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Abstract — Pulse wave imaging (PWI) is an ultrasound imaging 

modality that estimates the wall stiffness of an imaged arterial 

segment by tracking the pulse wave propagation. The aim of the 

present study is to integrate PWI with vector flow imaging, 

enabling simultaneous and co-localized mapping of vessel wall 

mechanical properties and 2-D flow patterns. Two vector flow 

imaging techniques were implemented using the PWI acquisition 

sequence: 1) multi-angle vector Doppler, and 2) a cross correlation 

based vector flow imaging (CC VFI) method.  The two vector flow 

imaging techniques were evaluated in vitro using a vessel phantom 

with an embedded plaque, along with spatially registered FSI 

simulations with the same geometry and inlet flow as the phantom 

setup. The flow magnitude and vector direction obtained through 

simulations and phantom experiments were compared in a pre-

stenotic and stenotic segment of the phantom and at 5 different 

time frames. In most comparisons, CC VFI provided significantly 

lower bias or precision than the vector Doppler method (p<0.05) 

indicating better performance. In addition, the proposed 

technique was applied to the carotid arteries of non-

atherosclerotic subjects of different ages in order to investigate the 

relationship between PWI-derived compliance of the arterial wall 

and flow velocity in vivo. Spearman’s rank-order test revealed 

positive correlation between compliance and peak flow velocity 

magnitude (rs=0.90, p<0.001), while significantly lower compliance 

(p<0.01) and lower peak flow velocity magnitude (p<0.001) was 

determined in older (54-73 y.o.) compared to young (24-32 y.o.) 

subjects. Finally, initial feasibility was shown in an atherosclerotic 

common carotid artery in vivo. The proposed imaging modality 

successfully provided information on blood flow patterns and 

arterial wall stiffness, and is expected to provide additional insight 

in studying carotid artery biomechanics, as well as aid in carotid 

artery disease diagnosis and monitoring. 

 
Index Terms- Vector flow imaging, Speckle tracking, Arterial wall 

stiffness, Pulse wave imaging, Vector Doppler, Vector flow field, FSI 

simulations, Flow mapping in vivo.  

I. INTRODUCTION 

Carotid artery disease is a vascular disease characterized by 

narrowing of the carotid artery lumen caused by the buildup of 

atherosclerotic plaques. Carotid artery disease is a major cause 

of morbidity and mortality, as it often progresses without 

symptoms, and may go unnoticed until blood supply to the brain 

becomes limited, causing a transient ischemic attack, or stroke 

[1][2]. In current clinical practice, there are no reliable 

biomarkers associated with early detection of this condition [3]. 

Moreover, the risk for stroke is primarily evaluated based on  
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the degree of stenosis. This criterion, however, is not highly 

reliable, since low stenotic plaques may also cause damage [4]. 

Mechanical properties of the arterial wall may yield crucial 

information on atherosclerosis initiation [4][5][6]. Key factors 

contributing to the appearance of carotid artery disease such as 

vascular aging and hypertension have been associated with 

increased arterial wall stiffness [7][8]. Moreover, the 

mechanical properties of an atherosclerotic plaque can provide 

information on the presence of vulnerable components and thus 

its risk for rupture and stroke occurrence[9][10]. Ultrasound 

elasticity imaging techniques may serve as a tool to non-

invasively characterize arterial wall properties. Vascular 

Elastography [11][12][13][14][15][16][17], Shear Wave 

Elastography (SWE) [18][19][20], Acoustic Radiation Force 

Imaging (ARFI)[9] and Pulse Wave Imaging (PWI) 

[21][22][23][24][25][26][27][28] are examples of ultrasound 

elasticity imaging methods that have shown great promise in 

vascular disease diagnosis and monitoring.  

 Blood flow patterns have been reported to precipitate 

changes in the mechanical properties of the arterial wall and 

often lead to arterial dilation or stenosis [29][30]. Color 

Doppler imaging techniques have been investigated to image 

the hemodynamics in vessels, in order to monitor vascular wall 

degeneration and vascular disease progression [31][32][33]. 

Moreover, in current clinical practice, risk assessment of 

atherosclerosis is primarily based on Duplex and Triplex 

ultrasound, which provide simultaneous flow imaging and B-

mode display [2]. However, those imaging modalities present 

limitations, given that only 1-D flow velocity estimates are 

provided to describe more complex flow patterns, while also 

conventional line-by-line reconstruction highly compromises 

temporal resolution and/or field of view [34]. Furthermore, the 

beam-to-flow angle is required in order to convert flow velocity 

estimates to actual 1-D velocity components, which may 

introduce bias in the flow estimation, especially in more 

complex vessel geometries. To address such limitations several 

methods have been proposed to provide more reliable, angle 

independent estimation of 2-D flow vector field such as cross-

beam vector Doppler [35][36][37], speckle tracking based 

methods [34][38][39][40] and transverse oscillations 

[41][42][43][44][45]. 

 Given the importance of vessel wall mechanical properties 

and blood flow dynamics, as well as the interaction between 

them in vascular disease progression, it would be desirable to 

develop an ultrasound modality that provides simultaneous 

imaging of arterial stiffness and robust 2-D flow velocity 

estimation [46]. Advances in parallel beamforming and plane 
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wave imaging have shown great promise towards addressing 

limitations in ultrasound elasticity and flow imaging 

techniques, as the conventional tradeoff between frame-rate, 

region of interest and imaging quality is no longer valid, thus 

producing full field-of-view displacement and Doppler images 

at high frame rates [47][48]. A method for simultaneous vector 

Doppler and wall displacement imaging was presented in [47]. 

The performance of this technique was evaluated in simulations 

in a carotid bifurcation model and was shown to be feasible in 

the carotid arteries of healthy volunteers.    Another technique 

is presented in [49], where a single plane wave transmission 

sequence at 0° was employed, and arterial wall strains as well 

as 2-D flow vectors were reconstructed through 2-D cross-

correlation. This technique was evaluated in a carotid 

bifurcation phantom, and it was suggested that the use of high 

frequency ultrasound circumvents the compromised spatial 

resolution entailed by the use of single plane wave imaging.    

Recently, techniques for simultaneous estimation of PWV 

and vector flow imaging have been proposed [50][51][52].  In  

those studies either a single plane wave or a 2-plane wave 

compounding sequence was utilized. Wall motion was 

estimated based on the phase shift of the received signals’ 

complex autocorrelation function, while the transverse 

oscillation (TO) approach was used for vector flow imaging. 

Clinical feasibility of the proposed technique was recently 

demonstrated in [52]. In addition, a recent study employed 

tissue Doppler, combined with multiangle vector Doppler to 

investigate large artery stiffness and flow patterns in bicuspid 

aortic valve patients in vivo [53]. 

The aforementioned studies have shown promising results in 

phantoms and in-vivo, however, there are multiple other 

approaches that can integrate vessel wall stiffness mapping with 

vector flow imaging warranting further exploration.  PWI is an 

example of such techniques, which has been extensively 

investigated and optimized for PWV estimation in phantoms 

and in vivo [21][22][23][24][25][26][27]. PWI involves 

imaging of an arterial segment at high temporal resolution, 

usually by using a 3- or 5- plane wave compounding acquisition 

sequence. Subsequently, a speckle tracking technique on the 

back-scattered RF signals is applied, in order to image the 

propagation of the distension pulse wave. PWI has been shown 

capable of monitoring the progression of focal vascular disease 

such as atherosclerosis [4][5] and abdominal aortic aneurysm 

[54] in mice, while a more recent study demonstrated its 

feasibility to differentiate plaques with varying degrees of 

calcification in carotid artery disease patients [55][56].  

The aim of the present study was to integrate PWI with vector 

flow imaging. Two vector flow imaging techniques were tested, 

that can be implemented using the PWI acquisition sequence: 

1) multi-angle vector Doppler, and 2) a cross correlation based 

vector flow imaging method. The performance of the two 

methods was evaluated in vitro using a vessel phantom with a 

stenotic segment, along with spatially registered Fluid Structure 

Interaction (FSI) simulations with the same geometry and inlet 

flow as the phantom setup. The same technique was also 

applied to the carotid arteries of non-atherosclerotic subjects of 

different age in order to investigate correlations between PWI 

derived arterial wall compliance and flow velocity in vivo. 

Finally, initial feasibility was shown in an atherosclerotic 

carotid artery in vivo. It should be noted that this paper is an 

expansion of a study presented at the 41st Annual International 

Conference of the IEEE Engineering in Medicine and Biology 

Society (EMBS), 2019 [57]. 

II. MATERIALS AND METHODS 

A. Phantom experimental setup 

The same experimental setup as in [58] was employed, where 

the capability of a finite element FSI approach to estimate the 

velocity of a distension pulse wave propagating through a 

stenotic artery was investigated. A mold was designed in 

Autodesk inventor (Autodesk, San Rafael, CA, USA) and 3-D 

printed (MakerBot, New York, NY, USA) in order to create a 

phantom with length, inner diameter and wall thickness of 150 

mm, 8 mm and 2 mm, respectively. The phantom wall was 

thicker than a normal artery in order to withstand the pressure 

load. An ellipsoidal inclusion with 15 mm length was designed 

78 mm away from one end of the phantom, in order to mimic 

the geometry of an atherosclerotic vessel with approximately 

50% maximum reduction of luminal area. A polyvinyl alcohol 

(PVA) mixture was formed by mixing distilled water, PVA 

powder (Sigma-Aldrich, St. Louis, MO, USA), glycerol and 

graphite acoustic scatterers (Sigma-Aldrich, St. Louis, MO, 

USA) at concentrations of 78%, 10%, 10% and 3%, 

respectively, heated at 90 °C for approximately 40 minutes. 

Subsequently, the mixture was cooled and then poured inside 

the 3-D printed mold, and was then subjected to three cycles of 

freezing (12 h at –20 °C) and thawing (12 h at room 

temperature). The resulting elastic phantom was then placed 

inside a custom designed container, and its two ends were 

connected to plastic fittings. The container was filled with 

porcine-skin gelatin (Sigma-Aldrich, St. Louis, MO, USA), to 

serve as the vessel phantom’s surrounding medium. The 

Young’s modulus of the PVA material was determined to be 

EPVA= 42.2 kPa by using a compliance inflation test. A 

complete description of the experimental and computational 

procedures to determine the mechanical properties of the 

materials can be found in [58]. 

  A programmable physiological flow pump (Compuflow 

1000, Shelley Medical Imaging technologies, Ontario, Canada) 

was connected to the fittings of the phantom and was 

programmed to apply a physiological carotid artery flow 

waveform, with an amplitude of 10 mL/s, as illustrated in 

Figure 1. The blood-mimicking fluid described in  [59], with 

nylon scattering particles, and viscosity of 4 mPas was 

employed. A long time interval equal to 1.9 s was set between 

consecutive pulses to allow for pulse wave reflections from 

previous cycles to diminish before the beginning of a new cycle.  

A pressure catheter (MPR-500, Millar, Houston, TX, USA) was 

inserted inside the phantom lumen using a cross connector, in 

order to obtain the temporal waveform of the pressure at the 

outlet.   

  The ultrasound probe was attached to a positioner and a 

layer of water was added to ensure acoustic coupling. 

Acquisitions were performed along the longitudinal axis of the 

phantom at two different sites, as shown in Figure 1, by using 

the inlet of the phantom as reference: Site 1: pre-stenotic 

straight segment (blue rectangle), and Site 2: stenotic segment 

centered at FOV (green rectangle). 
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Figure 1: Phantom experimental setup. A PVA phantom, mimicking an 

atherosclerotic vessel with 50% stenosis is connected to a programmable pump, 

which generates a physiological carotid artery flow waveform. The blue and 

green rectangles illustrate the different sites where the phantom was scanned   

B. FSI Simulations 

FSI simulations were carried out similarly as in [58], using the 

software suite FEBio [60][61]. The 3-D CAD model of the 

phantom geometry was converted to FE model using Abaqus 

CAE (v6.13, Dassault Systèmes). The model was separated into 

a fluid space, which corresponded to the phantom lumen, and a 

solid space, which included the arterial wall and the gelatin 

surrounding medium. The mesh was generated by employing a 

combination of quadratic tetrahedral (10-node) and pentahedral 

(15-node) elements using an adaptive meshing algorithm. A 

maximum node-to-node distance of 0.5 mm for the meshing 

algorithm was determined with a convergence study. The model 

had a total of 85,000 elements and 720,000 degrees of freedom.  

Appropriate boundary conditions were applied to restrict the 

motion on the outer surfaces of the surrounding material and the 

outer surface of the inlet and outlet sections of the arterial 

model. In addition, zero-fluid velocity was set as boundary 

condition at the outermost surface of the lumen. The same flow 

waveform as the one generated by the programmable pump, 

shown in figure 1, was imposed at the inlet of the phantom 

model. Conversion from mL/s to cm/s was performed using the 

formula: 

𝑣𝑖𝑛𝑙𝑒𝑡 (
𝑐𝑚

𝑠
) =

𝑣𝑖𝑛𝑙𝑒𝑡 (
𝑚𝐿

𝑠
)

𝜋 ∗ (
𝐷(𝑡)

2
)

2
 (1) 

  

Where D(t) is the time varying diameter of the phantom lumen 

at the site of the inlet, and was derived using our ultrasound 

measurements as described in section II-E-1. The pressure 

temporal waveform measured by the pressure catheter was 

imposed at the outlet of the phantom in order to approximate 

the experimental conditions.  

A slightly compressible Newtonian viscous fluid was used to 

simulate the blood mimicking liquid used for the phantom 

experiments with a mass density, shear viscosity and bulk 

modulus of 1060 kg/m3, 0.004 Pa s and 2 GPa, respectively. 

The phantom wall was simulated as a homogenous isotropic 

nearly-incompressible quasilinear viscoelastic material, while 

the surrounding gelatin was approximated as a homogenous 

isotropic compressible quasilinear viscoelastic material with a 

neo-Hookean elastic response. Parameters involving the 

structural properties of the PVA and gelatin materials (i.e. 

elastic constants, viscoelastic coefficients) were experimentally 

determined. A complete description of the structure part of the 

simulation can be found in [58].  

The simulated flow velocity components along the axial 

(𝑣𝑧,𝑠𝑖𝑚(𝑧, 𝑥, 𝑡)) and lateral direction (𝑣𝑥,𝑠𝑖𝑚(𝑧, 𝑥, 𝑡))  at each node 

on the central 2-D slice of the phantom lumen were exported 

and then post-processed in MATLAB 2017b (Mathworks Inc, 

Natick, MA, USA).  

C. In vivo study 

The common carotid arteries of N=10 subjects (24-73 y.o., 8 M, 

2 F) and the carotid bifurcation of N=1 subject (24 y.o., F)  with 

no prior history of carotid artery disease were scanned in vivo. 

The subjects were divided into two groups based on their age: 

N=5 young subjects (24-32 y.o., 5 M) and N=5 older subjects 

(54-73 y.o., 3 M, 2 F).  In order to provide in vivo validation of 

the proposed vector flow imaging technique, pulsed wave 

Doppler scan was carried out in one subject (28 y.o., M), using 

a Siemens Acuson S2000 ultrasound scanner, equipped with a 

9L4 Linear array (Siemens, Munich, Germany). The clinical 

scan was performed immediately after the plane wave 

compounding scan, at the middle level of the common carotid 

artery by using the carotid bifurcation as reference, with the 

subject laying in the supine position. The ultrasound equipment 

was operated by the same expert sonographer in each case. 

In addition, the common carotid artery of one carotid artery 

disease patient (68 y.o., M) was scanned presenting less than 50 

% degree of stenosis, with a calcified plaque as indicated by CT 

scan examination. All procedures pertinent to the human study 

were approved by the Human Research Protection Office 

(HRPO) and Institutional Review Boards (IRBs) of Columbia 

University (protocol AAAR0022). Signed consent form was 

obtained from all subjects before performing ultrasound scans. 

D. Ultrasound acquisitions 

A Verasonics Vantage 256 research platform (Verasonics, 

Bothell, WA, USA) was used to drive an L7-4 Linear array 

transducer with 128 elements, center frequency 5 MHz and 

60% Bandwidth (L7-4, ATL Ultrasound, Bothell, WA, USA).   

A 3-plane wave spatial compounding acquisition imaging 

sequence, involving the transmission of 3 plane waves at angles 

θe (-10°, 0°, 10°) was implemented at a pulse repetition 

frequency of 10000 Hz. This particular acquisition sequence 

was chosen, because it has shown to meet the requirements for 

temporal resolution and imaging quality to perform PWI 

processing[25], while also it provides sufficiently large angles  
 

TABLE I – ULTRASOUND ACQUISITION PARAMETERS  
System Verasonics Vantage 256 

Transducer type 128-element linear array 

Center frequency 5MHz 

Element pitch 0.298 mm 

Field of View 35mm×37.88mm 

PRF 10000Hz 

RF sampling rate 20MHz 

Pulse length 2 cycles 

Acquisition duration 1.2 s 

Transmit apodization No apodization 

for vector Doppler imaging. The sequence was calibrated so 

that it satisfies the FDA safety guidelines prior to performing in 
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vivo scans. The parameters involving ultrasound acquisitions 

are summarized in TABLE I. 

E. Data post-processing 

1) PWI processing 

A similar methodology as in [25] was employed to track the 

distension pulse wave propagation. The received channel data 

for each transmission angle θe, were beamformed separately 

with a GPU-accelerated version of the delay and sum algorithm, 

using the respective steering angle on receive [25]. The 

beamformed RF frames were coherently summed, producing 

compounded RF frames. The F-number used in the 

beamforming process was 1.7, and apodization on receive was 

implemented using a Hanning filter. The axial and lateral 

resolution of the beamforming grid was 0.01848 mm and 

0.2980 mm, respectively. This resolution was chosen because it 

has shown to provide high quality of pulse wave imaging. 

Estimation of the axial wall velocities was performed using 

a parallel implementation of the 1-D cross-correlation sum-

table method [24][25]. The anterior and posterior walls were 

manually segmented producing thus the axial wall velocity 

temporal waveforms of the anterior and posterior walls at each 

lateral position (vanterior,i(t), vposterior,i(t), i=1,2,…,128). The 

waveforms of the posterior wall were then subtracted from the 

waveforms of the anterior wall, producing thus the distension 

rate at each lateral position of the imaged vessel (vi(t)= 

vanterior,i(t) - vposterior,i(t), i=1,2,…,128).  A Butterworth low pass 

filter with a cutoff frequency of 30 Hz was applied on vi(t) in 

order to suppress high frequency noise that does not correspond 

to arterial wall motion [62][63]. Subsequently, the axial wall 

acceleration waveform was derived by performing temporal 

differentiation (αi(t)=dvi(t)/dt). The time of arrival of peak 

αpwi(t), corresponding to the systolic foot of the cardiac cycle 

(Tpeak), was calculated at each lateral position. PWV was then 

estimated as the inverse of the slope of the linear fit applied to 

consecutive Tpeak versus lateral position. The acceleration 

waveform was chosen, because it has been reported to provide 

more robust pulse wave tracking [64][63]. Figure 2 illustrates 

an example of an acceleration spatiotemporal plot, along with 

the linear fit applied for PWV estimation. 

 
Figure 2: Acceleration spatiotemporal plot with linear fit overlaid for pulse 

wave tracking and PWV estimation. 

 

The arterial wall compliance was estimated by using the 

Bramwell-Hill equation as follows:  

𝐶𝑘 =
𝜋 (

min (𝐷(𝑡𝐸𝑆))
2

)
2

𝜌(𝑃𝑊𝑉)2
  (2) 

where 𝐷(𝑡𝐸𝑆) is the average vessel diameter at the time frame of 

early systole as obtained through manual wall segmentation, 

and ρ is the density of blood assumed to be equal to 1060 

𝑘𝑔/𝑚3.  

 In the case of the carotid artery disease patient, due to the 

presence of spatial inhomogeneities along the arterial wall, 

adaptive PWI was employed [5][56]. Adaptive PWI is an 

extension of PWI developed by our group, which analyzes the 

arterial wall distension and optimally partitions the artery into 

the segments with most homogeneous properties, providing 

thus more robust piecewise compliance estimates. 
 

2) Vector Doppler imaging 

The multi-angle vector Doppler approach (Figure 3) described 

in [35] was employed for vector flow imaging, using the same 

RF data as in the case of PWI processing. The RF data acquired 

from each transmission angle θe ∈ {-10°, 0°, 10°} were 

separately in-phase and quadrature (IQ)-demodulated and 

subsequently clutter filtered, producing thus a sequence of 

filtered 2-D IQ frames IQfilt,θe
(z, x, t𝑅𝐹), where z and x denote 

the axial and lateral position, respectively, while tRF denotes the 

time axis of the RF sequence. A spatiotemporal clutter filter 

based on singular value decomposition (SVD filter) of the 

ultrasound data was employed to filter the contribution of wall 

motion on blood flow velocity estimation [65]. A more detailed 

description of the filtering approach is provided in the 

Appendix. The IQfilt,θe
(z, x, t𝑅𝐹) sequence was then divided 

into ensembles of 40 frames (i.e. ~12 ms) with 90% overlap so 

that the resulting color Doppler frame sequence would have a 

frame rate of 833 Hz. Thus, the mean frequency (𝑓𝐷,𝜃𝑒
(𝑧, 𝑥, 𝑡)) 

of the power Doppler spectrum for each position, (z,x), and for 

each ensemble (t) was calculated as follows: 

𝑓𝐷,𝜃𝑒
(𝑧, 𝑥, 𝑡) =

∫ 𝑓|𝐼𝑄𝑓𝑖𝑙𝑡,𝜃𝑒
(𝑧, 𝑥, 𝑡𝑅𝐹)𝑒−2𝜋𝑓𝑡𝑑𝑡|

2
𝑑𝑓

∫|𝐼𝑄𝑓𝑖𝑙𝑡,𝜃𝑒
(𝑧, 𝑥, 𝑡𝑅𝐹)𝑒−2𝜋𝑓𝑡𝑑𝑡|

2
𝑑𝑓

 (3) 

By decomposing the true blood flow velocity vector (𝒗(𝑧, 𝑥, 𝑡)) 

into a vector along the axial direction (𝑣𝑧(𝑧, 𝑥, 𝑡)) and one along 

the lateral direction (𝑣𝑥(𝑧, 𝑥, 𝑡)) and using the revised form of 

the Doppler equation [36] [66] we have the following system of 

equations: 

𝑣𝑧(𝑧, 𝑥, 𝑡) ∗ (cos(𝜃𝑒) + 1) + 𝑣𝑥(𝑧, 𝑥, 𝑡) ∗ sin(𝜃𝑒)

=
𝑐

𝑓𝑐

𝑓𝐷,𝜃𝑒
(𝑧, 𝑥, 𝑡) = 𝑣𝜃𝑒  

(𝑧, 𝑥, 𝑡)(4) 

where θe, t ∈ {1, 2, 3} is the transmission angle of the plane 

wave, 𝑓𝑐 is the center frequency of the ultrasound, 𝑐 is the speed 

of sound, and 𝑣𝜃𝑒  
(𝑧, 𝑥, 𝑡) indicate the estimated Doppler blood 

velocities, respectively, for the tilted plane wave transmission 

at an angle 𝜃e. Thus, a system with three equations and two 

unknowns was created for each point on the Doppler images 

and was solved in parallel for all the image points using a GPU-

enhanced least-squares solver: 

[
𝑣𝑥(𝑧, 𝑥, 𝑡)
𝑣𝑧(𝑧, 𝑥, 𝑡)

] = 𝐴+ [

𝑣𝜃𝑒1
(𝑧, 𝑥, 𝑡)

𝑣𝜃𝑒2
(𝑧, 𝑥, 𝑡)

𝑣𝜃𝑒3
(𝑧, 𝑥, 𝑡)

] (5) 

where 𝐴+ is the pseudoinverse matrix of A, the matrix 

containing the steering angles:  
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A=[

sin 𝜃𝑒1 cos 𝜃𝑒1 + 1
sin 𝜃𝑒2 cos 𝜃𝑒2 + 1
sin 𝜃𝑒3     cos 𝜃𝑒3 + 1

] (6) 

 
The resulting flow velocity components (𝑣𝑥 and 𝑣𝑧) were 

spatially filtered by using a 2-D median kernel of 7x7. 

Subsequently, the magnitude of the derived velocity vectors 

was color-coded and overlaid onto the B-mode. To visualize the 

direction of the velocity vectors, a vector field was overlaid on 

top of the color-coded magnitude of the velocities.  The axial 

wall velocities were also overlaid onto the B-mode.  

 

 
Figure 3: Vector Doppler methodology 

 

3) Cross-correlation vector flow imaging 

Cross-correlation vector flow imaging (CC VFI) was employed 

using a similar approach as in [67], where  speckle tracking is 

used to track the 2-D motion of blood scatterers (Figure 4). The 

compounded RF signals were clutter filtered using the same 

SVD filter as in section II-E-2), aiming to eliminate the slow 

motion of the arterial wall, and enhance the RF signals obtained 

from blood flow. A 1D normalized cross correlation kernel was 

subsequently applied on consecutive filtered RF frames in a 2-

D search, using a kernel overlap of 1 axial sample (0.01848 

mm), in order to estimate the inter-frame displacements at each 

point location in the field of view [68]. The size of the kernel 

was set at 40 (0.7392 mm) axial samples in the case of the 

phantom study and 80 (1.4784 mm) for the in vivo study. To 

increase the accuracy of displacement estimates, a 10:1 linear 

interpolation was performed between adjacent RF lines [69]. 

The resulting inter-frame displacements were then normalized 

by the frame rate in order to obtain the axial  (𝑣𝑧(𝑧, 𝑥, 𝑡)) and 

lateral (𝑣𝑥(𝑧, 𝑥, 𝑡)) flow velocity components. The maximum 

search range was set at 7 samples (0.1294 mm, maximum 

velocity: 43.13 cm/s) across the axial and 3 samples (0.8940 

mm, maximum velocity: 298.0 cm/s) across the lateral 

direction.  The resulting flow velocity components were 

averaged in temporal ensembles of 40 frames (i.e. ~12 ms) with 

90% overlap, in order to obtain the same vector flow imaging 

frame rate as in the vector Doppler approach. Finally, the same 

spatial filter as in the vector Doppler approach was applied on 

𝑣𝑥 and 𝑣𝑧 (2-D median kernel of 7x7).  

 
Figure 4: Cross correlation vector flow imaging methodology 

 

 

4) Vector flow imaging performance evaluation 

In the case of the phantom study, each vector flow imaging 

frame was spatially registered with the corresponding simulated 

vector flow field by using the inlet of the phantom as reference. 

Interpolation was performed along the lateral (x-axis) and axial 

(z-axis) directions, in order to map the simulated and measured 

vector flow fields at the same grid of size 128 and 80 samples 

along the x- and z-axis, respectively. The lateral resolution 

(0.298 mm) of the resulting grid was chosen to match the 

ultrasound field of view, while the axial resolution (0.1 mm) 

was selected to account for the minimum node-to-node distance 

of the FSI simulation. The flow velocity magnitude 

(𝑣𝑚(𝑧, 𝑥, 𝑡)) and vector flow angles (𝜃(𝑧, 𝑥, 𝑡)) were calculated 

at each point location (z,x) and time frame (t) as follows: 

𝑣𝑚(𝑧, 𝑥, 𝑡) = √𝑣𝑧
2(𝑧, 𝑥, 𝑡) + 𝑣𝑥

2(𝑧, 𝑥, 𝑡)(7) 

𝜃(𝑧, 𝑥, 𝑡) = 𝑡𝑎𝑛−1 (
𝑣𝑧

𝑣𝑥

) (8) 

 The flow velocity profile obtained through each one of the 

two vector flow imaging methods was compared to the 

simulated one, by calculating the bias (B) and precision (σ) of 

flow velocity magnitude and vector angles across the axial 

direction (z) at each lateral position, and then averaging across 

the lateral direction (x): 

𝐵𝑣𝑚
(𝑡) = 𝐴𝑉𝐺𝑥 {

1

𝑣𝑠𝑖𝑚,𝑚𝑎𝑥(𝑥, 𝑡)
𝐴𝑉𝐺𝑧{|𝑣𝑚,𝑠𝑖𝑚(𝑧, 𝑥, 𝑡)

− 𝑣𝑚,𝑣𝑓𝑖(𝑧, 𝑥, 𝑡)|}} (9) 

𝐵𝜃(𝑡) = 𝐴𝑉𝐺𝑥 {𝐴𝑉𝐺𝑧{|𝜃𝑠𝑖𝑚(𝑧, 𝑥, 𝑡) − 𝜃𝑣𝑓𝑖(𝑧, 𝑥, 𝑡)|}} (10) 

𝜎𝑣𝑚
(𝑡) = 𝐴𝑉𝐺𝑥 {

1

𝑣𝑠𝑖𝑚,𝑚𝑎𝑥(𝑥, 𝑡)
𝑆𝑇𝐷𝑧{|𝑣𝑚,𝑠𝑖𝑚(𝑧, 𝑥, 𝑡)

− 𝑣𝑚,𝑣𝑓𝑖(𝑧, 𝑥, 𝑡)|}} (11) 

𝜎𝜃(𝑡) = 𝐴𝑉𝐺𝑥{𝑆𝑇𝐷𝑧(|𝜃𝑠𝑖𝑚(𝑧, 𝑥, 𝑡) − 𝜃𝑣𝑓𝑖(𝑧, 𝑥, 𝑡)|)} (12) 
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  Where the subscripts “sim” and “vfi”, “𝑣𝑚”, and “θ”, stand 

for simulation, vector flow imaging, flow velocity magnitude 

and vector flow angles, respectively. AVG(z,x){} and STDz{} 

denote the averaging and standard deviation operators along the 

axial (z) or lateral (x) direction, respectively, and 𝑣𝑠𝑖𝑚,𝑚𝑎𝑥(𝑥, 𝑡) 

is the maximum value of the simulated axial velocity profile for 

a given lateral position and time frame. Division with 

𝑣𝑠𝑖𝑚,𝑚𝑎𝑥(𝑥, 𝑡) was performed to express the flow velocity 

magnitude bias and precision in relative quantities.  

Averaging across the lateral direction was performed in two 

regions as illustrated in Figure 5 – (a): i) entire FOV (x∈
[0, 37.8 𝑚𝑚]) and ii) plane wave overlapping zone FOV (x∈
[6.2, 31.6 𝑚𝑚]) where all three plane waves overlap. The latter 

region was chosen, because the transmitted plane waves are 

tilted at angles (-10°, 0°, 10°), thus, flow measurements are 

expected to be less accurate towards the edges of the field of 

view, where only 2 out of three plane waves overlap. The plane 

wave overlapping zone is function of depth (z-axis) and its 

distance from the first and last lateral positions is given as 

doverlap = z*tan(10°). In the case of the phantom study, this 

distance was calculated for the maximum depth of the phantom 

lumen and was determined to be doverlap=6.2 mm.  

Bias and precision values were calculated at five different 

temporal samples as shown in Figure 5-(b): T0, T25, T50, T75  and 

T100 which correspond to the foot, 25%-, 50%-, 75%- upstroke 

points and peak of the flow velocity waveform, respectively.  

The bias and precision in magnitudes and angle 

(𝐵𝑣𝑚
, 𝐵𝜃 , 𝜎𝑣𝑚

, 𝜎𝜃), obtained through vector Doppler and CC VFI 

were compared separately at the pre-stenotic and stenotic 

segments, by using a paired t-test among different time frames 

(total of 8 comparisons, N=5 per comparison).  

 
 

Figure 5: (a) Borders of plane wave overlapping zone and entire field of view, 
in which the average bias and precision values were calculated. (b) Points of 

the flow velocity waveform for which the bias and precision values were 

calculated. 

III. RESULTS 

A. Simulation and phantom study 

Figure 6-(a) illustrates the 2-D flow at the time frame of peak 

systole (T100), corresponding to the central 2-D slice of the 

phantom’s geometry, as obtained through FSI simulation. The 

blue and green rectangles denote the pre-stenotic and stenotic 

segments, respectively (as described in section 2.1 - Figure 1). 

Figure 6-(b),(c),(d) demonstrate the peak systolic vector flow 

field in the pre-stenotic segment obtained through simulation, 

vector Doppler and CC VFI, respectively. Figure 6-(e),(f),(g) 

demonstrate the corresponding vector flow fields in the stenotic 

segment. It can be observed that the CC VFI method provided 

smoother flow velocity magnitude images as compared to 

vector Doppler, which qualitatively approximates better the 

simulated vector flow field. 

Figure 6-(h),(i) show the axial flow velocity magnitude 

profiles at the foot (T0) and peak (T100) time frames as obtained 

through vector Doppler and CC VFI, respectively, in the pre-

stenotic segment.  Figure 6-(j),(k) illustrate the respective axial 

flow velocity magnitude profiles in the stenotic segment. The 

axial flow profiles were extracted from the lateral positions 

illustrated in blue (Figure 6-(b)) and green (Figure 6-(e)) dashed 

lines in the pre-stenotic and stenotic segments, respectively, and 

were interpolated to the same grid as the simulated vector flow 

field, as described in section II-E-4. 

The quantitative performance evaluation results are 

summarized in Figure 7 and Table-II. Figure 7 illustrates the 

average bias and precision in flow velocity magnitude (a, b, e, 

f) and vector angles (c, d, g, h), with respect to the time frame 

in the pre-stenotic (a - d) and stenotic (e - h) segments. The 

metrics presented in gray and black lines correspond to the 

plane wave overlapping zone and the entire FOV, respectively. 

It can be observed that in each case, both bias and precision are 

lower in the plane wave overlapping zone, indicating better 

quality of vector flow imaging in this region for both methods, 

as compared to the entire FOV.  

Table-II summarizes the comparison of the performance 

metrics between the two vector flow imaging techniques in the 

plane wave overlapping zone. Each cell of the table presents the 

mean and standard deviation of each metric across the 5 

different time frames. In 4 out of 8 comparisons, paired t-test 

revealed significantly better performance of the CC-VFI 

technique (significantly lower 𝜎𝑣𝑚
in the pre-stenotic segment 

and 𝜎𝜃 𝜎𝑣𝑚
𝐵𝑣𝑚

 in the stenotic segment, p<0.05). In the pre-

stenotic segment, vector Doppler provided significantly lower 

𝐵𝜃  (p<0.05), while no significant differences were found in the 

remaining comparisons.  

 
TABLE II – Average bias and precision values obtained for each 

scanning site and each vector flow imaging technique 
 Pre-stenotic segment Stenotic segment 

Vector Doppler CC VFI Vector Doppler CC VFI 

𝐵𝑣𝑚
(%) 17.85±1.74 16.36±7.96 18.96±1.38 14.26±1.51* 

𝐵𝜃(°) 1.53±1.06* 2.35±1.00 4.21 ±1.12 4.14±1.08 

𝜎𝑣𝑚
(%) 13.59±1.09 8.61±3.10* 14.22±1.09 9.49±0.91* 

𝜎𝜃(°) 1.83±1.91 1.58±1.13 7.10±1.99 4.43±1.18* 

* Significantly lower value (p<0.05) 
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Those comparisons suggest that CC VFI outperforms vector 

Doppler in most cases, particularly in the stenotic segment, 

which is characterized by higher flow velocity. In the case of 

the pre-stenotic segment, it can be observed in Figure 7-(a),(b) 

that CC VFI provides higher 𝐵𝑣𝑚
 than the vector Doppler 

approach at time frames corresponding to lower velocity values 

(T0, T25, T50), and drops at higher velocities reaching a 

minimum value of 6.89% at T100, with a 𝜎𝑣𝑚
 of 5.81%. 

However, the precision 𝜎𝑣𝑚
 of CC VFI remains lower than 

vector Doppler, indicating less noisy flow velocity magnitude 

estimates. Both vector flow imaging methods provided similar 

performance in vector flow angle estimation. Given that CC 

VFI provided significantly lower precision and bias in most of 

the comparisons, we choose to integrate PWI with the CC VFI 

technique. 

B. In vivo study 

Figure 8-(a) illustrates the PW Doppler results in the middle 

of the CCA of one healthy subject. Figure 8-(b),(c) show the 

PWI coupled with CC-VFI image sequence at the same arterial 

segment as in Figure 8-(a). The illustrated frames correspond to 

the peak systolic (8-(b)) and end diastolic (8-(c)) phases. Figure 

8-(d) shows the  

 

 

 

 
Figure 6: (a) 2-D flow vector field at the time frame of peak systole (T100), corresponding to the central 2-D slice of the phantom’s geometry, as obtained through 

FSI simulation. The blue and green rectangles denote the segments of the phantom where ultrasound scans were performed. (b-g) Peak systolic vector flow field, 

before interpolation, obtained through simulation, vector Doppler and CC VFI in the pre-stenotic (b,c,d)  and stenotic (e,f,g) segment, respectively. (h-k) Axial 
flow velocity magnitude profiles, after interpolation, at the foot (T0) and peak (T100) time frames as obtained through vector Doppler (h,j) and CC VFI (i,k), in the 

pre-stenotic (h,i) and stenotic (j.k) segment, respectively. 

 

Temporal waveform of flow velocity magnitude corresponding 

to the center of the lumen (green rectangular marker in Figure 

8-(b)), which is the approximate location of the PW Doppler 

measurement. Figure 8-(e) illustrates an alternative display of 

the proposed method, in which streamlines are plotted onto the 

B-mode in order to provide improved visualization of the 

directional flow in the common carotid.  

Videos depicting the image sequences have been included as 

supplemental material. In supplemental material 1, it can be 

observed that the streamlines align upon arrival of the 

distension pulse wave, and subsequently follow a trajectory 

towards the bottom wall. The downward motion of the 

streamlines can possibly indicate the tendency of blood to flow 

through the less resistive route at the carotid bifurcation. 
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Supplemental material 2 demonstrates a particle visualization 

of vector flow imaging, where the red dots follow the motion of 

blood. A vortex can be seen at the level of the carotid 

bifurcation. 

 The peak systolic flow velocity magnitude obtained through 

CC-VFI was 101.21 cm/s which was in good agreement with 

the value obtained by the clinical scanner (98.8 cm/s), with a 

relative error of 2.4%. 

Figure 9-(a) and (b) demonstrate the estimated PWV and 

arterial wall compliance, respectively, versus the peak flow 

velocity magnitude, averaged along the centerline of the vessel, 

in each subject (N=10). Spearman’s rank-order test revealed 

significant negative correlation between PWV and peak flow 

velocity magnitude (rs=-0.86, p<0.01), while positive 

correlation was observed between carotid wall compliance and 

peak flow velocity magnitude (rs=0.90, p<0.001). Figure 9-(c), 

(d) illustrate a comparison of flow velocity magnitude and 

compliance, respectively, in non-atherosclerotic young and 

older subjects. Unpaired t-test revealed that subjects in the 

young group had significantly higher carotid artery compliance, 

compared to older subjects (1.76 ± 0.34 *10−9 m2/Pa versus 

0.85 ± 0.19 *10−9 m2/Pa , p<0.01), as well as significantly 

higher flow velocity magnitude (92.60 ± 6.34  cm/s versus 

66.25 ± 4.98 cm/s, p<0.001).   

Figure 10 shows an example of the proposed method in an 

atherosclerotic common carotid artery. Figure 10-(a) 

demonstrates the B-mode image with the flow magnitude and 

vector field overlaid inside the lumen and the axial wall 

velocities overlaid on the walls. The orange lines depict the 

borders of the lumen, obtained through manual wall 

segmentation. Figure 10-(b) shows the result of adaptive PWI 

post processing, where the yellow dashed lines indicate the 

borders arterial segments with most uniform pulse wave 

propagation. The piecewise compliance values estimated for 

each segment were color-coded and overlaid onto the B-mode 

Figure 10-(c) shows the peak flow magnitude along the 

centerline of the vessel with respect to the lateral position, in a 

common graph with the lumen diameter, as obtained through 

wall segmentation. Figure 10-(d) demonstrates the 

spatiotemporal plot of distension rate (vi(t)) depicting the 

distension pulse wave propagation. The vertical red dashed line 

indicates the lateral position where the flow magnitude 

maximizes, while the green lines indicate the borders of the 

stenotic segment as determined by analyzing the 2nd derivative 

of the diameter waveform, using a method described elsewhere 

[6]. The flow magnitude is shown to reach its maximum 

approximately at the point of maximum stenosis, while it drops 

in the post-stenotic segment, which is a similar observation as 

in the case of the phantom study. 

The average compliance estimated by adaptive PWI in the 

stenotic segment was found to be equal to 0.64 *10−9 m2/Pa, 

which is low compared to average value in both young (1.76 ± 

0.34 *10−9 m2/Pa) and older subjects 0.85 ± 0.19 *10−9 

m2/Pa ). This can be explained considering that a calcified 

plaque was present, which is associated with increased 

stiffness. Moreover, it can be seen in Figure 10-(d) that the 

amplitude of vi(t) decreases in the stenotic segment, particularly 

at lateral positions following the peak flow magnitude. This is 

possibly an effect of the pressure drop across the plaque, which 

limits the degree of arterial wall distension rate. Also, reduced 

degree of distension in the stenotic segment can be linked to 

plaque calcifications, as supported by another study involving 

applications of PWI in carotid artery disease patients [55].  

IV. DISCUSSION 

In this study, PWI was integrated with vector flow imaging, 

enabling simultaneous and co-localized imaging of arterial wall 

distension pulse wave propagation and blood flow patterns. The 

developed imaging modality is expected to provide additional 

insight in studying carotid artery biomechanics, and aid in 

carotid artery disease diagnosis and monitoring. Two separate 

vector flow imaging techniques, vector Doppler and CC-VFI, 

were implemented using the PWI sequence. The performance 

of the two techniques was investigated through experiments and 

simulations in a phantom mimicking the geometry of a stenotic 

vessel. Furthermore, the feasibility of the proposed method was 

tested by investigating associations between vessel wall 

mechanical properties and flow velocity in the common carotid 

arteries of non-atherosclerotic human subjects. Finally, initial 

feasibility was presented in an atherosclerotic carotid artery in 

vivo. 

Overall, CC-VFI provided lower bias and precision, 

suggesting better performance than the vector Doppler 

technique for the given acquisition sequence. A limitation of the 

Doppler method is the effect of geometrical spectral 

broadening, which may introduce errors in flow velocity 

calculation depending on the beam-to-flow angle [70]. This 

effect is expected to reduce the quality of the vector Doppler 

approach employed in this study, given that Doppler spectra are 

calculated from plane wave emissions with varying beam-to-

flow angles, and then combined to reconstruct the 2-D vector 

flow field. Moreover, ultrasound acquisition parameters such as 

pulse duration, number and angles of transmitted plane waves 

were chosen based on an optimization study involving the PWI 

sequence [25]. However, those parameters may not be optimal 

for accurate Doppler signal determination, leading to lower 

quality of Doppler velocity estimates [37]. Alternative 

implementations of Doppler-based techniques, such as the ones 

described in [37][71] may provide improved performance for 

vector flow imaging. 

Comparison between a cross correlation and a vector Doppler 

based approach has also been performed through simulations in  

[72], where the cross correlation method resulted in more robust 

mapping of lateral flow velocity. This is consistent with the 

findings of the present study, with the CC-VFI derived flow 

velocity magnitude presenting lower bias and precision in most 

comparisons. However, no significant differences were 

determined in terms of vector flow angles, which can be 

attributed to the fact that the vector Doppler technique may 

provide higher quality of axial flow velocity estimates [72].  

Overall, the cross correlation method was considered to provide 

more advantages for vector flow imaging [72]. Consistent 

results were reported by a more recent study, where vector 

Doppler was outperformed by a speckle tracking-based 

technique used on compounded RF signals, with the latter being 

less dependent on the beam-to-flow angle, number of 

transmitted plane waves and RF filtering [34]. 
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. 

 
Figure 7: Bias and precision in flow velocity magnitude (a, b, e, f) and vector angles (c, d, g, h), with respect to the time frame in the pre-stenotic (a - d) and stenotic 

(e - h) segments. (a,c,e,g) illustrate the values obtained through the vector Doppler technique. (b,d,f,h) illustrate the values obtained through the CC-VFI  technique. 

Figure 8: (a) Pulsed wave Doppler scan provided by a clinical ultrasound scanner. (b,c) Images of PWI combined with CC-VFI imaging sequence corresponding 

to end diastole and peak systole, respectively. (d) Temporal waveform of flow velocity magnitude, as obtained through CC VFI, corresponding to the center of the 

lumen (green rectangular marker in Figure 8-(b)), which is the approximate location of the PW Doppler measurement. (e) An alternative display of the proposed 
method, in which streamlines are plotted onto the B-mode in order to provide improved visualization of the directional flow in the common carotid. 
 

It was observed that the bias and precision of CC-VFI 

obtained higher values at lower flow velocity levels. This can 

be attributed to the fact that the cross-correlation parameters for 

blood motion tracking (i.e. kernel size, kernel overlap, 

interpolation factor and search range) had a fixed value for the 

entire cycle. Different configurations of those parameters 

would result in different bias and precision of the proposed 

technique, for a given flow velocity magnitude. In this study, 

we experimented with multiple configurations and chose the 

one that better approximated the simulations, or the clinical 

Doppler scan in the case of the in-vivo study. Ongoing efforts 

involve the implementation of an adaptive algorithm that will 

determine the optimal cross correlation parameters with respect 

to the phase of the cardiac cycle.  

An additional shortcoming of the presented CC-VFI 

implementation is the application of 2-D speckle tracking in 

compounded RF frames, consisting of asynchronous plane 

wave emissions. Coherent compounding is based on the 

assumption of stationary field of view. However, this 

assumption is not valid, since blood scaterrers are moving in 
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between different transmissions, resulting in incoherent 

summation of the backscattered signals. This effect is expected 

to impact the quality of RF frames, and therefore, flow velocity 

estimation. This issue can potentially be addressed by 

employing a motion correction technique on the compounded 

RF frames, such as the one presented in [35]. 

Due to technical limitations entailed by the pump and the 

limited strength of the phantom material, the generated flow 

waveform provided lower flow velocity values, as compared to 

those in a physiological common carotid artery. To validate CC 

VFI at higher flow velocity levels, the common carotid artery 

of one healthy subject was scanned in vivo using a clinical 

scanner, which provided good approximation of the peak 

systolic velocity. 

Another matter warranting further investigation is the 

maximum flow velocity value that can be estimated using CC-

VFI. The upper limit of velocity that can be provided by the 

multiangle vector Doppler approach is defined by the Nyquist 

frequency. In the case of CC-VFI, decorrelation is expected to 

affect the performance of motion tracking when the interframe 

displacement of blood scatterers is too large, or in case of more 

complex flow patterns such as vortices. Future work would 

include the development of an experimental setup that will be 

able to support higher flow velocity waveforms and more 

complex flow patterns, to provide a more complete 

performance evaluation of the proposed technique. 

Performance evaluation of vector flow imaging techniques in 

terms of bias and precision has been previously carried out [37] 

[41][43][45][73][74][71]. The evaluation approaches used in 

[41][42] demonstrate more similarities with the methodology 

employed in this paper, where flow velocity measurements 

from straight vessel tubes with large diameter and pulsatile 

excitation, are directly compared with the theoretical vector 

flow field. According to [41], the transverse oscillation method 

provided an average bias of axial and lateral flow velocities 

lower than 20%, with the lateral component providing similar 

bias and precision values as the ones provided by CC-VFI flow 

velocity magnitude. An improved version of TO was developed 

in [42], where the average standard deviation of vector flow 

angles and lateral velocity was reported to be 2.8° and 9.2%, 

respectively, while the mean bias in lateral flow velocity was 

equal to -3.4%. Those values are comparable to the case of CC-

VFI in the pre-stenotic segment at peak systole, with a precision 

in vector flow angles and flow velocity magnitude equal to 

1.83° and 5.81%, respectively, and a bias in flow velocity 

magnitude of 6.89 %. It should be noted that the framework 

used for performance evaluation in this study provides less 

idealized flow conditions compared to the aforementioned 

studies, given that it incorporates pulsatile vessel wall motion 

both in the phantom experiments and simulations. It is therefore 

more challenging to achieve low bias and precision values 

given the complexity added by the structure interaction 

component. 

A similar method for simultaneous vector flow imaging and 

PWV estimation was presented in [47], where the transverse 

oscillations (TO) approach was employed. An advantage of TO 

is that it is a better established approach for vector flow 

imaging, as compared to the speckle tracking method employed 

in this study. However TO has not been as extensively 

investigated for arterial wall stiffness estimation, compared to 

PWI. A potential advantage of CC-VFI is that it does not require 

large beam-to-flow angles since it uses axial and lateral speckle 

tracking on the compounded RF signals, and therefore, it can be 

easily integrated with various plane wave transmission 

sequences. It has been demonstrated that the quality of vector 

flow field mapping provided by TO improves as the beam to 

flow angles of the transmitted plane waves increase [42], a fact 

that may compromise the quality of B-mode image and/or 

displacement estimation.  

A limitation of the experimental performance assessment is 

the effect of pulse pave reflections generated at the outlet of the 

phantom. When the pulse wave propagates through a 

discontinuity in stiffness or cross sectional area, then a reflected 

wave is generated travelling in the opposite direction. The 

reflected wave is superimposed with the forward one, affecting 

the uniformity of flow and pressure waveforms.  

To mitigate potential bias introduced by pulse wave 

reflections, performance evaluation was not carried out at time 

frames later that the peak systole. That is because the major 

effect of pulse wave reflections is expected to occur when the 

wave that corresponds to peak systole is reflected at the outlet 

and merges with the forward one. Moreover, we did not 

perform our analysis in the post-stenotic segment of the 

phantom close to the outlet, which is rather challenging to 

model accurately due to its proximity to sources of pulse wave 

reflections. Less accurate modelling in this particular segment 

was also observed in [58], where a similar analysis was 

performed to compare simulated with measured PWV values, 

and a higher error was determined in the post-stenotic segment. 

Next steps would involve more accurate representation of the 

outlet boundary condition and reflection generation, by 

utilizing more sophisticated approaches, such as the 

Windkessel resistance module described in [75]. 

The aim of the in vivo study in non-atherosclerotic subjects 

was to support the clinical importance of the proposed 

technique by investigating associations between two crucial 

biomarkers of vascular health. Peak systolic flow velocity 

values provided by CC-VFI are consistent with values reported 

by previous studies, both for the young and older subjects 

[76][77][78][79]. Significantly higher compliance and flow 

velocity magnitude were observed in young subjects compared 

to older ones. This finding is consistent with previous studies 

which have reported increased vascular stiffness [6] [52][80] 

and reduced flow [81][77] with age. Moreover, a significantly 

positive correlation was determined between arterial wall 

compliance and peak flow velocity magnitude. The relationship 

between wall stiffness and blood flow dynamics in human 

carotid arteries in vivo has been previously investigated, with 

the wall shear stress considered as an important factor in 

vascular wall remodeling and stiffening [77][82]. However, 

there has not been a standard technical basis for direct and 

robust regional wall stiffness and flow velocity vector field 

estimation, thus, the exact role of hemodynamic forces in 

arterial wall degeneration remains unclear [83][44]. Ongoing 

efforts include application of the proposed technique in a larger 

cohort of human subjects to further investigate dependencies 

between arterial mechanical properties and blood flow patterns.   

 Furthermore, initial feasibility of the proposed method was 

shown in one atherosclerotic subject in vivo. A relatively low 

compliance was determined, which can be justified considering  
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that a calcified plaque was present. It is known that 

calcifications can increase the plaque’s stiffness, and previous 

application of PWI in atherosclerosis patients has 

demonstrated its capability in differentiating among plaques 

with different degree of calcification [55]. Imaging of the 

atherosclerotic plaque mechanical properties in conjunction 

with applied hemodynamic forces may yield significant 

information on vulnerable plaque detection and stroke 

prevention. Pulse wave velocity and intra-plaque 

displacements can be utilized to identify structural 

components associated with increased vulnerability (i.e. high 

lipid necrotic core, thrombus), while flow vector field can 

reveal regions of the fibrous cap with increased stress that can 

be potential sites of rupture. It should be noted that a 

limitation of the in-vivo study is potential misalignment of the 

ultrasound probe with the axis of the common carotid artery, 

which may introduce bias in peak flow velocity estimation. 

A factor that may bias the PWI technique is that only axial 

wall motion is considered to track the pulse wave propagation. 

In cases of more complex geometries, i.e. when an 

atherosclerotic plaque is present, the vessel is not aligned with 

the lateral direction, and lateral motion is not taken into 

account. This is not expected to significantly bias PWV 

estimation, since it based on tracking a temporal feature of the 

distention waveform, which is expected to occur 

simultaneously for the axial and lateral components of arterial 

wall distension. It yet remains to assess the angle 

independence of PWI in atherosclerotic vessels.  

Finally, simultaneous information on flow velocity and 

wall displacements may enable the development of more 

sophisticated and robust methods for arterial wall mechanical 

characterization. The pulse wave inverse problem (PWIP) 

[84] is an example of such techniques, which provides 

spatially resolved compliance measurements based on the 

spatiotemporal variation of arterial wall displacements, while 

 
Figure 9: (a) PWV and (c) Compliance versus peak flow velocity magnitude averaged throughout the arterial lumen. Comparison of (c) peak flow velocity 

magnitude and (d) compliance in young and older subjects. 

 
Figure 10: (a) B-mode image with the flow magnitude and vector field overlaid inside the lumen and the axial wall velocities overlaid on the walls. The orange 

lines depict the borders of the lumen, obtained through manual wall segmentation. (b) Output of the adaptive PWI method. The yellow dashed lines indicate the 
borders of most homogeneous segments detected by adaptive PWI, while the compliance values are color-coded and overlaid onto the B-mode. The green dashed 

lines correspond to the borders of the stenotic segment, as determined by lumen diameter analysis. (c) Peak flow magnitude with respect to the lateral position, in 

a common graph with the lumen diameter, as obtained through wall segmentation. The vertical red dashed line indicates the lateral position where the flow 
magnitude maximizes, while the green lines indicate the borders of the stenotic segment as determined through the diameter waveform. (c) Spatiotemporal plot of 

arterial distension rate. 
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also accounting for effects of pulse wave reflections. 

However, previous PWIP implementation was based on 

assumptions regarding the flow velocity profile and boundary 

conditions, which may introduce errors in compliance 

estimation. A future step of this work would be to supplement 

PWIP with simultaneous vector Doppler measurements, in 

order to enhance its mechanical characterization capabilities. 

V. CONCLUSION 

A non-invasive ultrasound imaging technique was presented for 

simultaneous and co-localized imaging of distension pulse 

wave propagation and 2-D vector flow field. The accuracy of 

the proposed technique was investigated in vitro using a 

stenotic vessel phantom and through FSI simulation. Moreover, 

its feasibility was shown to investigate associations between 

carotid artery Pulse Wave Velocity and blood flow patterns, in 

vivo. This method is expected to provide more insight in the 

biomechanical behavior of arteries, aiding thus in vascular 

disease diagnosis and monitoring. 
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Appendix. Singular Value Decomposition filtering 

 

A singular value decomposition (SVD) filtering approach 

similar to the one presented in [65] was employed. Let us 

consider the sequence of beamformed RF frames shown in 

Figure 11-(a), stacked in a 3-D matrix of size (Mz, Mx, Mt), 

where Mz, Mx, Mt denote the number of samples across the 

depth, width and time axes, respectively (Figure 11-(a)). In this 

study, the stack includes the full sequence of acquired Rf 

frames, leading to an Mt of 3999 samples. The first step in the 

SVD filtering approach is transforming the 3-D stack of RF 

frames into a 2-D Casorati matrix (S) of dimension (Mx x Mz, 

Mt). Subsequently, the Casorati matrix is diagonalized and 

decomposed into a temporal (U) and spatial (V) singular vector 

basis as follows:  

 

𝑆 = 𝑈𝛥𝑉∗ 

 

Where Δ is a diagonal matrix with the singular values of S.  

 The RF signals backscattered from tissue are characterized 

by high spatiotemporal coherence and correspond to higher 

singular values, as compared to signals obtained from blood 

scatterers. The aim of SVD filtering is to reject singular 

components that correspond to tissue motion by selecting a 

singular value as a threshold (δT). To select the threshold, the 

GUI shown in Figure 11 was developed. The blue line 

demonstrates the singular values of Δ in dB, sorted by 

decreasing singular value. while the vertical red line illustrates 

the position of the threshold singular value. The arrows allow 

the user to manually select the position of the red line. In this 

study, the elbow of the curve was selected as the threshold δT 

that provides separation between tissue motion (high singular 

values) and blood flow or noise (low singular values). More 

detailed description involving the SVD filtering approach can 

be found in [65]. 

 
Figure 11: (a) 3-D stack of beamformed RF frames. (b) User interactive GUI 

for singular value filtering threshold selection. 
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