for fabricating flow
phantoms were printed by a Stereolithography 3D printer Form 2 (Formlabs, Somerville,
MA, USA) using white resin (Formlabs, Somerville, MA, USA), which has a resolution of
100 microns. The supports attached to the printing objects for facilitating the 3D printing
process were removed by using sandpaper. The designed vessels have a diameter of 6 mm,
a wall thickness of 1.5 mm in the non-stenotic part, and a total length of 180 mm.
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scribed by Zhou et al. [26]. In brief, a 10% (by weight) PVA mixture was mixed in 88.79% 
deionised (DI) water in a glass beaker to make the vessel mimic. Then, 0.75% silicon car-
bide was added as acoustic scatterers, and 0.46% benzalkonium chloride was added as an 
antibacterial agent to preserve the vessel. The PVA mixture was heated in a temperature-
controlled water bath for around 2 h until a clear homogeneous gel was seen. Subse-
quently, the PVA mixture was degassed for 12 h after injecting the PVA mixture into the 
moulds. Vessel phantoms were put in a freezer for 14 h at a temperature of −20 °C and 
then kept at room temperature (22 °C) for 10 h. This was repeated for a total of three 
freeze–thaw cycles. The vessel core was removed manually after completing freeze–thaw 
cycles. To simulate the surrounding human tissue, an agar-TMM was fabricated [26]. The 
agar-TMM consists of the following materials: (1) 3% (by weight) agar powder, (2) 82.4% 
DI water, (3) 3% silicon carbide, which was used as acoustic scatterers, (4) 11.32% glycerol, 
which was used to tune the sound speed, (5) 0.88% 0.3 μm aluminium oxide powder and 
0.94% 3 µm aluminium oxide powder, which were used to tune the attenuation, and (6) 
0.92% benzalkonium chloride, which served as the antibacterial agent. The mixture was 
heated in a water bath and mixed by a mechanical stirrer for 1.5 h. To prevent the collapse 
of the vessel, the PVA-C vessel was filled with water and sealed at both ends before pour-
ing the agar-TMM solution into the phantom container. The acoustic properties of fabri-
cated flow phantoms were measured by an in-house system using the time-of-flight 
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Figure 2. Stenosis shape with degrees of stenosis of 0%, 20%, 40%, and 60%.

Polyvinyl alcohol (PVA) was used as the material to fabricate the vessel phantoms
in this study. The fabrication of all PVA mixtures followed the fabrication procedure
described by Zhou et al. [26]. In brief, a 10% (by weight) PVA mixture was mixed in
88.79% deionised (DI) water in a glass beaker to make the vessel mimic. Then, 0.75% silicon
carbide was added as acoustic scatterers, and 0.46% benzalkonium chloride was added as
an antibacterial agent to preserve the vessel. The PVA mixture was heated in a temperature-
controlled water bath for around 2 h until a clear homogeneous gel was seen. Subsequently,
the PVA mixture was degassed for 12 h after injecting the PVA mixture into the moulds.
Vessel phantoms were put in a freezer for 14 h at a temperature of −20 ◦C and then kept
at room temperature (22 ◦C) for 10 h. This was repeated for a total of three freeze–thaw
cycles. The vessel core was removed manually after completing freeze–thaw cycles. To
simulate the surrounding human tissue, an agar-TMM was fabricated [26]. The agar-TMM
consists of the following materials: (1) 3% (by weight) agar powder, (2) 82.4% DI water,
(3) 3% silicon carbide, which was used as acoustic scatterers, (4) 11.32% glycerol, which
was used to tune the sound speed, (5) 0.88% 0.3 µm aluminium oxide powder and 0.94%
3 µm aluminium oxide powder, which were used to tune the attenuation, and (6) 0.92%
benzalkonium chloride, which served as the antibacterial agent. The mixture was heated
in a water bath and mixed by a mechanical stirrer for 1.5 h. To prevent the collapse of the
vessel, the PVA-C vessel was filled with water and sealed at both ends before pouring the
agar-TMM solution into the phantom container. The acoustic properties of fabricated flow
phantoms were measured by an in-house system using the time-of-flight method [32]. The
top of each phantom block was covered with a 9% glycerol solution and stored in the fridge
when not in use.

2.1. Flow Circuit Setup

In the imaging experiment of each flow phantom, the inlet of the flow phantom was
connected to the output of a gear pump (GA-V21, Micropump, Vancouver, WA, USA).
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A blood-mimicking fluid (BMF) was prepared to be delivered through the flow loop by
the pump. The BMF was stored in a plastic reservoir. Nylon particles with a diameter of
5 µm were combined with DI water with dextran and surfactant and mixed for 4 h with a
magnetic stirrer. The resultant BMF had similar acoustic and viscous properties to those
of human blood [33]. The gear pump was controlled by a data acquisition card (National
Instruments, Newbury, UK) through a LabVIEW program, which could output arbitrary
waveforms within the voltage limitation of the pump. The BMF was fully degassed in a
vacuum pump every time before being pumped into the flow circuit. To ensure there were
no air bubbles trapped in the flow loop, degassed water was used to run the system for
half an hour before pumping the BMF. A TS410 flow meter (Transonic Systems Inc., Ithaca,
NY, USA) was connected directly to the outlet of the flow phantom block to measure the
flow rate. The data acquisition begins when the flow rates remain stable. A schematic
of the experimental setup is presented in Figure 3. For the steady flow, the pump was
applied on the square signals with different voltage amplitudes to implement steady flow
with a velocity of 13.1 cm·s−1, 19.6 cm·s−1, 26.1 cm·s−1, 32.7 cm·s−1, and 39.2 cm·s−1 and
a pulsatile flow waveform, which has a flow rate of 6 mL·s−1 in systole.
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Figure 3. A schematic of the experimental setup. The flow phantom was connected to the flow circuit
to allow the circulation of the BMF. A Verasonics Vantage 128 system with an L11-5v probe was used
to scan the flow phantom. (The green, red, and purple dashed rectangles represent the positions of
the pre-stenotic region, stenotic region, and post-stenotic region.)

2.2. Ultrasound Simulation Setup

A synthetic flow phantom was developed, allowing experiments to be performed
in silico, i.e., using a computer. Ground-truth values for blood velocities specified in the
phantom were compared with the measured values from the PW vector Doppler simulation,
allowing measurement accuracy to be assessed. This approach has been previously used in
our group [12]. In this study, the velocity vectors were estimated by PW vector Doppler.
Ultrasound beam formation and reception were modelled using Field II [34,35]. A synthetic
walled vessel phantom was modelled as a collection of scatterers. The vessel had a diameter
of 6 mm and a wall thickness of 1 mm. The scatterers were randomly distributed, with
10 scatterers per resolution cell. The wall was set to have a reflection amplitude roughly
20 dB higher than the flow scatterers. The flow scatterers were propagated with a parabolic
velocity profile as follows:

v = v0

(
1 − r2

R2

)
, (2)

where v0 is the maximum velocity of the vessel centreline, r is the distance to the centreline,
and R is the radius of the synthetic vessel.
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2.3. Ultrasound Experimental Setup

To obtain the flow information within the CA phantom, a linear L11-5v probe (Vera-
sonics Inc., Kirkland, WA, USA) connected to a research ultrasound system (Verasonics
Vantage 128, Verasonics Inc., Kirkland, WA, USA) was used to acquire the ultrasound data.
The probe has 128 elements at a pitch of 0.3 mm. For each acquisition, three plane waves
were transmitted, covering an angle span of 20◦ at a pulse repletion frequency (PRF) of
10 kHz. The received data were sampled at 25 MHz. The imaging parameters used in the
experiments are shown in Table 1. The ultrasound probe attached to a mechanical posi-
tioner was aligned such that the stenotic region was at the overlapping area of the steered
plane wave. The probe was placed in parallel with the long axis of the vessel to obtain a
fixed beam-to-flow angle of 90◦. When scanning phantoms, a 9% glycerol solution was
added to the top of the flow phantoms to provide the acoustic coupling between the probe
and the flow phantom. To check the geometry of fabricated phantoms, 13 plane waves
from −18◦ to 18◦ were transmitted and then beamformed coherently to obtain high-quality
B-mode images of all phantoms [36].

Table 1. Parameters used in simulation and experiment.

Parameters Simulation Experiment

Probe N/A L11-5v
Steering angle −10◦, 0, 10◦ −10◦, 0, 10◦

Transmission frequency 6.25 MHz 6.25 MHz
Number of elements 128 128

Number of transmit/receive elements 128 128
PRF 10 kHz 10 kHz

Sampling frequency 50 MHz 25 MHz
Pulse length 2.5 cycles 2.5 cycles

2.4. Ultrasound Signal Processing

The ultrasound data were processed in MATLAB 2021b (MathWorks Inc., Natick,
MA, USA). A flow chart of signal processing steps for the simulation and experiment is
illustrated in Figure 4. The echo data from each transmission angle were first demodu-
lated into in-phase and quadrate (IQ) data and then beamformed by a delay-and-sum
(DAS) beamformer. Receive angles of −10◦, 0, and 10◦ were used in beamforming. A
singular value decomposition (SVD) filter [37] was used to minimize the influence of
clutter on the velocity estimation. After clutter filtering, the lag-one autocorrelation algo-
rithm [38] was applied to each filtered signal to derive the Doppler frequency in each pixel
of the imaging regions. The ensemble length used in estimating the Doppler frequency
was 40. The multi-angle vector Doppler method was performed to calculate the blood flow
velocities in a vector form [16]. A wall detection algorithm based on intensity differences
between the vessel wall and flow [39] was used to locate the region of interest (ROI) for
displaying velocity vectors and WSS. In brief, the vessel wall location, i.e., the ROI, was
obtained by searching for the peaks of the intensity profile through each vertical line of
beamformed images.

The velocity component can be solved by the equation below:

[
cosθti + cosθri sinθti + sinθri

][vz
vx

]
= c

fc
fd, (3)

where vz and vx are the estimated velocity vectors along the horizontal and vertical axes, θti
is the ith transmission angle, θri is the receive angle, fc is the probe transmission frequency,
and fd is the estimated Doppler frequency. An overdetermined system was formed if i ≥ 3.
The horizontal and vertical velocity components were solved by the least-squares method
and filtered by a 0.7 mm 2D median filter. The B-mode image used for displaying the vector
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flow field and WSS map was coherently summed by three individual angles’ data [36]. The
resultant velocity magnitude v was calculated using the Pythagorean theorem as follows:

v =
√

v2
x + v2

z . (4)Appl. Sci. 2023, 13, 617 6 of 14 
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2.5. Wall Shear Stress Estimation

The WSS exerted on the vessel wall was estimated from the velocity gradient near the
wall using the formula below [40]:

τwss = −µ ∂v
∂r

∣∣∣
r=R

, (5)

where τwss is the WSS, µ is the dynamic viscosity, and ∂v
∂r

∣∣∣
r=R

is the velocity gradient
perpendicular to the vessel wall. Because the vessel wall is not constantly straight in the
stenotic region, for these curved regions, a transformation matrix [41] was used to align the
vessel wall:

Cxz =

[
cosθ sinθ
−sinθ cosθ

]
, (6)

where θ is the rotation angle. To improve the robustness of WSS estimation, a Savitzky–
Golay filter was used to regulate the velocity vectors near the wall. A value of 4 mPa·s was
assumed for the viscosity of the BMF based on previously published measurements [33].

2.6. Performance Evaluation

Normalised root-mean-square error (NRMSE) was used to quantify the error between
the estimated WSS and the reference WSS:

NRMSE =

√
M
∑

i=1

(WSS(i)−WSSre f (i))
2

M , (7)

where WSS(i) is the estimated WSS, WSSre f (i) is the reference WSS, and M is the number
of sampling points along the vessel wall of interest.
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3. Results
3.1. Results

To validate the geometry of the fabricated stenotic phantom, the B-mode images of
each phantom were coherently beamformed with a dynamic range of 45 dB, as shown in
Figure 5a–d. It can be observed that the vessel wall is clearly visible, and the geometry of
each flow phantom approximately follows the designed shape. There is a slight reduction
in diameter in all four kinds of flow phantoms due to the slight shrinkage of the PVA-C
vessel [42]. The diameters of the pre-stenotic region in four cases were measured as 5.7 mm,
5.7 mm, 5.7 mm, and 5.6 mm, respectively.

Appl. Sci. 2023, 13, 617 7 of 14 
 

2.6. Performance Evaluation 
Normalised root-mean-square error (NRMSE) was used to quantify the error be-

tween the estimated WSS and the reference WSS: 

NRMSE = 𝑊𝑆𝑆(𝑖) − 𝑊𝑆𝑆 (𝑖)𝑀 ,  (7)

where 𝑊𝑆𝑆(𝑖) is the estimated WSS, 𝑊𝑆𝑆 (𝑖) is the reference WSS, and M is the num-
ber of sampling points along the vessel wall of interest. 

3. Results 
3.1. Results 

To validate the geometry of the fabricated stenotic phantom, the B-mode images of each 
phantom were coherently beamformed with a dynamic range of 45 dB, as shown in Fig-
ure 5a–d. It can be observed that the vessel wall is clearly visible, and the geometry of 
each flow phantom approximately follows the designed shape. There is a slight reduc-
tion in diameter in all four kinds of flow phantoms due to the slight shrinkage of the 
PVA-C vessel [42]. The diameters of the pre-stenotic region in four cases were measured 
as 5.7 mm, 5.7 mm, 5.7 mm, and 5.6 mm, respectively. 

 
Figure 5. B-mode images of fabricated CA phantoms: (a) 0% stenosis, (b) 20% stenosis, (c) 40% ste-
nosis, and (d) 60% stenosis. The scale bar on the right indicates the intensity (dB). 

The calculated acoustic properties, including the speed of sound and the attenuation 
of the agar tissue phantom and PVA-C vessel phantom, are shown below. The means and 
standard deviations (std) were calculated from five realisations of measurements. The 
measured acoustic speed and attenuation rate were (mean ± std): 1548 ± 34 m·s-1 and 
0.46 ± 0.05 dB·cm-1·MHz-1  for the PVA-C vessel and 1542 ± 22 m·s-1 and 
0.43 ± 0.12 dB·cm-1·MHz-1 for agar-TMM, respectively. The measured values show good 
agreement with previous work by our group [26]. The acoustic results mean that our fab-
ricated flow phantoms have a good acoustic performance when used in ultrasound imag-
ing. 
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(c) 40% stenosis, and (d) 60% stenosis. The scale bar on the right indicates the intensity (dB).

The calculated acoustic properties, including the speed of sound and the attenuation of the
agar tissue phantom and PVA-C vessel phantom, are shown below. The means and standard
deviations (std) were calculated from five realisations of measurements. The measured acoustic
speed and attenuation rate were (mean± std): 1548 ± 34 m·s−1 and0.46 ± 0.05 dB·cm−1·MHz−1

for the PVA-C vessel and 1542 ± 22 m·s−1 and 0.43 ± 0.12 dB·cm−1·MHz−1 for agar-TMM,
respectively. The measured values show good agreement with previous work by our
group [26]. The acoustic results mean that our fabricated flow phantoms have a good
acoustic performance when used in ultrasound imaging.

The accuracy of PW vector Doppler in estimating WSS was assessed in the syn-
thetic vessel phantom created in Field II with a parabolic profile at centreline velocities of
0.2 m·s−1, 0.4 m·s−1, and 0.6 m·s−1. The WSS and velocity map from the simulation with a
centreline velocity of 0.2 m·s−1 is presented in Figure 6. The direction and length of the
arrows represent the velocity direction and magnitude, respectively. The colour-coded
velocity and WSS maps represent the distribution of the velocity and WSS. Overall, it can
be observed that the flow vectors visually present a parabolic shape in all cases, as expected.
The NRMSE calculated from 10 realisations of estimations between the estimated WSS and
the WSS reference were (mean ± std) 9.4 ± 0.3, 6.6 ± 0.4, and 9.2 ± 0.9.

WSS measurements were conducted in the phantoms with a steady and pulsatile flow to
investigate the relationship between WSS and the degree of stenosis. The vector maps and WSS
maps of the four phantoms in the steady-flow experiment with a flow rate of 200 mL·min−1

are shown in Figure 7a–d. It can be observed that the flow scatterers accelerate when passing
the stenotic region and move slower when the diameter increases. The central post-stenotic
region has a higher velocity magnitude than the pre-stenotic region. The maximum WSS value
was found around the stenotic regions. When the degree of stenosis increased, the separation
regions located in the post-stenotic region expanded, where recirculation flow was observed.
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Figure 8a–d show the mean WSS with variations in the degree of stenosis under different
flow rates. For the stenotic vessel phantoms, the WSS was averaged along the vessel wall of
stenotic regions. For the non-stenotic phantoms, the WSS was averaged along the vessel wall.
The mean and std of WSS estimates were calculated from 10 consecutive realisations of WSS
estimation. Each WSS estimation was performed in different frames of the acquired plane
wave data. It can be seen that the mean WSS increased significantly with the degree of stenosis
(p < 0.01), except for the case between 0% and 20% (p = 0.028). The WSS in the 60% stenotic
region was significantly higher than in the 0% stenotic region (p < 0.01), where the increases
in WSS (in percentage) from are 226%, 381%, 367%, 341%, 403%, and 412% from 50 mL·min−1

to 300 mL·min−1, respectively. The mean and std of maximum WSS in four phantoms with
different flow rates were also calculated, as presented in Figure 9. For each flow phantom,
there is an increase in the maximum WSS as the flow rate increases. In addition, the maximum
WSS increases significantly with the degree of stenosis, as expected (p < 0.01).

The velocity vector and WSS map in the pulsatile flow experiment are shown in
Figure 10a–d, where the ROIs in red were selected to measure the WSS during the pulsatile
flow cycle. For the non-stenotic flow phantoms, the ROI was located in the middle of the
upper wall. For the stenotic flow phantoms, the ROI was located at the narrowest part
of the vessel. The WSS variations in the ROI are shown in Figure 10e. The WSS in each
flow phantom shows significant differences (p < 0.01). The maximum WSS in the ROI was
around 0.91 Pa, 1.31 Pa, 1.97 Pa, and 2.49 Pa for the phantom with degrees of stenosis of
0%, 20%, 40%, and 60% within the pulsatile cycle.
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3.2. Discussion

The in silico experiments have demonstrated that WSS can be measured with an
accuracy of less than 10% NRMSE. The flow phantom experiments have demonstrated that
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the PW vector Doppler method can estimate the mean WSS, the maximum WSS increases
with the degree of stenosis, and WSS can be measured as a function of time in the ROIs
of vessels during the pulsatile cycle. This provides the necessary validation data to give
confidence in WSS measurements in patients using the PW vector Doppler technique.

This study adopted PW vector Doppler to measure WSS because it has a relatively
low computational cost compared to other vector flow imaging methods, such as speckle
tracking [41] and transverse oscillation [43]. For the development of a portable ultrasound
device, a Doppler-based velocity estimator may be more suitable for the portable ultrasound
system, most of which have a low computation ability and low power consumption.
However, the estimated maximum velocity of the vector Doppler method is restricted by
the pulse wavelength, leading to aliasing in the estimation of the high velocities present near
the centre of the vessel. This may limit the use of PW vector Doppler in clinical practice for
the measurement of the maximum velocity. For instance, for the experimental setup used in
our study, the Nyquist velocity was 0.2 m·s−1. Because the overall velocity direction can be
known in carotid arteries, the maximum measurable velocity is twice the Nyquist velocity,
0.4 m·s−1. Especially in multiple-transmission-angle Doppler schemes, the maximum
measured velocity is reduced further. In some severely stenosed arteries, the flow velocity
will be extremely high [44]. Thus, the aliasing problem will hinder the application of vector
Doppler in the stenotic region. One straightforward way to tackle this problem is to use
lower transmission angles to obtain a higher PRF at the cost of an increased estimation
bias or apply an antialiasing algorithm in post-processing [45,46]. However, there are still
some limitations when applying anti-aliasing algorithms in applications. However, the
measurement of WSS involves the measurement of low velocities near the vessel wall and
hence is unaffected by issues of aliasing.

The stenosis shape was an ideal cosine, which was originally used in the 1983 paper
by Ahmed and Giddens [30]. In practice, stenoses in patients will have a variety of shapes,
including a steeper inlet region. However, the same overall flow patterns will be seen
regardless of the exact shape; the blood velocity will increase, peaking just beyond the
minimum lumen, and the WSS will peak at the minimum lumen. In this respect, the exact
shape of the stenosis used in this work is representative of the wide variety of stenosis
shapes in patients. As for the fabrication of the experimental flow phantoms, some had non-
uniform wall thicknesses. This has been observed in other work [17,21]. The vessel mould
has two parts that need to be aligned together, and any bias may generate non-uniformity
in the vessel mould. The variation in thickness will not invalidate measurements concerned
with flow analysis and flow-derived parameters such as the WSR. More accurate flow
phantom moulding must be considered when wall motion and pulse wave velocity are
investigated. There is also a slight reduction in the diameter of the PVA-C vessels, typically
by 2%, which has little influence on the estimation results.

There are two key factors in the estimation of the WSR; one is the method by which
the location of the wall is estimated, and the second is the method by which the velocity
data are extrapolated to the location of the wall. In our phantom study, we used a wall
detection method based on intensity differences, which has already been validated in [39,47].
Compared to focused imaging, image quality based on plane wave ultrasound has a
relatively low signal-to-noise ratio (SNR). If a high transmission frequency [48] or fewer
pulse cycles are used to improve the image quality, due to the restriction of the Nyquist
frequency, the maximum velocity and estimation accuracy would be influenced. Therefore,
it needs a balance of parameters selected in the application. Moreover, the vessel wall is
also in motion within cardiac cycles. These factors cause difficulties in accurately detecting
the wall location. Especially if the imaging scenario is complex, such as in the carotid
bifurcation, it is essential to seek a more robust wall segmentation method, for instance,
deep learning [49] and adaptive wall tracking [50]. Moreover, clutter filtering is challenging
when preserving the low-velocity components near the vessel wall. Designing a well-
defined filter can help to remove the clutter as much as possible. However, the tissue
velocity may overlap with the blood velocity. Very commonly used filters such as the finite
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impulse response (FIR) and infinite impulse response (IIR) may remove the blood flow
vector within the stop band. In this work, we used an SVD filter to remove the clutter. The
SVD filter is a spatiotemporal filter based on singular vector decomposition. The clutter
removal is realised by rejecting the singular components belonging to tissue motion. The
SVD filter performs better in separating the clutter and blood vector than traditional filter
methods, such as the FIR and IIR filter methods [37]. To further increase the accuracy of
estimated WSS, microbubble contrast agents may be used to increase the SNR of blood
flow and the sensitivity of the imaging system [41,51]. For the estimation of the wall shear
rate, we regulated the velocity near the wall by using a Savitzky–Golay filter, which is
commonly used, such as in [28,41]. However, it requires the careful selection of the filter
parameters. Some novel methods focusing on compensating the near-wall velocity or
reconstructing the velocity profile near the wall also show promising results in estimating
the near-wall velocity [11,29]. The applicability of the results of the paper to the clinical
scanning of patients will be considered. The phantoms are tissue-equivalent, and therefore,
the images are comparable to those that would be obtained using a clinical ultrasound
system on patients. The measured velocity vectors and WSS are able to give a detailed
haemodynamic depiction of the region of interest. However, in the application of in vivo
scanning, the image quality is likely to be poor, in association with shadowing arising from
the calcified plaque. In this case, locating the vessel wall would be difficult, which will
limit the accuracy of WSS estimation. It may be that adequate results could be obtained
by choosing another image plane. A second issue concerns the fact that the fabricated
phantoms are straight, whereas the carotid arteries are a 3D bifurcating structure. However,
the entire 3D structure is not of interest in the current study. In ultrasound scanning, the
operator chooses a longitudinal scan plane in which the stenosis is centrally placed, and
the lumen is visualised for 2 cm or so on either side of the stenosis. In this respect, the
straight-tube phantom could resemble situations in patients. It is noted that conventional
ultrasound is a 2D technique; out-of-plane WSS components would require the use of a
3D technique, which is outside the scope of this study. Moreover, in this study, the wall
was identified as the location of the peak echo amplitude. In mild to moderate disease,
the intima (the layer closest to the blood) is identified as a bright echo, with the medium
being a dark echolucent area. Provided that the ultrasound scanner has a high spatial
resolution, the intima can be observed on both the anterior and posterior walls, so the
same procedure as was used in the phantom can be applied. However, in severe disease,
there is no separate intimal echo, and measurement is more difficult, usually involving
the inner edge to the inner edge. This will affect the estimation of the WSR in disease; an
evaluation of this would require separate validation in patients or the use of a real-vessel
phantom. Our current study focused on the WSS in the stenotic region. However, the
flow becomes complex after passing the stenosis, and the flow distal to the stenosis is
influenced by the degree of stenosis and by the distal distance [52]. In fast-changing-flow
regions, the WSS changes rapidly with it. The out-of-plane motion of the flow also will
affect WSS estimation. Therefore, additional studies are needed to understand the influence
of complex haemodynamics on WSS estimation.

In future work, the use of two or more steered probes together and a 3D matrix
probe to acquire the ultrasound data needs to be further investigated to obtain 3D velocity
data. The fabrication of a more realistic carotid stenosis phantom and its use for the
comprehensive investigation of WSS in regions such as the carotid bifurcation and those
distal to the stenosis should also be investigated. A more robust WSS estimation method
may be investigated to increase the accuracy of the estimation under the conditions of
complex flow dynamics.

4. Conclusions

In this work, we investigated the associations between the WSS measured by PW
vector Doppler and variations in the stenosis degree in a phantom experiment. Firstly,
we validated the WSS estimation accuracy of PW vector Doppler through an ultrasound
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simulation. Then, four phantoms with different degrees of stenosis were constructed by 3D
printing and casting. The phantom study results showed that the mean WSS and maximum
WSS increased with the degree of stenosis. Both the simulation and experimental results
provide necessary validation data to give confidence in WSS measurements in patients
using the PW vector Doppler technique.
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