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General introduction
and thesis outline

GENERAL INTRODUCTION AND THESIS OUTLINE

1.1 Motivation
1.1.1 The cardiovascular system
The flow of blood through the whole circulatory system in our body is vital. This system is
responsible for the transportation and distribution of essential substances and the removal
of waste materials throughout our body. The main components in this system are the
heart, blood vessels and blood. The heart pumps blood, the vehicle of transportation,
into the pulmonary circulation to the lungs, for the exchange of oxygen and carbon
dioxide. Oxygen-rich blood returns to the heart where it is pumped into the aorta. Via the
systemic circulation, the rest of our body is supplied with oxygen and nutrients and waste
products are removed. Oxygen-poor blood is transported back to the heart, where it is
again oxygenated via the pulmonary circulation.
When (part of) the cardiovascular system, i.e., heart and/or blood vessels, is affected or
diseased, we speak of a cardiovascular disease (CVD). Worldwide in 2015, 17.9 million
people died from CVD, representing 31% of all deaths [1]. The two main forms of CVD are
coronary heart disease, responsible for 8.9 million deaths worldwide in 2015, and stroke,
responsible for 6.3 million deaths. Both forms of CVD are primarily caused by atherosclerosis,
a condition in which material accumulates in the arterial wall. Early or prompt detection of
atherosclerosis is essential to reduce these high mortality and morbidity numbers and
decrease healthcare costs.
In coronary heart disease, the blood vessels supplying the heart are diseased and in the
case of stroke, blood vessels supplying the brain are affected. Stroke is a condition where
cell death occurs in the brain, due to the lack of oxygen. This can be caused by the
blockage of blood flow, called ischemic stroke, or due to bleeding caused by rupture of
an artery in the brain, called a hemorrhagic stroke. About 85% of strokes are ischemic [2].
Globally, it is the second leading cause of death and the third leading cause of disability [3].
About 20% of the ischemic strokes are caused by the rupture of atherosclerotic plaque in
the carotid artery. This artery is located on both sides of the neck and supplies the face
and brain with blood. It splits into the external and internal carotid arteries (Figure 1.1).
The external carotid artery supplies blood to the face and neck, while the internal carotid
artery supplies the brain. The point where the common carotid artery branches into the
internal and external carotid artery is widened and is called the carotid sinus, or carotid bulb.

1.1.2 Atherosclerosis
The arterial wall consists of three distinct layers: the intima, media and the adventitia,
beginning from the inner towards the outer layer. The intima is composed of a single layer
of endothelial cells, which are in direct contact with the blood in the lumen. The media,
a muscular layer, primarily consists of circularly arranged smooth muscle fibers together
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with elastin fibers. This layer provides the vessel its structural support and the ability to
contract and relax, i.e., vasoconstriction and vasodilation, to regulate the blood pressure.
The adventitia mainly consists of collagen and elastin fibers. It anchors the vessel to the
surrounding tissue and provides strength to the vessel. The vasa vasorum are the small
blood vessels present in the adventitial layer, which supply blood and nourishment to the
adventitia and media layers.
Atherosclerosis is the process of thickening and hardening of the vessel walls. The initial event in
this process is the uptake of low-density lipoproteins (LDLs) in the intima layer which
initiates an immune response [4]. As a reaction to this, endothelial cells and smooth muscle
cells (SMCs) express adhesion molecules, which attract monocytes. Monocytes adhere to
the surface of the endothelium and migrate into the intima, where they proliferate,
differentiate into macrophages and take up the lipoproteins, forming foam cells [4-6].
These accumulations of foam cells are initially small and called fatty streaks. Many of these
fatty streaks do not progress further and are even reversible, however some develop into
progressive atherosclerotic lesions or, as they are often called, plaques. Initially, small lipid
pools build up beneath the foam cells, forming a so-called pathological intimal thickening [4].
In some of the lesions, the lipid pools grow into necrotic cores, due to the invasion of
macrophages. The normal structure of the intima is irreversibly disrupted and an accumulation
of lipids and cell debris is found. These lesions are referred to as fibroatheromas [4, 6]. This
is often accompanied by the formation of a fibrous cap, enclosing the lipid-rich necrotic
core, due to the migration and proliferation of SMCs.
Pathological studies have shown that certain plaques, with a lipid-rich core covered by a
thin and inflamed fibrous cap, have a high risk to rupture [7]. Plaques predominantly
composed of fibrous tissue or where the lipid-rich core is covered by a thick fibrous cap,
are less susceptible to rupture. When a plaque ruptures, the plaque content is exposed
to the blood, forming a thrombus. A rupture can be silent when the plaque stabilizes and
the thrombus does not directly lead to an occlusion of one of the main arteries. However,
the thrombus can also cause a complete occlusion further downstream after leaving
the rupture site, causing stroke or myocardial infarction when blocking blood flow to the
brain or the heart respectively.
Although atherosclerosis is a systemic disease, affecting large- and medium-sized arteries
throughout the cardiovascular system, it primarily occurs in a site-specific manner, which
means that certain arterial segments are more susceptible to plaque development [8, 9].
At locations of geometrical irregularities, such as the inner walls of curvatures, outer walls
of bifurcations and distal to a plaque, disturbed blood flow patterns occur (Figure 1.1).
As a consequence of these flow patterns, the mean endothelial wall shear stress (WSS)
in these regions is low and shows an oscillatory behavior. The WSS is the frictional or drag
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force exerted parallel to the vessel wall, acting on the endothelial cell surface, as a result of
the blood flow. These local hemodynamic forces are assumed to regulate the site-specific
predilection of atherosclerosis [10, 11]. Together with the presence of systemic cardio
vascular risk factors, they create an atherogenic environment. Local low and/or oscillatory
WSS, sensed by the endothelial cells, is known to promote atherogenesis by producing an
atherogenic endothelial phenotype [9, 12, 13] (Figure 1.1). In contrast, straight arterial
regions with non-disturbed, laminar flow are characterized by WSS within a moderate/
physiological range, which appears to be athero-protective [9, 12, 13] (Figure 1.1). Besides
this role of WSS in early atherogenesis, it is also thought to play a role in early plaque
formation, plaque progression to advanced high-risk plaques, and plaque destabilization
[11, 14, 15]. Low sustaining WSS is involved in the destabilization of non-obstructive
plaques, while high WSS conditions destabilizes obstructive high risk plaques in the most
stenotic area [11], by inducing biological changes in the fibrous cap that can weaken it and
make the plaque more vulnerable to rupture [9].

Figure 1.1 Schematic representation of a carotid artery bifurcation with an indication of the blood flow.
Regions exposed to low/oscillatory wall shear stress are known to be susceptible to atherosclerosis, while wall
shear stress in the physiological range is assumed athero-protective.

1.1.3 Stroke imaging
Patients who present symptoms of an acute stroke are required to undergo imaging of
the brain as soon as possible. Usually computed tomography (CT) imaging is performed,
a fast and easily conducted technique available in most hospitals, to quickly diagnose
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type of stroke (ischemic or hemorrhagic), in order to start with the appropriate treatment
as soon as possible [16]. In the case of an ischemic stroke, thrombolytic therapy should be
performed within a few hours after the onset of the first symptoms, to restore the blood
flow [17]. However, thrombolysis is contraindicated in case of a hemorrhagic event [17].
To rule out a hemorrhagic stroke, an unenhanced CT scan is performed [16]. Subsequently,
CT angiography is performed to visualize the position of the arterial stenosis and the
degree of luminal occlusion [18]. Furthermore, it provides additional information of the
quality of the collateral circulation. This information can also be derived from CT perfusion
and provides a valuable insight into the condition of the ischemic penumbra, the areas
of the brain that are at risk for injury [18]. Based on these images, interventional neuro-
radiologists or neurosurgeons can decide whether to mechanically remove the clot, in the
case of a large accessible thrombus, using catheter-based devices [18]. Magnetic resonance
imaging (MRI) is not (yet) involved in this acute phase, however it has diagnostic added
value [16]. With MR diffusion imaging early ischemic changes can be detected within
minutes of stroke onset, where it clearly outperforms CT imaging [18].
In a non-acute situation, ultrasound is commonly applied in clinical practice to investigate
the condition of the vasculature supplying blood to the brain. Ultrasound B-mode
imaging is used for tissue structure or geometry evaluation, color flow imaging (CFI) for
the evaluation of flow patterns and the identification of regions with disturbed or abnormal
velocity, and spectral Doppler for the assessment of blood velocities at a specific location
within the vessel. These different ultrasound modes will be explained later in this chapter.
When a stenosis is present in the artery, duplex ultrasound, i.e., ultrasound B-mode imaging
together with CFI, can be used to visualize and assess the location, geometry and size of
the stenosis. The ratio between the stenosed lumen diameter and normal diameter, either
measured at the site of stenosis or distal to the stenosis, is used to stage the degree of
stenosis. Grading of the stenosis can also be based on the peak systolic blood velocity
measured using Doppler ultrasound [19]. Based on these values, together with other
hemodynamic parameters and the visual inspection of the plaque, the degree of the
stenosis can be assessed. However, there is no universally accepted set of criteria to
measure the degree of stenosis and there is a lack of consensus considering the relative
weight of different criteria [19, 20].
In clinical practice, the decision to perform surgical excision of the plaque or administer
medication only is mainly based on geometric parameters, which can be determined by
either ultrasound, CT angiography (CTA), MR angiography (MRA) or, as often is the case,
a combination. Guidelines, in the Netherlands, recommend that men with a symptomatic
stenosis > 50% and women with a symptomatic stenosis > 70% should undergo carotid
endarterectomy [17]. The guidelines also advise that the remaining patients with symptomatic
stenosis will receive medical treatment, consisting of cholesterol synthesis inhibitors
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(statins) and anti-thrombotic therapy to prevent recurrent stroke or a transient ischemic
attack (TIA). However, large clinical trials have shown that the selection of patients for
endarterectomy is far from perfect. In plaques with severe stenosis (> 70%), only 1 out of
6 surgically excised plaques would have caused a new stroke [21]. This means 5 out of
6 patients are overtreated and unnecessarily exposed to the risks of surgery. Furthermore,
some patients with moderate stenosis (50-69%) who received medical treatment experience
a recurrent stroke within five years after the first event [22]. For patients with mild stenosis
(20-49%) who only received medical treatment, 7% have a recurrent stroke within 3 years,
which may have been prevented with surgery [23]. Despite several trials, the appropriate
management of asymptomatic carotid stenosis is even more controversial [2, 24]. Dutch
guidelines recommend no surgery or follow-up of any kind in this patient group, independent
of stenosis grading [16]. Furthermore, during the last decades, the risk of (recurrent) stroke
has decreased, mainly due to improved medical treatment [25]. This challenges the
effectiveness of carotid endarterectomy even more. Evidently, the need for better selection
criteria of patients who benefit from surgery is high.

1.1.4 Better staging and earlier detection of atherosclerosis
There is a demand for patient-specific diagnosis and subsequently appropriate (timing of)
intervention to prevent over- and under-treatment in patients with carotid stenosis.
The current clinical decision-making based on simple geometrical measures is highly
inadequate. To improve the patient selection in deciding who would benefit from treatment,
additional information is required concerning the stenosis. Furthermore, better understanding
of the mechanisms associated with development of atherosclerosis is essential for earlier
detection or even prevention of the disease.
As described above, the process of atherosclerosis is associated with changes in both the
hemodynamics, or blood flow, and the vessel wall mechanics. Therefore, obtaining functional
information of the carotid artery could aid in better staging of the disease and optimal risk
stratification. Furthermore, for earlier detection of atherosclerosis, it is important to recognize
and detect the preliminary stages of the disease, which may reveal themselves in the
functional information.
Ultrasound imaging is one of the techniques often used in clinical practice to study the
condition of the vasculature. It is noninvasive, radiation-free, portable and relatively inexpensive
as compared to other imaging modalities, such as MRI and CT. Hereby, ultrasound stands out in
the sense that it is very suitable for application throughout the complete process of
atherosclerosis. Imaging the complete process, from early atherogenesis on to the stage
of the disease where a plaque has to be characterized into either being stable or high-risk,
is required for better staging and early detection of the disease. As patients with vulnerable
plaques often do not experience any symptoms before the actual event of a stroke, i.e.,
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the asymptomatic patients, it is important that the imaging technique can be applied
easily in high-risk populations. Besides, for early detection it is even more important to use
a technique which is easily accessible, relatively low-cost, and safe to use in a large symptom-free
population. Ultrasound imaging fulfills all these boundary conditions. Furthermore, ultrasound
outperforms CT and MRI imaging in terms of temporal and spatial resolution, making this
modality extremely suitable for functional imaging. Due to its superficial position the
carotid artery is easily accessible and can be imaged very well with ultrasound. Altogether,
ultrasound is considered as an extremely suitable technique to be used as a noninvasive
functional imaging tool for monitoring the condition of this vessel.
Multiple ultrasound-based techniques have been and are being developed for imaging
vessel wall mechanics and blood flow. As both are involved in the process of athero
sclerosis, a short overview of ultrasound imaging of vessel wall mechanics and blood
flow are provided next. However, the focus of the research presented in this thesis is mainly
on the development of an ultrasound technique for blood flow imaging.

1.1.4.1 Vessel wall mechanics
As plaque composition has been shown to correlate with plaque vulnerability [26], as previously
described, characterization of plaque composition is considered of crucial importance for
timing the intervention and preventing over- or under-treatment. Much effort has been put into
the development of ultrasound-based techniques to determine plaque composition and
vulnerability, based on the mechanical properties of the vessel wall and plaque.
Proposed for the first time in 1986 [27], the intima media thickness (IMT) is often used for
the detection of early stage atherosclerosis. An increase in the thickness of the intima and
media layers of the arterial wall was shown to be predictive of increased risk of myocardial
infarction and stoke [28], and recurrent events [29]. However, risk assessment for the
individual patients is reported limited based on IMT measurements [30, 31]. Furthermore,
several ultrasound-based measures can be used to assess the stiffness of the arterial wall.
The change in lumen diameter during the cardiac cycle, i.e. distension, is one of these
measures. Distension has been shown to decrease with age, due to stiffening of the
vessels [32]. Furthermore, reduced distension was found for complex plaque regions [33].
A different measure is the pulse wave velocity (PWV), which is the velocity by which the
arterial pulse wave propagates over the arterial wall. This can be estimated locally using
conventional ultrasound imaging [34, 35]. More recently this method was combined with
high frame rate ultrasound imaging and applied, in vivo, on the carotid artery [36, 37].
With an increase in wall stiffness, or atherosclerosis, the PWV also increases.
To obtain information about plaque composition and vulnerability several techniques
have been developed to assess the mechanical properties of plaques. A technique called
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acoustic radiation force impulse (ARFI) imaging applies an acoustic radiation force to
displace the underlying tissue, as introduced by Nightingale and co-workers [38, 39].
Acquiring ultrasound data before and after the force is applied, allows assessment of the
displacement of the tissue as a result of the applied force. The magnitude of the
displacement is directly related to the applied force and the mechanical properties of the
tissue. The first in vivo results have recently been published [40], reporting relatively high
ARFI induced displacements in relation to its surroundings, in plaques with a lipid-rich
core covered by a fibrous cap. In contrast, relatively low displacements were found within
heavily calcified plaque regions, suggesting the capability of the technique to distinguish
soft regions from stiffer tissues.
Shear wave imaging (SWI), introduced by Bercoff and co-workers [41], is a technique which
derives quantitative information on the elastic modulus of tissue. A shear wave is induced
in the tissue by ultrasound insonification. The subsequent propagation of this wave through
the tissue is followed by acquiring ultrasound images at a high frame rate. For large
isotropic non-viscous tissues, the propagation speed is directly related to the elastic
modulus of the tissue. In vivo use of this technique showed a significant difference in the
elastic modulus assessed with SWI between unstable and stable plaques [42].
Elastography, or ultrasound strain imaging, is a technique which measures local tissue
deformation, or strain. Ultrasound recordings are made under different levels of deformation
(at least two), where tissue deformation is applied by an external force (blood pressure)
or by active contraction (muscles). The displacement of the tissue in between recordings
is quantified using block-matching techniques, whereafter the tissue strain is obtained by
spatial derivation. This technique was first introduced by Ophir and co-workers in 1991
[43], initially aimed at tumor detection. However, this technique has potential in detecting
plaque composition and vulnerability, as soft tissues, such as lipids, will deform more than
hard fibrotic tissue. Intravascular strain imaging was developed first, where high resolution
strain images could be obtained of the coronary arterial wall using an ultrasound catheter.
The amount of deformation was shown to be related to plaque composition; higher strain
values were found in fatty plaques compared to fibrous plaques [44, 45]. A major drawback
of this technique is its invasiveness, which pushed for the development of a noninvasive
variant. The first implementation of noninvasive strain imaging used conventional
ultrasound imaging sequences to acquire strain in the transverse cross-sectional [46]
and longitudinal direction [47] of the carotid artery. To improve the strain estimation in
transverse planes, where the radial motion and strain of the artery in not always aligned
with the ultrasound beam direction, Hansen and co-workers introduced the concept
of displacement compounding [48]. This methodology combines high definition along-
the-ultrasound-beam displacements acquired from multiple transmitted angles to
accurately estimate the strain in the vessel wall. Clinical evaluation in patients before an
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endarterectomy procedure showed that the percentage of plaque area with strain values
above 0.5% was predictive for the presence of histological features associated with vulnerable
plaques, such as the presence of a lipid pool, thin fibrous cap and/or macrophages [49, 50].

1.1.4.2 Blood flow imaging		
As described earlier in this chapter, blood flow and the resulting WSS are involved throughout
the natural history of atherosclerosis. Therefore, imaging and quantification of the blood
velocity and flow may have the potential in providing insight into the complete evolution
of atherosclerosis. As very early stages of atherosclerosis are already characterized by
deviating flow patterns and WSS, blood flow imaging is considered of high potential to
detect the disease in an early stage. Should it become possible to localize predilection
sites in high risk populations, i.e., sites where atherosclerosis originates, this could aid in
prevention of events and thereby bring down the high mortality and morbidity numbers
associated with stroke. Furthermore, estimation and localization of complex flow patterns
combined with imaging of the arterial wall and plaque geometry and mechanics could
provide more insight into plaque development, progression and stability, thereby enabling
better patient-specific diagnosis and intervention.
Currently, Doppler imaging is the only functional ultrasound technique used in clinical practice
during a vascular ultrasound examination. This technique has been available to clinicians
for nearly 60 years [51, 52] and can be used to quantify blood flow and velocities, but also
to assess tissue motion. Although commercially available ultrasound machines are all
equipped with techniques to assess the blood velocity, these conventional Doppler
techniques have their limitations, the most important being only able to measure velocity
in one dimension (along the ultrasound beam direction). In addition, conventional means
of acquiring ultrasound data, by pulsed emissions, limits these techniques both spatially
and temporally. There is a trade-off between frame rate and the imaging field-of-view or
image quality. This also imposes a limit on the highest measurable velocity that can be
detected using these techniques. The conventional techniques are unable to reveal the
complexity of the blood flow, which can quickly change within one image view (spatially)
and fluctuate strongly over time (temporally). Furthermore, the derivation of quantitative
velocity information requires manual intervention, making it dependent on the user, even
when they are very experienced and well trained.
In this thesis, the research is focused on the development of an ultrasound-based blood
velocity vector imaging technique to visualize and quantify the complex flow patterns
present in the (stenosed) carotid artery. Velocity vector imaging techniques to assess
blood velocities in two or three dimensions, without the limiting trade-offs between spatial
and temporal resolution, have gained research interest in the last 50 years. The introduction
of these techniques into clinical practice could, first of all, increase diagnostic certainty in
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current clinical examinations, and secondly, potentially enable early detection and risk
stratification in atherosclerosis.
The basic principles of ultrasound and more specifically ultrasound blood velocity vector
imaging will be addressed in the remainder of this chapter.

1.2 Ultrasound
Ultrasound is a high frequency sound wave that exceeds the human hearing range (> 20 kHz).
Ultrasonic imaging is performed by transmitting these sound waves into the body.
The transmitted sound waves are (partly) reflected at boundaries between different materials
with different acoustic impedance or scattered by small objects within the tissue, causing
a part of the wave to be returned towards the transducer, the echo. The acoustic impedance
of a medium is equal to the product of the density of the tissue and the speed of sound.
The difference in acoustic impedance between media determines which part of the
sound wave gets reflected and which part is transmitted when encountering an interface.
When there is a large difference in acoustic impedance, a large part of the energy is
reflected and a strong echo is generated appearing bright on the ultrasound image. This
also means less energy is left to image the tissue at greater depths with respect to the
interface. Reflections of ultrasound waves typically occur at interfaces with a dimension
substantially larger than the wavelength of the ultrasound. When an ultrasound wave hits
structures with dimensions smaller than the wavelength, the sound waves get scattered
in all directions. When many of these so-called scatterers are present, the scattered echoes
form an interference pattern, called a speckle pattern. The amplitude of these speckle
patterns is much lower than the amplitude of the reflections.
Since the sound waves travel at, on average, a speed of 1540 m/s through soft biological
tissues, the time between transmission of the sound wave and reception of the echo,
the time-of-flight, can be used to determine the distance between source and reflector.
An ultrasound transducer is used to generate and receive these sound waves. This transducer
contains elements of piezoelectric material. This material starts vibrating when an electrical
voltage is applied, which generates ultrasound waves. Conversely, when an ultrasound
wave hits the piezoelectric material it deforms and generates an electrical voltage.
This so-called piezoelectric effect can consequently be used to transmit and receive ultrasound waves. A linear array transducer contains an array of these piezoelectric elements
positioned next to each other and is often used for vascular carotid examinations. The
frequency of the generated ultrasound wave depends on the thickness of the piezoelectric
material and the type of voltage applied to the material. Typically, for B-mode imaging,
a short electric pulse is applied which results in an ultrasound pulse containing a range of
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frequencies which are centered around the resonance frequency. This range of frequencies
is referred to as the bandwidth. The spatial pulse length is inversely related to the
bandwidth; a short pulse contains a wider band of frequencies than an ultrasound pulse
which has a longer pulse length with corresponding narrow bandwidth.

1.2.1 Conventional focused versus ultrafast unfocused imaging
In conventional, line-by-line imaging, a subset of the piezoelectric elements, the transducer
aperture, is used to transmit a focused ultrasound pulse into the tissue (Figure 1.2).
The received echoes are used to reconstruct a single image line of the ultrasound image.
A typical 2D image is made of 64 – 512 image lines, which means the frame rate of
conventional imaging is limited by the number of image lines and the total travelling time,
or time of flight, of the ultrasound waves. Originally, ultrasound systems were designed to
process one image line at a time (Figure 1.2). With advances in ultrasound imaging
technology and computational capacity it has become possible to transmit an unfocused
plane wave and reconstruct all image lines in receive simultaneously by software
processing, called parallel receive beamforming [53-55] (Figure 1.2). All elements of the

Figure 1.2 Schematic overviews of conventional and ultrafast image acquisition. Left: Conventional
focused line-by-line acquisition. One focused ultrasound beam is transmitted using a subset of the
elements, where the delays of the individual elements are used to focus the beam. The received echoes form
one image line. Middle and right: Plane wave acquisition, where (almost) all elements of the transducer are
activated simultaneously (middle). The received echoes are used to form all image lines simultaneously.
The plane wave beam can be steered into a certain direction by applying delays to the elements (right).

20

GENERAL INTRODUCTION AND THESIS OUTLINE

transducer are excited simultaneously to transmit an unfocused beam, insonifying the full
field-of-view, where after all elements are used to record the echoes. A complete image
can be reconstructed after every transmitted wave compared to a single image line in
conventional imaging. Much higher frame rates can be achieved with plane wave imaging
and parallel receive beamforming, since imaging frame rate is no longer limited by the
number of image lines, but only by the time-of-flight of the ultrasound wave.
For example, when imaging the carotid artery with an imaging depth of 3 cm using 256
image lines, conventionally the frame rate would be limited to 100 Hz, whereas plane
wave imaging allows for frame rates up to 25000 Hz. The commercial availability of
programmable research systems for ultrafast acquisitions in 2010 (Verasonics, Lecoeur,
Ultrasonix RP) boosted research in this field.

1.2.2 Spatial resolution
Spatial resolution is the ability to separately display two distinct structures which are close
to each other. The spatial resolution of an ultrasound image in depth direction, i.e., the
axial resolution, is proportional to the pulse length of the transmitted ultrasound pulse,
and thus to the frequency bandwidth. The pulse length, or the duration of the pulse,
corresponds to the number of cycles in the pulse times the wavelength. Since the pulse
length in focused and plane wave transmission is similar, axial resolution does not
deteriorate by plane wave imaging. Increasing the transmit frequency will reduce the
wavelength thereby increasing the axial resolution. However, the attenuation of ultrasound
is frequency dependent. This means the higher the frequency, the stronger the attenuation
of the ultrasound beam, which decreases the penetration and so the imaging depth. For
soft biological tissues, the average decay is ~0.5 dB/cm/MHz. The lateral resolution, or the
resolution in the direction perpendicular to the ultrasound beam, is determined by the
width of the beam in transmit and receive. The lateral resolution in the focal point, or
beamwidth (Df ), depends on the ratio between the focus distance (zf ) and the size of the
aperture (D) and the resonance frequency of the transducer, according to
Df =

λzf
D

= F# λ

(eq. 1.1)

where F# is the F-number. In conventional imaging, the transmit and receive beam are
both focused. When an unfocused plane wave is transmitted, focusing is only applied in
receive, which reduces the lateral resolution.
Transmit focusing of the beam is performed by applying short time delays to the excitation of
the individual piezoelectric elements (Figure 1.2). The shape of the ultrasound beam can
thereby be manipulated, making it smaller in the focal zone, increasing the lateral
resolution. For plane wave imaging, all elements are excited simultaneously, generating
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an ultrasound beam with a wavefront that travels perpendicular to the face of the
transducer (Figure 1.2). The application of delays can also be used to steer the beam in a
certain direction (Figure 1.2).
Receive focusing is often applied dynamically, which means focusing is performed for
each specific depth by applying time variant delays to the radio frequency (RF) signals
received by the various transducer elements. The delays applied to the individual elements
are based on the time-of-flight. This is the time it takes for the transmitted ultrasound to
travel to a certain image point (transmit time) and back to each of the transducer elements
(receive time). The contributions of the transducer elements at the calculated travelling
time are summed to focus at the image points in receive, so-called delay-and-sum
beamforming. To obtain a constant lateral resolution throughout the imaging depth,
the F# is kept constant by increasing the active aperture size for increasing depths, meaning
more elements contribute. Often a weighting function is applied during summation,
called the apodization function. As a result of this function, elements further away from
the image line will contribute less to the summed signal. Apodization can also be applied
in transmit mode to suppress the ultrasound signal on the sides of the ultrasound beam,
i.e., the side lobes, which are regions of increased intensity in directions other than in the
main beam direction.
The resolution of an ultrasound system can be characterized by determining the pointspread-function (PSF), which is the response of the system to a point source. It is
conventionally accepted to use the full width at half maximum of the PSF to define the
axial and lateral resolution.

1.2.3 Ultrasound imaging modes
The conventional images shown on the screen of an ultrasound device are derived from
the envelope of the RF signals of each image line. The RF signals are processed in several
steps before being displayed on the image: band-pass filtering, overall gain and time gain
compensation (TGC), amplitude demodulation and log compression. In the amplitude
demodulation step, the phase information present in the received ultrasound signals is
discarded to obtain the envelope signals. The amplitude of the envelope signals is shown
on screen as a so-called B (brightness)-mode image, where several adjacent image lines
are shown in a 2D greyscale coded image. When a single image line is plotted over time,
a 2D M (motion)-mode image is generated. This mode is used to study dynamic behavior
of tissues as a function of imaging depth.
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1.2.4 Conventional ultrasound blood flow imaging
The velocity of blood can be determined using ultrasound by utilizing the Doppler
principle. The Doppler effect is the change in frequency as a sound source is moving
relative to the observer. In ultrasound blood flow imaging this is applied as follows:
the transducer transmits ultrasound into the body, where it is scattered by the red blood
cells (size: 5-8 µm). The backscattered echoes will have a shift in frequency compared to
the transmitted frequency. When blood is flowing towards the transducer, the sound
waves are compressed and the frequency increases. When blood is flowing away from
the transducer, the wavelength of the sound wave becomes longer and the frequency
goes down. This shift in frequency, the Doppler shift (fD), is in the audible range (0-20 kHz)
and equals
f D = fr – f t =

2ft
c

v cos θ

(eq. 1.2)

with ft the emitted frequency, fr the received frequency, c the speed of sound, θ the angle
between the ultrasound beam and the direction of blood flow and v the velocity of blood.
As indicated in the equation, the measured Doppler shift does not correspond to the true
blood velocity vector. However, only the velocity component along the ultrasound beam
direction, i.e., the axial component, is estimated (Figure 1.3). The Doppler shift that is
measured does not originate from a single red blood cell, but is a sum of contributions
from a larger collection of blood cells, where each scatterer contributes with their own
Doppler shift. The received signal is therefore a spectrum of frequencies (Figure 1.4).

Figure 1.3 Schematic representation of the Doppler principle. Left: the estimated velocity is a projection
of the true velocity vector along the Doppler beam direction. Right: Velocities towards and away from the
transducer are indicated in red and blue colors for Color Flow Imaging.
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Figure 1.4 Examples of Color Flow Imaging (left), Pulsed Wave (PW) Doppler (right). The trace in the
PW Doppler spectrum (right) is obtained in the sample volume indicated in the B-mode image (middle).
The angle correction cursor is also visible in the B-mode image.

There are different Doppler techniques or modes available: continuous wave (CW), pulsed wave
(PW) and color Doppler. In the CW Doppler mode, the transducer continuously transmits
and receives ultrasound. The Doppler shifts along the entire ultrasound beam are obtained
by analyzing the frequency content of the received signals. Since a continuous transmission
is utilized, no depth information is present. In PW Doppler and CFI, pulsed transmissions
of ultrasound are used to obtain depth information of the received signals. A series of
ultrasound pulses are transmitted in a certain beam direction at a given pulse repetition
frequency (PRF). The returning signals are sampled and processed by using sample volumes
in depth direction.
For PW Doppler imaging, a single sample volume is placed at the region of interest within
the lumen of the vessel, which determines where along the Doppler beam direction
the blood velocities are to be investigated (Figure 1.4). The resulting PW Doppler spectrum
displays the velocities present within the sample volume over time, i.e., the velocity
distribution (Figure 1.4). The intensity of the trace in the spectrum corresponds to the
backscattered power of the Doppler signals at each velocity, meaning the velocity with
the highest intensity is present the most in the sample volume. The angle correction
cursor is set manually by the sonographer and is used to indicate the angle between the
beam and the vessel. It is used to calculate absolute velocities by applying an angle
correction, based on eq. (1.2).
For CFI a 2D image is built up by transmitting a series of pulses in multiple beam directions.
Each of these directions is subdivided into multiple small sample volumes along the
depth direction, in which the axial blood velocity is analyzed. The axial velocities are
mapped onto a color scale, where normally blue is used for negative Doppler shifted
signals (moving away from the transducer) and red for positive Doppler shifted signals
(moving towards the transducer) (Figure 1.3 and 1.4).
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CW Doppler systems make use of the Doppler shift principle, meaning the velocity
estimates are based on the frequency change between the transmitted and received
signals, as described by eq. (1.2). However, the pulsed systems do not really rely on the
Doppler shift to determine the blood velocity [56]. The displacement of a red blood cell
between two consecutive pulses will result in a phase or time shift in the received signals
in the slow-time direction, i.e., the time direction given by the PRF. These time or phase
shifts are estimated to find the velocity of the scatterer. Essentially, both methods compare,
or correlate, subsequently received signals from the same sample volume and determine
the shift in position between the received signals. Typically, multiple pulses are transmitted
in each beam direction, referred to as the ensemble size, to average the axial velocity
estimate over a number of emissions.
In PW systems the phase-shift estimator is mostly used, primarily due to its computational
efficiency. The phase shift (ΔΦ) between two consecutively received signals, at a certain depth
or sample volume can be related directly to the axial blood velocity according to [56]
v axial = –

c · PRF
ΔΦ
4πf t

(eq. 1.3)

with f t the emitted center frequency, c the speed of sound and PRF the pulse repetition
frequency. The phase difference between two measurements is calculated as follows
ΔΦ = tan –1

y(t+1)x(t)–y(t)x(t+1)
( x(t+1)x(t)+y(t+1)y(t)
)

(eq. 1.4)

where the received signals are expressed as complex signals, r(t) = x(t) + jy(t). This can also
be calculated using the autocorrelation function at lag 1, i.e. the correlation of the received
signal from pulse to pulse [57].

1.2.4.1 Limitations of conventional Doppler imaging
Conventional Doppler methods only estimate the component of the velocity vector
along the ultrasound beam direction (Figure 1.3), whereas the true velocity is a three
dimensional vector. Angle compensation has to be applied to derive the true velocity
vector, making the techniques angle dependent and prone to errors [20, 56, 58]. Finding the
correct beam-to-flow angle can be very difficult. For angle compensation in conventional
systems, a single beam-to-flow angle is assumed throughout the entire field-of-view and
cardiac cycle. Considering the complex nature of blood flow, which can show strong
variations in both spatial and temporal domain, this assumption is often incorrect, creating
a need for blood velocity estimation methods that estimate the true velocity vector.
This will be discussed later in this chapter.
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Besides the angle dependency, aliasing is present for all pulsed-wave Doppler modes.
This means that the PRF limits the highest measurable Doppler shift, which is equal to half
the PRF according to the Nyquist sampling theorem. Consequently, the highest measurable
axial velocity, the so-called Nyquist velocity, is also limited and equals
v Nyquist =

c · PRF
4f t

(eq. 1.5)

This corresponds to a maximum phase shift of ±π. Velocities above this limit will wrap
around the color scale and be displayed as negative velocities. The PRF is limited by the
imaging depth, as the system has to wait to receive returning echoes before the next
pulse can be transmitted.

1.2.5 Clutter filtering
The amplitude of the backscattered echoes from blood are several orders of magnitude
less than those from surrounding tissues. These signals from surrounding tissue are also
present inside the lumen of the vessel, due to beam side lobes and reverberations. Due to
its dominating amplitude, clutter signal makes blood velocity estimation heavily biased or
impossible. This means that the clutter signal has to be removed or suppressed before the
blood velocity can be estimated.
Conventional clutter filtering is based on the assumption that tissue and blood signals
differ in spectral characteristics when analyzed in the slow-time direction. Blood cells are
assumed to move faster in relation to the slow or non-moving tissue. When studied in the
spectral domain, this results in blood signal centered around the Doppler frequency,
while the tissue signal will be centered on the zero frequency (Figure 1.5). Separation of
the blood from the tissue signal can be performed by applying a high-pass filter to
suppress the tissue signal (Figure 1.5). Sufficient stopband attenuation is required to
remove the clutter content, while a steep transition region is preferred to minimize the
attenuation of the blood signal. The performance of the clutter filtering is dependent on
the amount of pulsed samples that are available in the temporal direction. For CFI,
ensemble sizes are limited due to the fact that a 2D region has to be covered with a
sufficient PRF. These limited number of pulses restrict the order of the filter and consequently
the steepness of the transition region. For PW Doppler larger ensembles can be recorded,
allowing steeper cut-off characteristics. There are three very common filter types used in
conventional CFI, each with their own advantages and disadvantages: finite impulse
response (FIR) filters, infinite impulse response (IIR) filters and regression filters.
Many different clutter filter designs have been suggested and their influence on the
velocity estimation has been thoroughly investigated for conventional Doppler imaging
[59-62]. The performance of the filters in combination with conventional imaging is limited
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Figure 1.5 The relatively high velocity of blood scatterers results in a higher Doppler frequency compared
to the stationary or slowly moving surrounding tissue. A high-pass filter can be used to suppress the tissue
(or clutter) signal.

mainly due to the restricted amount of samples that are available for filtering. With the
introduction of ultrafast ultrasound, the limitation on the available samples is alleviated,
allowing for better filter characteristics [63] and consequently better separation of blood
and tissue signals.

1.3 Ultrasound blood velocity vector imaging
Several velocity vector imaging methods have been suggested to estimate the 2D blood
velocity vector within the imaging plane as opposed to the 1D velocity component along
the ultrasound beam, using conventional Doppler imaging. These methods are commonly
referred to as vector flow imaging, vector velocity imaging or velocity vector imaging
methods. They are often categorized into four types of estimation schemes [64]: multiangle Doppler analysis, transverse oscillation, speckle tracking and directional beamforming.
This section will provide a brief overview of these techniques. The speckle tracking technique
is discussed more extensively, as the velocity vector imaging technique developed in
this thesis is based on this concept. Most of the techniques were originally based on
conventional, line-by-line imaging. However, increasingly they are combined with ultrafast
imaging.
Since the 1970s, vector Doppler, or cross-beam vector Doppler imaging techniques have
been developed [65, 66]. Multiple (at least two) 1D Doppler estimates, emanating from
different directions, are combined using triangulation to derive the 2D velocity vector.
These 1D Doppler estimates are mostly obtained using the phase-shift estimator as
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described earlier. Originally, separate transducers were used to obtain the individual
Doppler estimates, however, more advanced methods use a single transducer and split
the transducers into two receive apertures. This allows simultaneous Doppler measurements
along two different scan directions. Either focused or plane wave transmissions are used
to obtain the ultrasound data [67, 68]. As the method is based on the phase-shift estimator,
or autocorrelation method, it is hampered by aliasing artefacts. Therefore, Ekroll and
co-workers recently introduced an aliasing resistant version of this technique, reporting
reliable estimates for velocities up to five times the Nyquist limit [69].
Transverse oscillation is closely related to the vector Doppler methods. Here, oscillations
are introduced in the transverse direction of the ultrasound field by synthetically splitting
the aperture in two parts using an apodization function in receive [70], or by applying a
filter operation in the Fourier domain [71]. As a result, the received signals become
sensitive to both axial and lateral motion within the field. Similarly as for vector Doppler,
the method is based on the phase-shift estimator, and thus, still limited by aliasing. Pihl
and co-workers took this method towards 3D using plane wave imaging, employing the
principle of sub-apertures to a 2D matrix array transducer [72].
The idea of directional lines was first introduced by Jensen in 2003 [73]. Kortbek and
Jensen further developed the technique where receive-beam formation is performed in
multiple directions [74]. The true velocity vector is found by cross-correlation and detection
of the angle with the highest correlation value. Villagomez-Hoyos and co-workers further
improved this technique by introducing the so-called angle estimator method [75].
By estimating the velocity from beamformed lines along the flow direction, a uniform
behaviour of the angle estimator was shown over the full 360° range. However, as this
technique requires 360° of directional beamformed lines for each velocity estimate,
the intensive computational nature of the method is mentioned as one current disadvantage
of the technique. Jensen and co-workers recently published their work on combining
transverse oscillation with directional beamforming based on plane wave acquisitions [71,
76], exploiting the benefits of both methods while reducing the beamforming load.
In 1987, Trahey and co-workers [77] suggested a technique called speckle tracking
to assess the 2D blood velocity vector. Speckle patterns originate from the interference
of backscattered echoes generated by scatterers, such as from the red blood cells. These
patterns can be tracked in between subsequently acquired images to find the displacement
of the underlying tissue. This tracking is performed using pattern matching techniques.
The basics of speckle tracking are shown in Figure 1.6. A kernel region in the first
acquisition is matched to a search region in the following acquisition. The location of the
best match defines the displacement of the kernel region and so the displacement of
the tissue. Estimates of subsample displacements are obtained by interpolation of the
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Figure 1.6 Unfiltered B-mode images of the carotid artery bifurcation (top row). After clutter filtering, the
blood signal becomes visible (second row). The basics of speckle tracking, where a kernel region is defined in
the first acquisition and the best match is searched in the following acquisition. Displacements can also be
estimated using the underlying radio frequency (RF) data (third row). The best match is found using pattern
matching functions, where the peak in these functions reveals the displacement of the tissue (bottom row).
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ultrasound data [78-80] or the pattern matching function [78, 81-83]. Velocity can be
derived based on the estimated displacement and the time between the image
acquisitions. The correlation procedure is repeated for the entire lumen region by shifting
the kernel region over the image. In this way, the complete 2D blood velocity field in the
lumen can be mapped.
The use of contrast agents in combination with speckle tracking is referred to as echoparticle image velocimetry. Ultrasound contrast agents are used to increase the signal
from the blood to facilitate the blood velocity estimation.
The performance of speckle tracking algorithms is closely related to the size of the kernel
and search window. The size of the kernel region is dependent on the requested robustness
and the gradients present within the displacement field [84, 85]. Larger kernels increase
the robustness of the displacement estimation as they are more unique and less
susceptible to noise. However, the spatial displacement resolution is limited, and, in case
of strong displacement gradients, the use of a large kernel size is less beneficial. In contrast,
smaller kernels allow for the detection of displacements when large deformation or
gradients are present. The size of the search region defines the maximal axial and lateral
displacement that can be detected between the two acquisitions and thereby the
maximal velocity. To be able to find large velocities, a substantial search region has to be
defined. However, the cross-correlation algorithm then becomes more prone to detecting
false peaks due to the increased probability to find erroneous matches. Besides, increasing
the search area increases computational time. Therefore, the search region is often defined
based on the expected displacements.
The most commonly used pattern matching function is the normalized cross-correlation,
although the sum of absolute difference and sum of squared difference are also investigated
due to the fact that they are less computational intense [86, 87]. Speckle tracking can be
performed based on the RF signals [43], the envelope signals [88], B-mode images [87, 89],
or on a combination [78]. The presence of phase information and the high resolution in the axial
(depth) direction of the RF signals (Figure 1.6) allows for high precision displacement
estimations [63, 90]. However, due to this phase information it is more susceptible to
decorrelation [90, 91]. Due to the lower resolution in the lateral direction and the lack of
phase information, lateral displacement estimates are generally of lower quality. Envelope
data is more robust to decorrelation effects, however has a lower spatial resolution.
The major advantage of the speckle tracking technique is that it is not restricted by the
aliasing limit, as this method is based on a spatial-shift estimator. Decorrelation of speckle
patterns however, is considered one of the major challenges in speckle tracking. Strong
spatial and temporal displacement or velocity gradients, low beam-to-flow angles (large
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axial components) and out-of-plane movement are described as major sources of speckle
decorrelation [84, 92]. Minimizing the time between the images, thereby reducing the
inter-frame displacements, was suggested to reduce these decorrelation effects [86].

1.3.1 Advanced methods for speckle tracking
Advanced variants of the speckle tracking technique have been proposed. Due to rapidly
changing dynamics of blood flow throughout the cardiac cycle, the dynamic range of
velocities is considerable. Within a single image view, strong inter-frame displacement
gradients can be present. So-called multi-level or coarse-to-fine approaches have been
described, to obtain accurate displacement estimates in complex displacement fields [78, 93].
In these approaches, cross-correlation is repeated multiple times with decreasing kernel
sizes. Often envelope data are used in the first, coarse step, to find the global displacement
of the tissue. In the following step(s) RF data are used to refine the displacement estimates.
To further reduce the effects of speckle decorrelation, the combination of speckle tracking
and ultrafast ultrasound imaging has been under investigation for the last several years.
However, due to the lack of focusing in transmission, the images have a reduced contrastand signal-to-noise ratio, which hampers the performance of the speckle tracking
techniques. Furthermore, as the beamforming process is restricted to the receive mode,
the lateral resolution is less compared to line-by-line focused imaging [55]. Multiple
approaches have been suggested to compensate for the reduced image quality. Coherent
compounding was introduced by Montaldo and co-workers [55] to improve the lateral
resolution of the ultrafast plane wave data. Beamformed RF data acquired at multiple
plane wave steering angles were summed to acquire high quality RF data comparable to
focused RF data, while still maintaining higher frame rates than with focused transmissions.
The anisotropy in the spatial frequencies between the axial and lateral dimensions is
present in both focused and unfocused ultrasound data. It explains the higher accuracy of
the axial displacement estimates and inherently limits the performance of the lateral
estimator. Multiple approaches have been described to circumvent this limitation, for example
by introducing oscillations in transverse direction of the ultrasound field, as described
earlier. Furthermore, techniques which rely solely on axial displacement information have
been suggested to circumvent the use of the inherently lower resolution lateral information
[94]. The basics of this method, called displacement compounding, is very similar to the
vector Doppler methods, as solely axial displacement estimates obtained at multiple
angles are used to derive the 2D displacement vector via triangulation. The main difference
with vector Doppler is that in this case 2D normalized cross-correlation instead of 1D auto-
correlation is used to obtain the axial estimates. Displacement compounding has been
developed for vascular elastography using focused ultrasound transmission [95]. Later, the
technique was successfully combined with ultrafast plane wave acquisitions, providing
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lateral displacement and strain estimates in a vascular phantom at a similar performance
compared to focused imaging [96].

1.3.2 Applications of velocity vector imaging in vivo
Hansen and co-workers recently published a review article, providing an overview of most
significant in vivo results achieved with ultrasound vector flow techniques [97]. They
report that all of the above mentioned techniques have been applied in vivo, using either
focused or unfocused transmissions of ultrasound. Different vessels of interest have been
investigated: the carotid artery, arteriovenous fistulas, ascending aorta, portal vein, heart,
popliteal vein and the jugular vein [97]. Some studies report on the blood velocity vector
in healthy carotid arteries, using a variety of vector flow estimators [75, 76, 98, 99]. So far,
clinical studies reporting on velocity vector imaging in diseased carotid arteries have
been limited. Ekroll and co-workers [100] studied complex flow in patients with plaques,
using the multi-angle Doppler technique. They reported distorted and complex flow in
regions following stenosis. Goddi and co-workers studied both healthy [101] and diseased
[102] carotid arteries also using multi-angle Doppler imaging. Similar flow patterns were
found distal to the stenosis, where complex and circulatory flow were reported.

1.4 Aim and outline of this thesis
There is a demand for patient-specific diagnosis and subsequently appropriate (timing of)
intervention to prevent over- and under-treatment of patients with carotid stenosis.
The current clinical decision-making to remove the plaque via surgery is mainly based
on simple geometrical measures and is highly inadequate. Ultrasound imaging is a very
suitable functional imaging technique to be used throughout the complete process of
atherosclerosis. As the natural history of atherosclerosis is associated with changes in both
the vessel wall mechanics and blood flow, obtaining additional functional information
concerning the stenosis could aid in better staging of the disease and risk stratification.
Furthermore, this functional information could also enhance our understanding of the
mechanisms associated with the development of atherosclerosis and thereby have the
potential for early detection of the disease and prevention of events.
Although the exact mechanisms explaining the blood flow and shear stress related effects
on the endothelium are currently under investigation, it is clear that they are important in
regulating an athero-protective as well as an atherogenic phenotype. The hemodynamic forces
do not only play a role in the onset of the disease, they are also involved in the development,
progression and destabilization of plaques. Functional velocity information could therefore
aid in improved diagnosis and prognosis of vessel pathology and potentially identification
of arterial segments that are vulnerable to rapid progression or rupture.
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The overall aim of this thesis is to develop an ultrasound imaging technique to quantify
the 2D blood velocity vector in the carotid artery. For this purpose, this work explores
the potential of ultrafast plane wave data acquisition in combination with advanced speckle
tracking velocity estimation. More specifically, the developments described in Chapters 2-5,
focus on ways to deal with the inherently lower lateral resolution in ultrasound data,
the reduced image quality of plane wave data and the distorting effects of clutter filtering,
which is an inevitable step in blood flow imaging. Ultrafast ultrasound imaging provides
new possibilities with respect to the challenges mentioned before, which are explored in
this thesis.
In Chapter 2, we carefully consider the first post-processing step required when acquiring
ultrafast data: the focusing of the data in receive, or as it is often called, beamforming in
receive. As most ultrafast ultrasound systems provide access to the RF ultrasound channel
data, full software-based beamforming has become possible. This is a major difference
from conventional ultrasound systems, where beamforming was mainly performed using
hardware. The ability to perform beamforming as a software-based post-processing step
has granted full freedom to design the beamforming grid and receive focus settings.
We present a protocolled way to beamform the ultrafast data in receive for robust and
accurate 2D motion estimation, by basing the beamforming grid spacing on the system’s
PSF. Taking into account the resolution of the ultrasound data standardizes the shape of
the peaks in the cross-correlation functions used in the speckle tracking velocity estimation
algorithm. Additionally, we propose to combine these standardized peak shapes with a
coupled 2D subsample interpolation function instead of the commonly used uncoupled
1D parabolic subsample interpolation functions. The overall aim is to obtain accurate
displacement estimates for a large range of tissue displacement magnitudes and directions.
The performance of this novel approach is investigated using simulations of carotid artery
wall motion and parabolic blood flow and rotating disk experiments.
Building on this beamforming approach, an extensive simulation study is described in
Chapter 3. The use of angled plane waves for blood velocity vector imaging is investigated
based on simulated ultrasound data of a healthy carotid artery model. We introduce the
displacement compounding method in the field of velocity vector imaging and compared
this method to other state-of-the-art multi-angle, or compounding, methods described in
literature. The influence of and robustness towards reduced image quality, clutter filtering
and different pulse-repetition-frequencies are studied.
Chapter 4 explores the potential benefits of using high frequency ultrasound for imaging
the carotid artery vessel wall and blood flow dynamics using plane wave imaging. Besides
the compounding techniques presented in the previous chapter, this may be another
way to manage the adverse resolution effects of plane wave imaging. Increased spatial
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resolution and elevated blood signal power are inherent for the use of higher frequency
ultrasound. This chapter investigates whether this benefits strain and blood velocity
vector imaging in the carotid artery. Straight tube phantoms and a sophisticated carotid
artery bifurcation phantom are used to experimentally compare the performance of strain
and blood velocity estimation using a high frequency (~20 MHz) transducer and a clinically
utilized transducer (~9 MHz).
In Chapter 5, the displacement compounding method for velocity vector imaging is
further optimized. The method is made adaptive with respect to the use of the multi-angle
acquisitions, clutter filtering, effective PRF and speckle tracking window sizes to further
improve the performance of the technique. The performance of the method is first
experimentally evaluated where after in vivo velocity vector fields are obtained in healthy
volunteers, a patient with a stenosed carotid artery and patients who underwent carotid
artery endarterectomy. Finally, the potential of a quantitative parameter for flow complexity
is introduced.
In Chapter 6 the investigated methods and results of this thesis are summarized, discussed
and recommendations for future research and future perspectives are provided.
Finally, Chapter 7 provides a summary of the work presented in this thesis in Dutch.
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CHAPTER 2

Abstract
This paper presents a framework for motion estimation in ultrafast ultrasound data. It describes a
novel approach for determining the sampling grid for ultrafast data based on the system’s
point-spread-function (PSF). As a consequence, the cross-correlation functions (CCF) used
in the speckle tracking (ST) algorithm will have circular-shaped peaks, which can be
interpolated using a 2D interpolation method to estimate subsample displacements.
Carotid artery wall motion and parabolic blood flow simulations together with rotating
disk experiments using a Verasonics Vantage 256 are used for performance evaluation.
Zero-degree plane wave data were acquired using an ATL L5-12 (fc = 9 MHz) transducer
for a range of pulse repetition frequencies (PRFs), resulting in 0–600 µm inter-frame
displacements. The proposed methodology was compared to data beamformed on a
conventionally spaced grid, combined with the commonly used 1D parabolic interpolation.
The PSF-shape-based beamforming grid combined with 2D cubic interpolation showed
the most accurate and stable performance with respect to the full range of inter-frame
displacements, both for the assessment of blood flow and vessel wall dynamics. The proposed
methodology can be used as a protocolled way to beamform ultrafast data and obtain
accurate estimates of tissue motion.
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2.1 Introduction
Ultrasound imaging is often used to visualize and estimate motion in our body [44, 54, 56,
103-109]. Tissue motion and deformation can provide information about the structure,
composition and functioning of the tissue and changes in the dynamic behavior of tissue
can be used as indicator of disease. For example, stiff regions in breasts are often related
to cancers [110, 111], the assessment of local arterial deformation provides information
about the atherosclerotic progression and vulnerability of lesions [49, 112-114], increased
blood velocities indicate the presence of a stenosis in the vessel [115-117], and infarcted
myocardial tissue shows changed deformation patterns as compared to healthy tissue [89].
Speckle tracking (ST), first introduced by Trahey et al. [77, 87], is one of the motion
estimation methods which is frequently utilized. Speckle patterns are tracked to find the
displacement of the underlying tissue. Pattern matching techniques are used, where a
kernel region in the first acquisition is matched within a surrounding search region in the
following acquisition. The location of the best match defines the displacement of the
kernel region and thus the displacement of the underlying tissue. ST can be performed
using radio frequency (RF) signals [43], envelope signals [88], B-mode images [87, 89], or a
combination thereof [78]. Bohs et al. [86] wrote a review on the development of this
technique, focusing on multi-dimensional flow estimation. They concluded that decorrelation
of speckle patterns is one of the major challenges in ST. Strong displacement gradients
and velocities with low beam-to-flow angles were described as major sources of speckle
decorrelation. Increasing the imaging frame rate can minimize speckle decorrelation [86].
The first published approach for increasing imaging frame rate was by reconstructing
multiple image lines simultaneously from each transmit, so-called parallel beamforming
[118]. Nowadays, plane wave and diverging wave imaging are used more often, where
the transmitted pulse fully illuminates the entire region of interest, enabling full image
reconstruction for every transmit event. This allows for imaging at ultrafast frame rates
in the kHz range. Hereby, decorrelation of speckle can be minimized and fast moving,
sometimes short-lived, motion patterns can be tracked [98, 119-122]. However, frameto-frame tissue displacements become smaller, since they scale with the imaging frame
rate. Consequently, acquiring accurate subsample displacement estimates is of great
importance.
The estimation of subsample displacements in ST was already a challenge before the
introduction of ultrafast data acquisition, since echo signals are sampled. For conventionally
acquired, line-by-line data, interpolation of the pattern matching function is often applied to
acquire subsample displacement estimates [78, 81, 82]. The sampling grid for conventional
data is predefined, with normally a line distance equal to the pitch and an axial grid
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spacing with typically four samples per wavelength. Consequently, the sampling of the
pattern matching function is also set. A predefined shape or curve, often parabolic or
cosine [82, 83], is assumed and fitted to the peak of the function, either in each direction
of the 2D function independently [78, 83], or by fitting in 2D to obtain a joint estimate
of subsample displacement in both directions. Zahiri Azar et al. [81] investigated 2D
polynomial fitting to get a joint estimation of subsample displacement and showed
significant improvements in terms of bias and standard deviation (SD) compared to the
commonly used 1D parabolic and cosine fitting. Interpolating in between echo signals is
also often applied to reduce the error of the subsample displacement estimates [78-80].
With the use of ultrafast data, subsample displacements estimation remains a challenge.
However, it also offers a totally new possibility: since image reconstruction is performed
after receiving the raw channel data, the data sampling grid is not fixed and focusing can
be performed at each specific location. Redefining the data sampling grid directly
influences the sampling of the pattern matching function. Hence, it allows to choose the
available samples and their spacing throughout the peak of the pattern matching
function, which we will refer to as the appearance or shape of the function throughout
this paper. The possibility to influence its appearance allows to optimize the match
between the peak of the function and the interpolation method. This will in theory enable
more accurate subsample displacement estimation [82].
More work has been published recently on the combination of ultrafast imaging and ST,
for the assessment of blood velocity [98, 119, 123] and vessel wall strain [96, 124-126]. Here,
subsample resolution displacement estimates were obtained by performing 1D [75, 98,
119, 123] or 2D [126] parabolic interpolation of the pattern matching function. No clear
reasoning was provided concerning the match between this interpolation function and
the sampling, or shape, of the pattern matching function, which is a direct result of the
spacing in the ultrasound sampling grid.
In this work, we propose a new concept that combines the choice of the beamforming
grid with the choice of the subsample estimator. By doing so, the available data and
interpolator can be matched. For this, the sampling grid for ultrafast data was based on
the dimensions of the point-spread-function (PSF) of the imaging system. When ST is
performed, the pattern matching function is hereby captured in a standardized way, with
equal amount of information, i.e., sample points, in the axial and lateral direction
throughout the peak. The use of a 2D cubic subsample interpolator, which matches with
the shape of the peak, allows for a joint estimate of subsample displacement in both
directions. We hypothesize that this will increase the accuracy of subsample displacement
estimation and thereby will enlarge the range of detectable displacements and velocities.
The concept of this technique and first simulation results on parabolic blood flow were
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presented in a conference proceeding [127]. The present paper fully describes the
reasoning and theory behind the method and presents in vitro rotating disk experiments
and carotid artery vessel wall simulations to further study the performance of the method
for both vector velocity imaging and strain estimation in the carotid artery. Both wall and
flow dynamics were studied, showing a wide range of inter-frame displacements and
displacement gradients, to investigate the applicability of the proposed method in a
broad field.

2.2 Materials and methods
A. Theory
Multi-step speckle tracking
Tissue displacements were estimated using a multi-step ST algorithm. Such multi-scale
methods are able to obtain accurate displacement estimates in highly discontinuous
displacement fields [93, 128]. Normalized 2D cross-correlation was used as the pattern
matching function. Inter-frame displacements were first estimated using relatively large
2D windows of envelope (demodulated RF) data, where after, in the second step of the
algorithm, smaller windows of RF data were used to refine the displacements. Subsample
displacement estimates were obtained by performing interpolation of the cross-correlation-function (CCF).
PSF-shape-based beamforming grid
The shape of the peak of the CCF is related the PSF of the imaging system, i.e., the
combination of transducer choice and transmit sequence. Together with the data
sampling grid, the PSF strongly influences the appearance of the peak in the CCF. By
incorporating knowledge about the PSF dimensions into the data sampling grid, the CCFs
can be captured in a standardized way, with an equal number of samples in the axial and
lateral direction throughout the peak. These so-called circularly shaped peaks, i.e., peaks
with circular isocontours, provide an equal amount of sample points to the subsample
estimator in both directions. This ensures the interpolator gives equal weight to the
available information in both directions. Using a 2D interpolator, which matches with
these circular shaped peaks, allows for joint 2D subsample displacement estimation. In
this work, we investigate whether standardization of the shape, or sampling, of the peak
combined with 2D cubic interpolation increases the accuracy and precision of multi-step
ST-based displacement estimation.
Circular-shaped CCF peaks were realized by choosing the data sampling grid such that a
single period of the system’s PSF contained an equal amount of sampling points in axial
and lateral direction. Firstly, concerning the RF data (Figure 2.1 (a)), six samples per
wavelength were beamformed in axial direction, in accordance with the all-positive-
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samples condition [82], resulting in an axial sampling distance of dax,RF = c/(2 · fc · 6), with c
the speed of sound and fc the center frequency of the emitted waveform. The lateral
sampling distance was determined according to dlat,RF = dax,RF · PSFratio · Ncycles, with
PSFratio the average ratio between the lateral and axial PSF dimensions and Ncycles the
number of cycles present in the PSF axially. The envelope data sampling grid (Figure 2.1
(b)) was generated by down sampling the RF sampling grid in axial direction with the factor
Ncycles, resulting in an axial spacing of dax,ENV = dax,RF · Ncycles. The lateral spacing for the
envelope data was set similar to the lateral spacing of the RF data (dlat,ENV = dlat,RF). With
these spacing settings, the peak of the CCF will appear circular-shaped when using both
envelope and RF data in the multi-step ST algorithm.

B. Imaging setup
An L5-12 ATL (ATL, Bothell, WA, USA), 38 mm linear array transducer was used in this work.
Zero-degree plane waves were transmitted by simultaneously activating 128 elements at
the center of the transducer, using a rectangular apodization window. The same 128
elements were also active in receive. The transducer parameters are listed in Table 2.1.
The Field II ultrasound simulation program [129, 130] was used for simulations and the
Verasonics Vantage 256 experimental ultrasound system (Verasonics, Kirkland, WA, USA)
for the experimental measurements.

Figure 2.1 Representation of the system’s point-spread-function (PSF) visualized using radio frequency
(RF) (a) and envelope (b) data. The data sampling points required to capture a circular-shaped peak in the
cross-correlation function (CCF) are indicated in the figure. Please note that the envelope data sampling
grid is a down sampled version of the RF data sampling grid.
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Table 2.1 Transducer properties
Properties L12-5, 38 mm

Experiments

Simulations

Center frequency (fc)

8.9 MHz

9 MHz

Sampling frequency

36 MHz

180 MHz

Transducer element pitch

198 µm

Transducer element height

4 mm

Transducer element width

173 µm

Nr. of transducers elements

192

Nr. of active elements

128

Excitation signal

2

3-cycle pulse at fc

C. Simulations
Ultrasound RF element data of blood and tissue were simulated, which are represented by
a set of random point scatterers. About 300 scatterers per mm3 where used and each
physical transducer element was subdivided into 10 by 10 mathematical elements to
increase computational accuracy. A sampling frequency of 180 MHz was used, the
resulting RF element data were down sampled to 36 MHz to mimic experimental settings.
The speed of sound was assumed to be 1540 m/s.

Parabolic flow in vessel phantom
Parabolic flow through a rigid, straight tube with a peak velocity (vmax) of 1.5 m/s was
simulated at flow angles of 75° till 105°, with steps of 3°. The vessel had a lumen diameter
of 6 mm and was centered at 20 mm depth. Scatterers, representing the blood, had
Gaussian distributed amplitudes (mean = 5, SD = 1). Plane wave ultrasound data were
simulated for pulse repetition frequencies (PRFs) of 2.5 till 15 kHz, with steps of 2.5 kHz.
Table 2.2 provides an overview of the simulated PRFs and resulting inter-frame
displacements. For each unique combination of flow angle and PRF, a pre and post frame
were simulated, where in between the scatterers were propagated according to the
parabolic velocity profile. This process was repeated ten times, with random initial
scatterer positions, allowing 10 independent velocity estimates. No clutter filtering or time
averaging were performed. Band limited noise was added to the beamformed RF data
resulting in a signal-to-noise ratio (SNR) of 12 dB.
Carotid vessel wall displacements
Simulations of the carotid artery vessel wall were performed using deformations patterns
as obtained from a patient-specific finite element model (FEM) of the carotid artery at the
bifurcation [124]. A transversal image plane, containing the internal and external carotid
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Table 2.2 Imaging pulse repetition frequency (PRF) and resulting inter-frame (IF)
displacements
Simulations
Blood flow
Vessel wall
Rotating disk experiments

Blood flow scenario

Vessel wall scenario

PRF

IF displacement range (µm)

15 kHz

0 – 100

2.5 kHz

0 – 600

25 Hz

0.5 – 11.5

50 Hz

2.5 – 72

PRF

IF displacement range (µm)

8 kHz

0 – 23

4 kHz

0 – 46

2 kHz

0 – 91

1 kHz

0 – 182

8 kHz

0 – 23

4 kHz

0 – 46

artery, was simulated. The amplitude of the scatterers representing the carotid artery was
set at two, the surrounding tissue scatterers had an amplitude of one. Specular reflections
were mimicked by positioning scatterers at the lumen-vessel wall and vessel wall-
surrounding tissue transitions, which enhanced the realism of the RF data. Simulations of
the vessel wall were performed in early systole, where peak inter-frame displacements
are present and in late diastole, where low inter-frame displacements are present. A pre
and post deformation frame were simulated for each time point, using a PRF of 50 Hz and
25 Hz (see Table 2.2) in systole and diastole, respectively. Band limited noise was added
to the beamformed RF data resulting in an SNR of 30 dB.

D. Rotating disk experiments
A rotating disk experimental setup was built, providing a range of velocities at all possible
beam-to-flow angles, or, a range of inter-frame displacements at full 360° range of
directions. This type of setup has been used to study the performance of velocity
estimation methods [75, 98].
A cylindrical homogeneous phantom was created using a 15% polyvinyl alcohol (PVA)
solution [96]. The solution was poured into a cylindrical mold (Øinner = 20 mm), containing
a fixating-structure (see Figure 2.2) to attach the phantom onto the motor unit during
the experiments, and subjected to three freeze-thaw cycles. Shrinkage of the phantom
was present during assemblage, resulting in a final diameter of 18.2 mm. The phantom
was attached to a motor unit (Closed Loop Step Motor, ARM69AC, Oriental Motor USA
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Corp., Torrance, CA, USA) and placed in a water tank (see Figure 2.2). It was rotated at a
constant angular velocity, resulting in a maximum velocity at the outer edge of 18.2 cm/s.
The phantom was positioned perpendicular to the transducer’s scan plane at a depth of
3.4 cm. Plane wave data were acquired continuously using a PRF of 8 kHz for 4 s.
Two different approaches were used for processing the acquired data. One approach
resembling flow velocity estimation and the second approach analogous to the processing
performed for the vessel wall displacement simulations.

Rotational flow
After RF data beamforming and prior to velocity estimation, clutter filtering was performed.
Although the phantom does not contain actual blood or tissue, including clutter filtering
will give a more realistic picture of the performance of the methods for velocity estimation.
A finite impulse response (FIR) filter with an order of 46 was used in combination with a
temporal sliding window, not sacrificing frames for filter initialization. The -3 dB velocity
cut-off point was equal to 0.068 times the Nyquist velocity. By down sampling the
beamformed RF data in temporal direction, a range of PRFs (8, 4, 2 and 1 kHz) was studied.
The resulting inter-frame displacements are summarized in Table 2.2. The same filter
characteristics were used for all PRFs and estimated velocities were median averaged over
40 temporal frames.

Figure 2.2 (a) Experimental setup rotating disk experiments. The cylindrical phantom is attached to
the motor unit, using the fixating structure (b) and placed in a water tank. The transducer is positioned
perpendicular to the phantom, at 3.4 cm from the center of the phantom.
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Rotational vessel wall displacements
Inter-frame displacements were estimated after RF data beamforming. Both PRFs of 8 and
4 kHz were studied, resembling inter-frame displacements present in early systole and late
diastole of the vessel wall dynamics (see Table 2.2).

E. Beamforming setup and grid definition
To be able to calculate the spacing for the PSF-shape-based beamforming grid, the PSF
dimensions were determined for both the simulation and experimental setup (see Table 2.3).
Field II was used to simulate the response of multiple point scatterers placed at spatial
positions relevant for carotid artery imaging (Figure 2.3 (a)). Simulated element data were
beamformed on a high resolution grid and intensity curves for each individual scatterer
were generated (Figure 2.3 (b)). The axial (PSFax) and lateral (PSFlat) size of the PSFs were
determined based on the -6 dB values. The PSFratio was determined according to PSFratio =
PSFlat /PSFax. The resulting ratios were averaged for all simulated scatterers. The PSF
dimensions were determined experimentally using a wire phantom (60 µm diameter)
placed in a water tank. Plane wave data were acquired of the wire phantom and similar
processing was performed to determine the PSFratio.

Figure 2.3 (a) Simulated point-spread-functions (PSFs) at spatial positions relevant for carotid artery
imaging. (b) Intensity curves in axial and lateral direction. The red lines indicate the -6 dB level.
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Delay-and-sum beamforming was used to generate RF data for every plane wave
transmission at pre-specified data sampling points [96]. The data were beamformed on
the PSF-shape-based grid using the axial and lateral sampling distance as specified
(Section 2.2 A, PSF-shape-based beamforming grid) for the RF data (dax,RF and dlat,RF).
Consequently, the envelope data were obtained by demodulation and down sampling of
the RF data in the axial direction. Furthermore, the element data were also beamformed
on a conventionally spaced grid, with a lateral sampling distance equal to the pitch and 4
samples per wavelength in axial direction. Details on the grid spacing and beamforming
parameters can be found in Table 2.3.

Table 2.3 Beamforming parameters
Grid Type
PSF-shape-based grid

Conventional grid
Both grids

Parameter

Simulations

Experiments

PSFratio

1.5

2.0

dax,RF

14.2 µm

14.4 µm

dlat,RF & dlat,ENV

107 µm

143 µm

dax,ENV

71 µm

72 µm

dax

21.4 µm

21.6 µm

dlat

198 µm

198 µm

Apodization window

Hamming

F-number

0.875

PSF: point-spread-function

F. Multi-step speckle tracking settings
Inter-frame displacements were estimated using data beamformed on both the conventional
grid and the PSF-shape-based grid. The size of the search windows was tuned to the
maximum displacement expected in each situation. Spatial smoothing of the estimated
displacements was performed using median filters. Inter-frame displacement estimates
were multiplied by frame rate to calculate velocities.
Subsample resolution was resolved by interpolation of the CCF in both steps of the
algorithm. Two types of interpolation were used: 1D parabolic fitting in each direction of
the CCF independently, since it is one of the most often used interpolators in ultrasound
applications as described in section 2.1 (Introduction), and 2D cubic interpolation,
where a joint estimation of subsample displacement in both directions was obtained.
The parabolic fitting is solved analytically using the commonly applied three-point
parabola fitting [78, 81]. 2D cubic interpolation was performed with a resulting effective
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up sampling factor of 10 and 1000 in the first and second step of the algorithm, respectively.
For the second step, a fast in-house built implementation was used, where the high final
resolution was reached iteratively by zooming in onto the peak of the CCF in multiple
iteration steps. Given the CCF with its maximum at position (i,j), the new sampling points
(ix,iy) are defined by ix = ixm·5iter + i and iy = iym·5iter + j, with matrices ixm and iym
representing the direct neighbors of (i,j) according to ixm = [-1 0 1;-1 0 1;-1 0 1] and iym =
[-1 -1 -1; 0 0 0; 1 1 1]. Ten iteration steps (iter = 1–10) were used, resulting in the effective
upsampling factor of 1000. A complete overview of the settings used in the ST algorithm
can be found in Table 2.4.
Summarized, four different combinations of beamforming grid and CCF interpolation type
were studied in this work: (1) data beamformed on the conventional grid combined with 1D
parabolic interpolation (conv_1Dpar) and (2) combined with 2D cubic interpolation
(conv_2Dcub), (3) data beamformed on the PSF-shape-based grid combined with 1D parabolic
interpolation (PSF_1Dpar) and (4) combined with 2D cubic interpolation (PSF_2Dcub).
The performance of the four approaches was studied in terms of the accuracy and
precision of the velocity magnitude, velocity angle and the displacement estimates. The
accuracy of the velocity magnitude and the inter-frame displacement estimates was
assessed by calculating the absolute error percentage between the mean estimates and
the ground truth as follows:
error(i) =

| ESTmean (i)–GT(i)|
GT(i)

· 100%

(eq. 2.1)

with i all estimated samples within the region of interest (ROI), ESTmean the mean of
the estimates and GT the ground truth value. ESTmean was based on n = 10 realizations
for the simulated parabolic flow, n = 100 ensemble averaged velocity estimates for
the experimental rotational flow, and n = 100 inter-frame displacement estimates for the
rotational displacement experiments. The error for the velocity angle estimates was
calculated as the absolute error, i.e., error(i) =|ESTmean(i) – GT(i)|.
The precision for the velocity magnitude and inter-frame displacement estimates was
assessed by calculating the relative standard deviation:
SD(i) =

σEST (i)
· 100%
GTmax

(eq. 2.2)

with σEST the standard deviation of the same n estimates, and GTmax the maximal ground
truth value. The precision of the velocity angle estimates was calculated as the standard
deviation (σEST). For the analysis of the experiments, the center of the disk (r < 1 mm) was
excluded from the calculations to avoid velocities or displacements close to zero.
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The performance of all methods for the vessel wall simulation was quantified by calculating
the root-mean-squared error (RMSE) between estimated and ground truth axial and
lateral displacements:
RMSE =

1
N

∑ Ni=1 (EST(i) – (GT(i))2

(eq. 2.3)

with N the number of estimated samples within the ROI, EST(i) the estimated value for
sample i, and GT(i) the ground truth value for sample i.

Table 2.4 Settings for 2-step speckle tracking algorithm
Parameters
Template1
Search window1
2D median filter2

Step

Blood flow
simulations

Vessel wall
simulations

Blood flow
experiments

Vessel wall
experiments

1

0.84 x 2.20

0.93 x 0.77

0.9 x 1.6

2

0.63 x 2.00

0.32 x 0.38

0.42 x 1.0

1

2.31 x 8.14

1.01 x 1.63

1.34 x 3.0

2

0.74 x 2.85

0.43 x 1.24

0.54 x 2.14

1 and 2

5 x 33

5 x 33

12 x 83

5 x 54

5 x 54

12 x 114

1Axial x lateral window size (mm); 2Axial x lateral window size (samples); 3Settings used for data on conventional

grid; 4Settings used for data on PSF-shape-based grid.

2.3 Results
A. Simulations
Parabolic flow in vessel phantom
In Figure 2.4, the absolute bias and SD values are visualized as a function of the PRF
for the parabolic flow simulations. The statistics were calculated while taking into account
all simulated beam-to-flow angles. When the PRF increases, i.e., when the inter-frame
displacements become smaller (see Table 2.2), the bias and SD for both the magnitude
and angle increase. This effect is most dominant for the conventional grid, while the
PSF-shape-based grid shows a more stable performance over the PRF range. Both
PSF_1Dpar and PSF_2Dcub show high accuracy and precision, i.e., low bias and SD values,
for the entire range of PRFs. For both methods, the median magnitude bias is below 10%
and the angle bias remains below 0.55°.
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Figure 2.4 Median and interquartile ranges of the absolute bias (a) and standard deviation (SD) (c) for
the velocity magnitude, and the absolute bias (b) and SD (d) for the velocity angle as a function of PRF.
Statistics were calculated taking into account all beam-to-flow angles.

Figure 2.5 visualizes the dependency of the performance of the methods on beam-to-flow
angle. The results were obtained using a PRF of 12.5 kHz. The accuracy and precision of the
velocity angle estimates show a dependency on the beam-to-flow angle, whereas the
magnitude estimate is less influenced by this. When the velocity field contains larger axial
velocity components, i.e., for beam-to-flow angles different from 90°, the angle bias and
SD values increase, especially for conv_1Dpar and conv_2Dcub. The PSF-shape-based grid
combined with either 1D parabolic or 2D cubic interpolation shows a stable performance
over the range of angles, with almost no increase of angle error and SD for angles other
than 90°.
Figure 2.4 and Figure 2.5 show a competitive performance for PSF_1Dpar and
PSF_2Dcub. Both methods show a stable performance for all PRFs, i.e., for 0 to 600 µm
inter-frame displacements (see Table 2.2), and for all beam-to-flow angles. However,
significantly lower median SD values for both velocity magnitude and angle can be
appreciated for the PSF_2Dcub method (Wilcoxon signed-rank, p < 0.05). The median
magnitude SD is at maximum 5.8% for PSF_1Dpar and 4.2% for PSF_2Dcub. Furthermore,
the median angle SD is maximally 0.9° and 0.6° for PSF_1Dpar and PSF_2Dcub, respectively.
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Carotid vessel wall displacements
Figure 2.6 visualizes the estimated inter-frame displacements in the external and internal
carotid vessel wall using the four different methods. Major performance difference can be
seen for the lateral displacement estimation, with PSF_2Dcub showing the highest similarity
with the ground truth. The RMSE values are visualized in Figure 2.7. The accuracy of the
displacement estimates in the axial direction is higher than in the lateral direction, showing
lower RMSE values for all four methods. This can also be appreciated from Figure 2.6.
The largest performance differences between the four methods are observed for the
lateral estimates. The PSF_2Dcub method shows lowest RMSEs for both the diastolic and
systolic phase.

Figure 2.5 Median absolute bias and SD for the velocity magnitude (a,c) and angle (b,d), obtained using
a PRF of 12.5 kHz. The performance of the four methods is visualized for a range of beam-to-flow angles.
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Figure 2.6 Axial (a) and lateral (b) inter-frame displacements for the carotid vessel phantom at diastole.
The estimated displacements obtained using the four different methods are visualized together with the
ground truth displacements derived from the finite element model (FEM) model.

Figure 2.7 Root-mean-squared error (RMSE) values for the axial and lateral inter-frame displacement
estimates obtained using the four different methods. Results are visualized for the diastolic (a) and systolic
(b) phase. Absolute inter-frame ground truth (GT) 5–95% displacement ranges are also included in the
figure. Please note the axial GT bar is cut-off at 40 μm, while it ends at 72 μm.
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B. Rotating disk experiments
Rotational flow
Figure 2.8 shows the estimated and reference velocity magnitude and angle for the
rotating disk experiment. Single ensemble-averaged velocity estimates for a PRF of 4 kHz
are shown. Highest resemblance between velocity magnitude and ground truth is found
for the PSF_2Dcub method. Here, largest deviations from the ground truth are observed
in the center vertical slice of the disk, where velocities are mainly in lateral direction. This is
a combined effect of the lower lateral resolution and clutter filtering. Due to the smaller
axial velocity component in these regions, the estimates will be more influenced by the
clutter filter [63, 131]. In the bottom row of Figure 2.8, the angle estimation performance
is visualized. Both the conv_2Dcub and PSF_2Dcub methods show good resemblance
with the ground truth velocity angle.
In Figure 2.9, the absolute bias and SD values are visualized as a function of the PRF.
Similar effects can be seen as in the parabolic flow simulations: when inter-frame
displacements become smaller, the bias and SD for both velocity magnitude and angle
increase. This is most profound for the conv_1Dpar and PSF_1Dpar methods. The
conv_2Dcub method shows a stable performance over the range of PRFs, although
slightly higher bias and SD values are found as compared to the PSF_2Dcub method,
especially for a PRF of 8 and 4 kHz. The PSF_2Dcub method shows a stable performance
over the PRF-range, with low bias and SD values. Even for very small inter-frame
displacements, the accuracy and precision of this method are excellent. A median velocity
magnitude bias of maximally 10% and a median angle bias of 9.2° are found. The median
SD for the velocity magnitude and angle are maximally 4.6% and 6.5°, respectively.

Rotational vessel wall displacements
In Figure 2.10, results for the rotating disk experiments are visualized when processed as
vessel wall. Similar as in the vessel wall simulation study, the performance of the four
methods is comparable for the axial displacement estimation. Furthermore, the axial
accuracy is higher as the lateral displacement estimation accuracy. The lowest median
lateral displacement error can be appreciated for the PSF_2Dcub method, although
interquartile ranges of all methods show overlap. Furthermore, the precision of the lateral
displacement estimation is highest for the PSF_2Dcub and conv_2Dcub methods. Overall,
the PSF_2Dcub method shows the most stable performance with respect to the PRFs.
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Figure 2.8 Estimated and ground truth velocity magnitude (a) and angle (b) obtained from the rotating
disk phantom processed as rotational flow. The visualized results are obtained using a PRF of 4 kHz.

Figure 2.9 Median and interquartile ranges of the absolute bias and SD for the velocity magnitude (a,c)
and angle (b,d) obtained from the rotating disk phantom processed as rotational flow. The performance of
the methods is visualized as a function of the PRF.
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Figure 2.10 Median and interquartile ranges of the absolute bias and SD for the axial (a, b) and lateral
(c, d) inter-frame displacements obtained from the rotating disk setup processed as rotational vessel wall
displacements. The performance of the methods is visualized as function of the PRF, which corresponds to
a range of inter-frame displacement (Table 2.2).

2.4 Discussion
In this paper, a new method has been proposed to determine the beamforming grid for
ultrafast data based on the dimensions of the imaging system’s PSF. As a result of this data
sampling, the CCFs used in the ST algorithm will contain circular-shaped peaks. It was
hypothesized that once combined with 2D cubic interpolation, this would increase the
accuracy and precision of subsample displacement estimation and thereby enlarge the
range of detectable displacements and velocities. Both simulations and experiments were
conducted to characterize the performance of the method. A comparison was made with
conventionally spaced beamformed data and the very commonly used 1D parabolic
subsample displacement estimation method. The results confirmed our hypothesis:
the PSF-shape-based beamforming grid combined with 2D cubic interpolation (PSF_2Dcub)
showed the most accurate and stable performance with respect to the range of inter-frame
displacements, both for the assessment of blood flow and vessel wall dynamics. Besides,
the performance of the method was least affected by motion direction or beam-to-flow
angle.
An important finding was that largest performance differences between the four methods
were found for the lateral displacement component. This can be appreciated for the vessel
wall (Figure 2.6, Figure 2.7 and Figure 2.10), but also for the flow results (Figure 2.8),
in the upper and lower part of the disk, where velocities are predominantly in lateral
direction. Furthermore, the accuracy and precision of the axial displacement estimates is
consistently higher as compared to the lateral estimates, due to the higher resolution and
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presence of phase information. This also explains why the performance difference is less
obvious in the axial direction and very clearly visible in the lateral direction. No phase
information is available and the frequency content is lower in the lateral direction.
Consequently, more benefit is gained from the proposed methodology.
Several functions can be used to interpolate the CCF for subsample displacement
estimation. In this work, we used 1D parabolic interpolation, one of the most widely used
functions, to compare to our proposed methodology. The results however, show that 1D
parabolic interpolation is less optimal for subsample displacement estimation. Large bias,
SD and RMSE values were found when 1D parabolic interpolation was used for CCF
interpolation. More specifically, large bias and SD values on the lateral axis were shown
when subsample displacements existed on the axial axis. This effect can be appreciated
in Figure 2.8, where vertically stripped patterns are visible in the magnitude and angle
estimates for the PSF_1Dpar en conv_1Dpar methods. These patterns originate from the
inaccurate lateral displacement estimates in regions of subsample axial displacements,
as also reported earlier [81]. The benefit of using 1D parabolic interpolation is the low
computational cost, whereas 2D cubic interpolation increases computational time.
Therefore, the trade-off between computational time and performance needs to be
considered.
One limitation of this study is that a single 2D interpolator was investigated. Many other
studies have investigated the use of other shapes and functions, such as cosine, parabolic
or spline [78, 81, 83, 132, 133], most often in 1D. However, none of these interpolators have
been studied before in the context of the proposed methodology, i.e., in combination
with the freedom of choosing the beamforming grid and thereby influencing the CCF
shape. Further investigation should be performed to compare different 2D interpolators
in combination with the PSF-shape-based grid. 2D fitting of the CCF peak instead of
interpolation is not considered in this work, due to the enormous increase of computational
time, which makes its use less practical.
Another method to improve subsample displacement estimation is by interpolation of
the echo signal. This method was often used in combination with conventionally acquired
data and reduced the error by the up sample factor. However, the computational cost
increased significantly [78, 134]. The benefit of the use of ultrafast data is that instead of
interpolating the echo signals, actual focusing of the signals can be performed in receive,
as a post-processing step. This work shows that no excessive sampling of the RF data is
required when using knowledge of the PSF dimensions to beamform the data combined
with a suitable 2D subsample interpolation method.
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The proposed methodology is based upon the statement that the CCF shape is primarily
determined by the shape of the PSF. While it is one of the most important factors
influencing the appearance of the CCF, it is known that other factors will also be of
influence. In general, the performance of motion estimation methods will degrade as a
result of signal decorrelation. Factors such as out-of-plane motion, presence of strong
gradients within the displacement field and large deformations can hamper the match of
the signal template within the search window, thereby influencing the appearance of
the CCF. Smartly choosing data type and window sizes is recommended in those situations
[78, 135] and aligning and stretching methods are suggested to minimize signal
decorrelation [136, 137]. Although these and other factors will also influence the CCF shape,
the proposed methodology was successful under the circumstances tested in this work.
To determine the spacing of the PSF-shape-based beamforming grid, a single average
PSFratio was used in this work. This was allowed since for carotid artery imaging, the PSF is
nearly constant within the region of interest. However, for other applications, such as
cardiac imaging, the size of the PSF will change with respect to the position in the imaging
plane, amongst others due to the frequency dependent attenuation and location of the
echo with respect to the ultrasonic beam [82]. These effects can be seen in the work of
Tong et al. [138]. However, application of the PSF-shape-based grid is still possible, when
using variable grid spacing tuned to the PSF shape locally. Nillesen et al. [139] showed first
results using such a multi-zone, depth-dependent PSF-shape-based grid for cardiac
motion imaging. The beamforming grid resolution was adjusted to the local PSF shape.
This work also shows that the proposed beamforming strategy is not limited to linear array
imaging. The PSF-shape-based beamforming grid can easily be used for data obtained
with different transducer types, such as a phased array. The only requirement for using this
method is the characterization of the imaging system by determining the (local)
dimensions of the PSF.
In this work, the dimensions of the PSFs were determined using the response of single
scatterers. When processing data acquired in vivo, a more sophistic approach could be
favorable, which includes other factors influencing the shape of the PSF, such as
attenuation. A representative estimate of the PSFratio could be obtained by using the
spatial auto covariance method [140] to determine the speckle size in a B-mode image.
Since speckle size is proportional to the dimensions of the PSF [141, 142], this will provide
the required information to determine the PSF-shape based beamforming grid.
In the present work, a large range of inter-frame displacements were studied by imaging
with different PRFs. A stable and accurate performance of the proposed method was
shown with respect to this large range of displacements. This shows the applicability of
the proposed methodology for a broad field of research: it allows to study the dynamic
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behavior of multiple tissue types, such as the carotid artery, the heart and breast tissue,
where very small displacements need to be captured, but also very large displacements
and deformations can be present simultaneously.
In this work, the proposed beamforming strategy was combined with cross-correlation-
based ST. However, this strategy is also applicable to other pattern matching functions,
for example the sum of absolute squared differences. Furthermore, while this work
presents a methodology in 2D, it could be easily adapted to 3D. The system’s PSF needs to
be characterized in 3 dimensions and interpolation of the 3D CCF in 3 directions should
be performed simultaneously.
Zero-degree plane waves were used to acquire data in this work. The estimation of vessel
wall displacements and blood flow velocities could be further improved by performing
displacement compounding [124, 131, 143], a method introduced by Techavipoo et al. [94]
and adapted for vascular strain estimation [48] and blood flow imaging [131]. Angled
plane waves are used to derive the displacement or velocity vector, using solely axial
displacement estimates. However, to improve the accuracy and precision of the estimates,
often 2D ST is performed to acquire these axial displacements [48, 143, 144], meaning the
accuracy of both the lateral and axial displacement estimates influence the performance
of the compounding method. Therefore, displacement compounding would also strongly
benefit from the methodology as presented in this work.

2.5 Conclusion
In this paper, a framework for robust displacement estimation in ultrafast ultrasound data
was presented. It can be used as a protocolled way to beamform ultrafast data and obtain
accurate estimates of the tissue displacements. The success of this new methodology is
based on the following important concepts: the matching shape of the CCF peak and the
interpolation function, the equal number of sample points in axial and lateral direction
throughout the peak, and the use of 2D instead of 1D interpolation functions to acquire
joint estimation of subsample displacements in both directions. The proposed method
defines the beamforming grid based on the system’s PSF to generate standardized circular-shaped CCFs which match with a 2D cubic interpolation function. The results presented
in this work confirm the hypothesis; increased accuracy and precision were found for 2D
motion estimation using the PSF-shape-based beamforming grid combined with 2D
cubic subsample interpolation of the CCF. This was shown for a wide range of displacements
or velocities present in carotid vessel wall and blood flow dynamics.
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Abstract
Conventional color Doppler imaging is limited, since it only provides velocity estimates
along the ultrasound beam direction for a restricted field-of-view at a limited frame rate.
High-frame-rate speckle tracking, using plane wave transmits, has shown potential for 2D
blood velocity estimation. However, due to the lack of focusing in transmit, image quality
gets reduced, which hampers speckle tracking. Although ultrafast imaging facilitates
improved clutter filtering, it still remains a major challenge in blood velocity estimation.
Signal dropouts and poor velocity estimates are still present for high beam-to-flow angles
and low blood flow velocities. In this paper, ultrafast plane wave imaging was combined
with multi-scale speckle tracking to assess the 2D blood velocity vector in a common
carotid artery (CCA) flow field. A multi-angled plane wave imaging sequence was used to
compare the performance of displacement compounding, coherent compounding, and
compound speckle tracking. Zero-degree plane wave imaging was also evaluated. The
performance of the methods was evaluated before and after clutter filtering for the large
range of velocities (0-1.5 m/s) that are normally present in a healthy CCA during the cardiac
cycle. An extensive simulation study was performed, based on a sophisticated model of
the CCA, to investigate and evaluate the performance of the methods at different pulse
repetition frequencies and signal-to-noise levels. In vivo data were acquired of a healthy
carotid artery bifurcation to support the simulation results. In general, methods utilizing
compounding after speckle tracking, i.e., displacement compounding and compound
speckle tracking, were least affected by clutter filtering and provided the most robust and
accurate estimates for the entire velocity range. Displacement compounding, which uses
solely axial information to estimate the velocity vector, provided most accurate velocity
estimates, although it required sufficiently high pulse repetition frequencies in high blood
velocity phases and reliable estimates for all acquisition angles. When this latter
requirement was not met, compound speckle tracking was most accurate, because it uses
the possibility to discard angular velocity estimates corrupted by clutter filtering. Similar
effects were observed for in vivo data obtained at the carotid artery bifurcation.
Investigating a combination of these two compounding techniques is recommended for
future research.
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3.1 Introduction
Ultrasound imaging is currently the most widespread technique in medical practice to
study blood flow. It is used for both diagnosis and monitoring of a wide range of conditions
affecting the cardiovascular system. Most methods to assess the velocities of blood flow
as implemented in commercial ultrasound machines are based on the Doppler principle.
This means that only the component of the velocity parallel to the ultrasound beam is
estimated, based on the frequency shift between transmitted and received ultrasound
signals. The angle dependency is one of the major limitations of the current techniques,
since it necessitates the assumption of flow direction to get a quantitative estimate of the
velocity. Especially in complex flows, valid assumptions about the direction of flow cannot
be made, since it can vary strongly spatially and temporally. Another limitation of the
conventional Doppler-based methods is that the maximum measurable velocity is limited
by the pulse repetition frequency (PRF) of the system according to Nyquist sampling
theorem. High velocities are therefore prone to cause aliasing artifacts. Furthermore,
current methods are limited in frame rate or imaging view due to the use of sequential,
line-by-line acquisition schemes. Blood flow dynamics can fluctuate rapidly in some
phases of the cardiac cycle, demanding increased frame rates for proper visualization and
accurate quantification of blood velocities.
Many methods have been suggested to circumvent the angle dependency of conventional
Doppler methods, to provide an accurate estimate of the full blood velocity vector. Crossbeam methods, also called vector Doppler, utilize multiple 1-D Doppler measurements
from different directions to determine the 2D blood velocity vector [65, 66]. Another
approach closely related to the cross-beam methods is transverse oscillation [70]. Here,
oscillations are introduced in the transverse direction of the received ultrasound field, to
estimate both the axial and lateral velocity component. Trahey et al. [77] suggested a
different approach to assess blood velocity that performs speckle tracking to estimate the
displacement in two orthogonal directions. Since the movement of speckle is directly
related to the movement of the blood cells, inter-frame tracking of speckle patterns using
pattern-matching techniques provides an estimate of the 2D blood velocity vector [86].
Sufficiently high frame rates are required to prevent the decorrelation of the speckle
patterns. Kortbek and Jensen [74] introduced a variant of this method, called directional
velocity estimation. In this method, beam formation is performed at multiple angles and
the true velocity direction is found by cross-correlation and selecting the angle with the
highest correlation value. Focusing along the velocity direction facilitates estimation of
the correct velocity magnitude. Beulen et al. [145, 146] presented another method closely
related to speckle tracking. To estimate velocity components perpendicular to the ultrasound
beam direction, 2D cross-correlation of radio frequency (RF) data was performed.
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Recent developments in ultrasound technology and computational power facilitate
imaging at significantly higher frame rates than used in conventional imaging. Unfocussed
plane waves or diverging waves are transmitted [121], illuminating the entire field-of-view
at once, and full parallel receive beamforming generates complete 2D images for each
transmit. This enables imaging at frame rates up to 20 kHz, providing the possibility to
tackle the limited temporal resolution of the current Doppler-based velocity estimation
methods. However, due to the lack of focusing in transmit, the images have a reduced
contrast- and signal-to-noise ratio (SNR), which hampers the performance of displacement
estimation techniques. Multiple approaches have been suggested to compensate for the
reduced image quality. Udesen et al. [120] used coded plane wave excitations to improve
image quality and assessed the 2D velocity vector using speckle tracking. Montaldo et al.
[55] introduced a technique called coherent compounding to improve the lateral
resolution of the ultrasound data. RF data acquired using multiple steered plane wave
transmissions were summed to generate RF data focused in both transmit and receive.
Displacement compounding, a method closely related to the cross-beam vector Doppler
methods, is a different technique, which uses only axial displacement estimates obtained
at multiple angles to derive the 2D displacement vector. It thereby circumvents the use of
lateral information, which is inherently of lower resolution than axial information, and thus,
does not suffer from the adverse effect of reduced image quality and lateral resolution.
This technique was originally developed for estimating strain in the carotid artery wall
using focused ultrasound transmissions [48]. Recently, Hansen et al. [96] introduced an
ultrafast variant of the compounding technique using tilted plane wave transmissions.
They showed that it provided more accurate lateral displacement and strain estimates
than conventional zero-degree focused imaging.
Ultrafast imaging techniques provide new possibilities for 2D blood velocity estimation
and ways to circumvent the fundamental limitations of the current Doppler-based flow
imaging methods. Several groups have already successfully combined these ultrafast
techniques with 2D blood velocity estimators. Bercoff et al. [147] combined the coherent
compounding technique [55] with the compound Doppler imaging technique into the
ultrafast compound Doppler imaging. They showed a 16 times reduction of acquisition
time when using plane wave instead of focused transmissions, while maintaining the
same Doppler performance. Ekroll et al. [68] combined vector Doppler imaging with
plane wave transmissions to simultaneously assess tissue and flow velocities of the carotid
artery. Jensen and Nikolov [148] used high-frame-rate spherical wave emissions, followed
by cross-correlation along the flow direction to estimate the velocity magnitude.
Combining coded zero-degree plane wave excitations with the speckle tracking
technique allows for high-frame-rate 2D velocity vector imaging, as shown by Udesen et
al. [120]. Fadnes et al. [119] also successfully combined uncoded zero-degree plane wave
imaging with speckle tracking, to quantify peak velocity in shunt flows resulting from

64

COMPARING COMPOUNDING TECHNIQUES FOR BLOOD VELOCITY VECTOR IMAGING

septal defects in congenital heart disease. Although the methods described above have
high potential, most of them describe the difficulties caused by clutter filtering that are
still present when looking at slow, perpendicular flow.
Clutter filtering has already been investigated for a long time [59, 60]. The filtering is
necessary to suppress the signal from surrounding structures (like the vessel wall), which
will otherwise dominate the signal from the blood. Compared with conventional
Doppler-based techniques, high-frame-rate imaging allows for improved clutter filtering
due to the possibility of acquiring increased ensemble sizes that facilitate better filter characteristics. However, clutter filtering remains one of the main challenges in blood velocity
imaging. The classical way to approach clutter filtering is by separating the signals based
on their temporal (slow time) frequency content. The surrounding structures are expected
to be relatively stationary compared with the fast moving blood, which will result in
frequencies approaching zero for clutter. High-pass filtering in the temporal domain will
suppress the clutter signal and, in the ideal case, leave the blood signal unaffected.
However, it is known that Doppler frequencies can come close to or even start to overlap
with frequencies of the clutter signal for high beam-to-flow angles. The clutter filter will
typically attenuate both signals, resulting in signal dropouts and poor velocity estimates.
Fadnes et al. [63] recently described the relation between the blood velocity, spatial
frequency content of the ultrasound data and the resulting Doppler frequencies. Generally,
the spectra for tissue signal and blood will be further apart for larger axial blood velocity
components (or smaller beam-to-flow angles), which induces an angle dependency on
the velocity estimation after clutter filtering [63]. Fadnes et al. [98] proposed to minimize
this angle dependency by using a dual angle plane wave imaging scheme. Since different
projections of the underlying blood velocities are measured at each acquisition angle, the
dropouts in the RF signals (at slow or near transversal flow) are located at different regions.
Independent velocity estimates can then be combined to a final image by performing
segment-based compounding, while discarding estimates corrupted by the clutter filter.
In this paper, we combine ultrafast plane wave imaging with speckle tracking to estimate
the 2D blood velocity vector and to circumvent the limitations that come with
Doppler-based flow imaging methods as described above. To investigate how to optimize
the velocity estimation over the entire cardiac cycle and minimize issues arising from
clutter filtering and reduced image quality, different compounding techniques are
compared. Multi-angle plane waves are transmitted at different PRFs to study the
performance of coherent compounding [55], displacement compounding [48] and
compound speckle tracking [98]. Normal zero-degree plane wave imaging is included in
the comparison as well. The performance of all methods is tested on simulated ultrasound
data of a complex flow field in a common carotid artery (CCA) for a full cardiac cycle.
We integrated fluid–structure interaction (FSI) modeling with FIELD II ultrasound
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simulations to obtain a platform suitable for such a comparison study, providing realistic
velocity fields with reference velocities available. Finally, in vivo recordings of a carotid
artery bifurcation in a healthy volunteer were acquired to support the simulation results.

3.2 Materials and methods
This section is organized as follows. First, a short description is provided concerning the
FSI model used to mimic the behavior of the CCA. It is explained how the model was
integrated with the simulation package FIELD II to simulate artificial ultrasound data of the
CCA flow field. Next, it is explained how in vivo data of the carotid artery were acquired.
Thereafter, the plane wave scanning is presented, together with the beamforming
strategy to generate RF data. Next, information about the clutter filtering process is
provided, where after the principle of the multi-step speckle tracking velocity estimation
is explained. Finally, the methodology behind the different compounding methods is
described. The information obtained using multiple angled plane wave acquisitions can
be used in different ways, either by performing compounding prior to speckle tracking,
i.e., coherent compounding, or by compounding after speckle tracking, i.e., displacement
compounding and compound speckle tracking.

A. FSI modeling
Three-dimensional FSI modeling was used to model physiological, time-periodic flow
inside a weakly curved carotid artery. A time-periodic method for weakly coupled FSI
models, as introduced by Beulen et al. [149], was used to model blood velocity and
pressure distribution in the lumen and displacements in the vessel wall over a full cardiac
cycle. The CCA was mimicked by a slightly curved cylindrical blood vessel with a length of
10.5 cm and inner and outer radii of 3 and 4 mm, respectively. The meshed 3D geometry,
containing a fluid and a structural part, consisted of 27-noded isoparametric tri-quadratic
Crouzeix–Raviart hexahedrons. A smooth waveform resembling CCA flow was prescribed
at the inlet of the model. At the outlet boundary, a pressure waveform was applied,
having a shape and amplitude according to normal physiological pressures in the CCA.
The blood and vessel wall were modeled as being Newtonian and neo-Hookean,
respectively. Material properties were 4.9 x 10−3 kg· m−1· s−1 viscosity for the blood, and 150 kPa
shear modulus for the vessel wall. Realistic carotid artery behavior was modeled using
the SEPRAN finite element package [150], resulting in a maximum radial strain of about
10% in the vessel wall and maximal blood flow velocities along the centerline of the vessel
of 1.5 m/s. Resulting 3D velocity fields in the vessel lumen, obtained with a temporal
resolution of 5 ms, were used as input for the FIELD II simulation package to simulate
ultrasound data [129, 130]. For more detailed information on the FSI modeling, the reader
is referred to [149].
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B. Simulations
Field II was used to simulate ultrasound RF element data of the blood in the CCA. An L11-3
linear array transducer (Philips Ultrasound, Andover, MA, USA) was defined, operating at a
center frequency of 9 MHz. To increase the computational accuracy, each physical
transducer element was subdivided into 10 by 10 mathematical elements. The simulations
were performed with a sampling frequency of 180 MHz to minimize the quantization
noise of the excitation and impulse response. The resulting emitted waveform was a
three-cycle pulse at the center frequency. The speed of sound (c) was assumed to be 1540
m/s. The transducer properties are listed in Table 3.1.

Table 3.1 Transducer properties
Properties

L11-3

Center frequency (fc)

9 MHz

9 MHz

Transducer element pitch

135 μm

195 μm

Transducer element height

6 mm

6 mm

Transducer element width

121.5 μm

170 μm

288

256

Number of transducer elements
Number of active transducer elements
Depth of elevational focus

3

L12-5, 50 mm

128

128

18 mm

18 mm

The simulated scanning sequence transmitted plane waves at sequentially changing
angles (θ) of 0°, −20°, and 20° (Figure 3.1). For the 0° plane wave, 128 elements at the
center of the transducer were activated simultaneously. This means no delays were
applied on the elements and all elements were transmitting with the same amplitude
(rectangular apodization window). For the angled plane waves, a linear delay was applied
to the elements, equal to pitch · sin(θ)/c. The location of the active elements was shifted
across the transducer footprint, to obtain maximum overlap of the transmitted pressure
fields at 2 cm depth, at the center of the transducer. The 128 elements used to transmit the
plane waves were also active in receive.
The plane waves were transmitted at two different PRFs, 12 and 6 kHz, with an ensemble
size (N) of 32 per transmit angle. This means that the total number of plane wave transmits
per package was equal to N times the number of angles, which results in 96 transmits per
ensemble. A total of 100 ensembles/s were acquired to ensure flow visualization at 100 Hz.
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Figure 3.1 Multi-angle plane wave acquisition scheme used for simulating RF element data at different
pulse repetition frequencies (PRFs). A schematic representation of the beamforming process and the different
velocity estimation methods: normal zero-degree plane wave imaging (PW0), displacement compounding
(PWdisp.comp), compound speckle tracking (PWcomp,ST), and coherent compounding (PWcoh.comp), are
visualized. ST: speckle tracking.

Coupling of FSI modeling and FIELD II simulations
Field II requires the input of 3D coordinates of scatterers that represent the tissue. Scatterers
were initially placed randomly inside the lumen of the carotid artery model (Figure 3.2)
with Gaussian distributed amplitudes (mean = 5, standard deviation = 1). The number of
scatterers placed was 10 per resolution cell, which resulted in about 300 scatterers per mm3.
The speckle SNR limit of 1.91 was reached, assuring fully developed speckle [151].
Three-dimensional linear spatial interpolation was performed to assign a velocity value to
every blood scatterer. Due to the mismatch in time scales of the FSI model (5 ms) and the
simulations (0.083 ms for a PRF of 12 kHz), temporal interpolation had to be performed as
well. Swillens et al. [152] described that this interpolation step is not straightforward. Due
to the distensibility of the fluid geometry, scatterers could end up outside the blood
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Linear Array Transducer

Figure 3.2 Schematic of the simulation setup. A selection of the scatterers was overlaid with a
representation of the transmitted plane wave pressure fields. Velocities were only estimated in the lumen
region sufficiently covered by all three transmit angles, as indicated by the dotted lines.

volume when simple linear interpolation of the velocity fields would be performed to
displace the scatterers in between two FSI time steps. To overcome the issue, the
propagation of a blood scatterer between two FSI time steps was based on repeated
linear interpolation, meaning that the velocity value for that scatterer was updated
60 times between two FSI time steps, using the updated position of the scatterer for each
interpolation. Although this method was rather simple, it showed to be effective, since it
resulted in smooth displacement paths for the scatterers and it prevented them from
moving out of the lumen. No artificial aggregation or dilution of scatterer density distorting
the simulated data were observed, so there was no need for refreshing scatterers during the
cardiac cycle. The scatterers were propagated over an entire cardiac cycle, with time steps
of 0.083 ms, matching the time scale of the highest PRF. Skipping of scatterer configurations
was performed to simulate ultrasound data at a lower PRF.
The resulting scatterer configurations were placed at a depth of 2 cm with respect to the
transducer. The slightly curved CCA was placed nearly parallel to the transducer footprint
to closely resemble an in vivo CCA situation. Beam-to-flow angles primarily ranged from
75° to 95°, with negative angles present directly after peak systole, indicating locally
reversed flow. Scatterers relevant for the simulation were selected based on the −20 dB
borders of the plane wave intensity bundle profiles. No vessel walls or surrounding tissues
were included in the simulations.
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C. In vivo data
Ultrasound RF element data were acquired of the carotid artery bifurcation of a healthy
volunteer (male, 33 years old). A Verasonics Vantage ultrasound system (Verasonics,
Kirkland, WA, USA) equipped with an L5-12 ATL linear array transducer (fc = 9 MHz; for
transducer properties, see Table 3.1) was used to record the RF element data using the
same acquisition protocol as in the simulations: plane waves were transmitted at
sequentially changing angles of 0°, −20°, and 20°. A PRF of 12 kHz was used for the in vivo
recordings and channel data were sampled at 36 MHz. Ensemble sizes of 96 were acquired
(32 per transmit angle) and a total of 80 ensembles were obtained per second. The study
was in accordance with the World Medical Association Declaration of Helsinki on Ethical
Principles for Medical Research Involving Human Subjects. Informed consent of the
healthy volunteer was obtained.

D. Post-processing RF element data
Delay-and-sum beamforming was used to generate RF data. A Hamming apodization was
applied and an F-number of 1.0 was used for dynamic focusing in receive. Besides the
advantages of increased temporal resolution, plane wave imaging also permits data
reconstruction, i.e., beamforming, at any location covered by the transmit beam. We recently
showed that customization of the beamforming grid according to the systems pointspread-function (PSF) improves subsample displacement estimation [127]. By using the
average shape of the PSF to determine the spacing of the RF beamforming grid, the peak
of the cross-correlation function (CCF) is captured in a standardized way, which facilitates
an optimal match with a 2D cubic interpolation method. For the simulation study, the
average shape of the system’s PSF was determined using FIELD II, at spatial positions
relevant for carotid imaging. Wire-phantom measurements were performed to determine
the size of the system’s PSF used for the in vivo acquisitions. The resulting resolution for
the beamforming grids are listed in Table 3.2, together with other beamforming parameters.
Three different compounding techniques were compared in this paper (see also section
3.2 F), along with normal zero-degree plane wave imaging (PW0): coherent compounding
(PWcoh.comp), displacement compounding (PWdisp.comp) and compound speckle tracking
(PWcomp,ST ). For PW0, PWdisp.comp, and PWcomp,ST, the RF data were beamformed in the
direction of the steered plane waves (Figure 3.1). The zero-degree PSF-shape-based
beamforming grid (red grid in Figure 3.1) was therefore rotated toward −20° and 20° (blue
and green grids in Figure 3.1). For the PWcoh.comp method, RF element data obtained at
0°, −20°, and 20° were beamformed at the zero-degree beamforming grid after which
coherent summation of the RF data was performed. Band-limited noise was added to the
simulated RF data to generate SNRs of 13 and 5 dB.
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Table 3.2 Beamforming parameters
Parameter

L11-3

Number of receiving elements
Apodization window

L12-5

128

128

Hamming

Hamming

F-number

1

1

Axial sampling beamforming grid

14.3 μm

14.3 μm

Lateral sampling beamforming grid

130 μm

143 μm

E. Clutter filtering
Clutter filtering was performed after beamforming, using a tenth-order finite impulse
response (FIR) filter with a −3 dB cut-off frequency of 0.18 · fNyquist. Although clutter signals
(vessel wall, surrounding structures) were not included in the simulations, the beamformed
RF data were filtered to realistically induce the effect of clutter filtering on the simulated
blood signal. The frequency response of the FIR filter is visualized in Figure 3.3. Please
note that the same filter characteristics were used for both PRFs, resulting in an increase of
clutter filter cut-off frequency and cut-off velocity for increasing PRF (Table 3.3).

Magnitude (dB)

Filter frequency response
0
-10
-20
-30
-40
-50
-60
-70
-80

0

0.1

0.2
0.3
0.4
Normalized frequency

0.5

Figure 3.3 Frequency response of the tenth-order FIR filter used for clutter filtering. The −3-dB cut-off
point was placed at 0.18 · fNyquist. Please note the shortened frequency axis from 0–0.5 · fNyquist.

Table 3.3 Clutter filter cut-off points for the 10th order FIR filter
PRF [kHz]

Effective PRF [kHz]

fcut-off [Hz]

Vcut-off,axial [cm/s]

Vcut-off,lateral [cm/s]

12

4

360

3.1

15

6

2

180

1.54

7.3
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F. Displacement estimation using multi-scale speckle tracking
Speckle patterns, originating from the interference of backscattered echoes generated by
scatterers such as red blood cells, can be tracked to find the displacement of the underlying
tissue [86]. Due to rapidly changing dynamics of blood flow throughout the cardiac cycle,
the dynamic range of velocities is large. Within a single image view, strong inter-frame
displacement gradients can be present. Multi-scale methods have been described [78, 93]
to obtain accurate local displacement estimates in complex displacement fields,
containing strong gradients. In this paper, inter-frame 2D displacements were estimated
using such a multi-scale method. A two-step, 2D normalized cross-correlation based
speckle tracking method was used [78]. First, relatively large rectangular windows of
envelope data (demodulated RF) were used to estimate global displacements. Thereafter,
the displacement estimates were refined by using smaller windows of RF data. The initial
displacement estimates were median filtered and linearly interpolated to a finer scale
before they were used to move the center of the search area in the second step. To obtain
subsample displacement estimates, 2D cubic interpolation of the CCF was performed
[127]. Multiplying the estimated inter-frame displacements with the frame rate will render
the 2D velocity vector.
A schematic overview of the displacement estimation for the different methodologies is
given in Figure 3.1. For the PW0 method, inter-frame axial and lateral displacements were
obtained by performing multi-step speckle tracking for every two subsequently acquired
zero-degree frames. The same zero-degree two-step speckle tracking was performed for
the PWcoh.comp method, for every two subsequently acquired coherent compounded RF
frames. For PWdisp.comp and PWcomp,ST, the displacement estimation was performed
separately for the −20° and 20° acquisitions. The resulting axial displacement estimates
(dax,θ1 and dax,θ2) were used in the PWdisp.comp method to derive estimates for the lateral
and axial displacements with respect to the zero-degree reference situation, by projection
according to
d lateral =

d ax,θ1 cosθ 2 – d ax,θ2 cosθ1
sin (θ1– θ 2)

(eq. 3.1)

d axial =

d ax,θ1 sinθ 2 – d ax,θ2 sinθ1
sin (θ 2– θ1)

(eq. 3.2)

For the PWcomp,ST method, the axial and lateral displacement estimates obtained at −20°
and 20° were projected back toward the zero-degree reference situation. A single
inter-frame displacement estimate was obtained either by averaging estimates obtained
from the two acquisitions or by discarding one of them, according to the idea of Fadnes
et al. [98]. Segmentation maps for discarding estimates were created by thresholding RF
signal power after clutter filtering. The threshold value was set empirically.
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Table 3.4 provides an overview of the settings used in the two-step speckle-tracking
algorithm. The maximum measurable displacement, and thus the maximum velocity, was
limited by the size of the search region. The axial and lateral search areas were enlarged for
decreasing PRF, to allow sufficient space for capturing peak velocities. The overlap
between consecutive segments was 80%. Estimated displacements were spatially filtered
in both steps of the speckle-tracking algorithm using a median filter with a size of 5 by 5
displacement points for the simulation study and 7 by 7 displacement points for the in
vivo study. The estimated velocities were averaged over the temporal ensemble, providing
one average flow frame per package. In the end, an effective frame rate of 100 frames/s
was reached for the simulations study and 80 frames/s for the in vivo recordings. The final
axial, lateral sampling interval of the velocity estimates was 128 and 130 μm for the
simulation study and 128 and 143 μm for the in vivo study. Velocities were estimated
within predefined regions of interest (ROIs). The ROIs correspond to the lumen region that
was sufficiently covered by all three insonification angles at each time point (Figure 3.2).
The lumen region was selected based on model information for the simulations. For the
in vivo data the lumen was selected by thresholding the intensity values of the logcompressed, median filtered B-mode image.

Table 3.4 S ettings and window sizes used in the multi-step speckle
tracking algorithm
Parameter

Step 1

Data type
Axial window size [mm]
Lateral window size [mm]
Axial search window [mm]
Lateral search window [mm]

Step 2

Envelope

RF

12 kHz
6 kHz
12 kHz

0.78
2.48
1.50
2.21
3.79

0.64
1.96
0.76
0.76
3.00

6 kHz

5.09

3.00

G. Performance evaluation
For the simulations, the performance of the methods was compared by calculating the
root-mean-squared error (RMSE) between estimated lateral and axial velocity components
and true velocity components, which were derived directly from the scatterer positions.
Velocities averaged over the temporal ensemble were compared with the first reference
frame of the ensemble. To gain more insight into the effects of clutter filtering on the
different velocity estimation methods, velocity estimates were acquired and compared
with the reference velocities with and without clutter filtering. The in vivo performance of
the various methods was visually compared for multiple phases of the cardiac cycle.
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3.3 Results
A. Simulation results
The ensemble-averaged velocity estimates are shown in Figure 3.4 for all four velocity
estimation methods. The estimates shown are obtained after clutter filtering at an SNR of
13 dB. The velocity magnitudes are color-coded and arrows indicate the direction of the
local velocity for a frame at peak systole in the left panel and a frame in diastole in the
right panel. The velocities at peak systole are in general properly estimated using both
PRFs. PWdisp.comp and PWcomp,ST have the best performance at the highest PRF, while PW0
and PWcoh.comp methods show most resemblance with the ground truth at the lower PRF.
For the last two methods, some distorting effects are present near the lumen border at a
PRF of 12 kHz, where the low velocities are attenuated by the clutter filtering. In the
diastolic phase, where blood velocities are low and thus inter-frame displacements are
small, the lower PRF of 6 kHz is already sufficient to estimate the velocities. At this PRF,
PWdisp.comp and PWcomp,ST show the highest resemblance with the ground truth velocities.
The accuracy of the velocity estimates was investigated in the case of no clutter filtering
for PW0, PWcoh.comp and PWdisp.comp and with clutter filtering for all four methods.
In Figure 3.5 (A) and (B), the RMSE scores of the ensemble-averaged lateral velocity
estimates are shown as a function of the pressure cycle, both with and without clutter
filtering. Figure 3.5 (C) and (D) shows the RMSE values of the estimated ensemble-
averaged axial velocity component. Results obtained using both 6 and 12 kHz PRF are
shown. The axial and lateral ground truth velocity values, as directly derived from the
scatterer positions, are also incorporated in the figure. The gray region represents the 5th
through 95th percentile spread of reference velocities present over the pressure cycle.
Please note that the results for the PWcomp,ST method are only presented with clutter
filtering, since this method performs segment-based compounding of velocity estimates
based on RF signal power after clutter filtering.
Figure 3.5 (A) and (C) presents the results without clutter filtering. These show that the
performance of the velocity estimation techniques primarily depends on the magnitude
of the inter-frame displacements to be captured. This magnitude varies both as a function
of the phase of the pressure cycle and the PRF used to transmit the plane waves. In both
panels, the RMSE values are increasing around the peak systolic phase of the pressure
cycle, where inter-frame displacements are highest. This is especially visible for the lower
PRF of 6 kHz. Increasing the PRF in phases where the velocities are high (ensemble number
20-50, vlateral > 0.4 m/s, vaxial > 0.1 m/s) reduces the RMSE values of both the lateral and
axial velocity component. The influence of clutter filtering on the four velocity estimation
methods can be studied by comparing panel (A) with (B) and (C) with (D) in Figure 3.5.
Overall, clutter filtering increases the RMSE for both velocity components, which is not
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strange because no wall was simulated and clutter filtering thus reduces SNR. This increase
in RMSE becomes more apparent for the higher PRF of 12 kHz, which can be explained by
the fact that the clutter filter cut-off point increases (Table 3.3) according to fcut−off =
0.18 · fNyquist. The PW0 method is most affected by clutter filtering, showing the largest rise
in RMSE, followed by the PWcoh.comp method, the only compounding method that uses
zero-degree plane wave information. The zero-degree plane wave direction is perpendicular
to the main flow direction, resulting in predominantly lateral directed flow. Especially in
low velocity phases, this reduces the accuracy of the estimates due to the attenuation of
low velocities by the clutter filter. For the PWdisp.comp method the increase of RMSE after
clutter filtering is less severe, which shows that this method is more robust against the
effects of clutter filtering.
Overall, the most accurate (lowest RMSE values) and robust performance over the full
pressure cycle was observed for the PWdisp.comp and PWcomp,ST methods. For the estimation
of the axial velocity component (see Figure 3.5 (D)), PWdisp.comp results in the lowest
RMSE and thus most accurate estimates. The most optimal PRF scales with the magnitude
of the velocities to be estimated: in low velocity phases (vaxial < 6 cm/s) a PRF of 6 kHz is
sufficient, for higher velocity phases a PRF of 12 kHz is required. For the estimation of
the lateral velocity component, the performance of both methods is more competitive.
In most phases of the pressure cycle, the performance was either similar or PWdisp.comp
performed best. However, in mid-diastolic phase an interesting phenomenon was
observed. The RMSE for PWdisp.comp increased, while the RMSE for PWcomp,ST remained
low. The explanation for this effect is visualized in Figure 3.6. The distorting effects of
clutter filtering appear at different spatial positions for the two scan angles, as indicated by
the blue lines in Figure 3.6 (A). Since PWcomp,ST uses the possibility to discard corrupted
velocity estimates, the final velocity estimation is more accurate (Figure 3.6 (B)).
PWdisp.comp uses the estimates obtained at both angles fully, which results in a larger
region of distorted velocity estimates close to the lower vessel wall. Please note that for
regions that were not affected by clutter filtering, PWdisp.comp provides most accurate
velocity estimates.
The performance of the velocity estimation methods was studied at different SNR
conditions for three characteristic phases in the pressure cycle. For peak systole, begin
diastole, and mid-till-end diastole the median and percentiles of the ensemble-averaged
RMSE scores are visualized in Figure 3.7. Results were studied at optimal PRF for the
selected phases, based on the results shown in Figure 3.5, which means a PRF of 12 kHz
was used for the peak systolic phase and a PRF of 6 kHz was used for the other two phases.
Figure 3.7 (B) shows the effect of SNR on the estimation of the lateral velocity component.
At peak systole, the performance of the four methods is similar and only minimally
influenced by the SNR level. However, in the complete diastolic phase, the RMSE clearly
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increases for decreasing SNR level. Specifically in the beginning of the diastolic phase, the
median RMSE score for PWdisp.comp increases by approximately 150%, while the increase
for PWcomp,ST is only 60%, which makes PWcomp,ST the most accurate lateral velocity
estimator at lower SNR. PWcoh.comp only shows a slight increase in median RMSE score of
about 37%, but still its performance is not as good as for the other two compounding
methods. In the mid-till-end diastolic phase, both PWdisp.comp and PWcomp,ST increase
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Figure 3.5 Root-mean-squared error (RMSE) values for all velocity estimation methods, obtained without
(A) and (C) and with (B) and (D) performing clutter filtering. RMSE values were calculated between estimated
axial (C) and (D) and lateral (A) and (B) velocity components and true velocity components, derived directly
from the FSI model. The performance of the methods was evaluated at 6 (top rows) and 12 kHz (bottom rows) PRF.
The grey area plot covers the range between 5th and 95th percentile of the ground truth velocities, to give an
impression of the velocity range and peak values as function of ensemble number.
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about 100% in median RMSE scores, while PWcoh.comp and PW0 only experience a 30%
increase due to the decrease in SNR level. Nevertheless, PWcomp,ST remains the method
with highest accuracy in estimating the lateral velocity component. Figure 3.7 (C) shows
the effect of SNR on the estimation of the axial velocity component. Overall, the RMSE
increases with decreasing SNR level, for all methods and all phases of the pressure cycle. In
the peak systolic phase, PWcomp,ST is slightly less influenced by the reduced SNR as
compared with the other three methods. In diastolic phase, all methods show a
comparable increase in RMSE, and consequently, PWdisp.comp remains the method that
provides the most accurate results for estimating the axial velocity component.
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B. In vivo results
For the in vivo study, only the PWdisp.comp and PWcomp,ST methods are pursued, because
these methods have shown the best performance in the simulation study. Figure 3.8
shows the carotid artery of a healthy volunteer for a diastolic and peak systolic frame. The
carotid sinus (or carotid bulb), located at the base of the internal carotid artery, is visible as
well as the jugular vein. The velocity estimates obtained using PW0 are visually compared
with the velocity estimates as obtained with the compounding techniques PWdisp.comp
and PWcomp,ST. The higher robustness of the compound velocity estimation methods
against the effect of clutter filtering becomes immediately visible once compared with
the PW0 velocity estimates. Especially in the diastolic phase, where velocities are lowest,
the PW0 estimates were corrupted by the clutter filter. The PWdisp.comp and PWcomp,ST
estimates show similar 2D velocity fields in both phases. Some slight differences can be
observed in diastole, close to the vessel wall and at the inlet of the external carotid artery
(note that external artery is not in the image plane), where visual inspection indicated a
more consistent velocity direction for PWdisp.comp. At peak systolic flow, velocity fields in
the carotid sinus are very similar, whereas in the jugular vein they seem less disturbed by
clutter filtering for the PWcomp,ST method.

3.4 Discussion
In this paper, ultrafast plane wave imaging was combined with multi-scale speckle
tracking to assess the 2D blood velocity vector in a CCA flow field. The performance of
different compounding methods and zero-degree plane wave imaging was compared
based on simulations and in vivo recordings of the carotid artery. The main motivation
was twofold. Firstly, we wanted to compare the robustness of all methods with respect to
the large range of velocities present during a full cardiac cycle. Secondly, we wanted to
investigate how clutter filtering affects the performance of these methods.
The performance of all velocity estimation methods strongly depends on the PRF and
thus on the magnitude of the inter-frame displacement. Consequently, optimal PRF is
cardiac-phase-dependent, where higher PRFs are required to capture the high velocities
in peak systole, while in diastole, a lower PRF will be sufficient. Specifically PWdisp.comp and
PWcomp,ST suffer from very large inter-frame displacements, which can be related to the
fact that both methods use angled displacement estimates. Due to the vessel geometry
and the large beam-to-flow angles, the −20° projected displacements and displacement
gradients are larger than the displacements in the zero-degree reference situation.
The alignment of the rectangular shaped kernels used for speckle tracking with the
gradients in the displacement field is also less for the angled acquisitions and introduces
additional decorrelation, which further distorts the estimated displacements. Since both
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methods use estimates obtained at both angles, either by projection of the axial
displacements (PWdisp.comp) or by back projection to zero-degree followed by averaging
of the axial and lateral estimates (PWcomp,ST ), also the resulting displacement field is
distorted. PWcoh.comp is less disturbed by large inter-frame displacements, because no
direct angular displacement estimates are used. Here, motion in between the compound
frames will result in a combined PSF, as also described for synthetic aperture imaging [153],
which only minimally distorts the displacement estimation.
Since clutter filtering is an inevitable step in estimating blood velocities in vivo, evaluating
resistance against the distorting effects of these filters is crucial. The methods utilizing
zero-degree data (PW0 and PWcoh.comp) were most affected by clutter filtering. The
zero-degree plane wave direction is perpendicular to the main flow direction, resulting in
predominantly laterally directed flow. At these high beam-to-flow angles and low blood
flow velocities, corresponding Doppler frequencies are relatively low and are therefore
more prone to be below the clutter filter cut-off frequency point. Consequently, the signal
of blood will be attenuated by the filter, causing an increase of RMSE values, i.e., less
accurate velocity estimates. The fact that PWcoh.comp also utilizes RF data obtained at −20°
and 20°, increases its robustness against clutter filtering. Signals at different spatial
positions will be attenuated by the filter, and coherently combining the data will therefore
provide higher quality RF data for speckle tracking. Methods performing compounding
after speckle tracking (PWdisp.comp and PWcomp,ST ) showed most robust performance over
the full cardiac cycle. Both methods use two independent estimates of the velocity vector
at each spatial position, obtained using two different transmit angles. Since each angle
results in a different projection of the velocity vector and consequently in different
Doppler frequencies, clutter filtering will have a distorting effect on the RF signals at
different spatial positions, as also described in [98]. Combining the estimates obtained at
both angles, using either of the two methods, thus stabilizes the performance and reduces
the negative effect of clutter filtering.
Its robust behavior against clutter filtering, together with the accurate assessment of
relatively low velocities, showed the potential of PWdisp.comp for 2D blood vector velocity
imaging. The fact that this method uses solely axial information to derive the 2D velocity
vector, whereas the other techniques also utilize the lower resolution lateral information,
explains the difference in performance. The possibility to discard corrupted velocity
estimates, as in PWcomp,ST, showed to be successful, as also described by Fadnes et al. [98].
This method was, for the same reason, more resistant against the lower SNR level. In future
studies, it would be interesting to investigate whether the performance of PWdisp.comp
improves even further when incorporating a similar approach as PWcomp,ST for discarding
corrupted velocity estimates.
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Discarding of corrupted velocity estimates was performed using segmentation maps,
based on the idea of Fadnes et al. [98]. In this paper, these maps were generated by
thresholding RF signal power after clutter filtering. A single threshold was set empirically
for the entire simulation study as well as for the in vivo part. In future work, more effort
could be put into the development of these segmentation maps. For example, Fadnes
et al. [98] also incorporated thresholding based on velocity after clutter filtering and
discarded velocity estimates with a variance above a certain threshold within the
ensemble.
It should be noted that the influence of clutter filtering on the different methods depends
on the frequency response of the filter. The filter used in this paper was a tenth-order FIR
filter, with a frequency cut-off at 0.18 · fNyquist, which is a commonly used filter in the
literature [63, 98]. Because the filter cut-off is defined as a function of the Nyquist frequency,
the clutter filter cut-off point increases with increasing PRF, depicted in Table 3.3. As a
result, a larger portion of the blood signal will be attenuated for larger PRFs, since low
velocities will move toward the stop-band and transition region of the clutter filter.
Optimizing the filter characteristics, by decreasing the filter cut-off point and steepening
the transition region, leads to a reduction of filter induced issues, which would be of
benefit for all methods studied in this paper. This optimization is allowed as long as the
clutter signal gets sufficiently suppressed. However, filter characteristics are limited by the
ensemble size available when using packet acquisitions. Continuously sampling along the
cardiac cycle at sufficient frame rate would solve this limitation; however, it increases data
load enormously. Fadnes et al. [63] recently showed that when longer ensembles (N>36)
can be acquired, the use of polynomial regression filters can improve tracking performance.
Furthermore, a new approach to clutter filtering has been introduced by Demené et al.
[154]. They proposed a spatiotemporal singular value decomposition clutter rejection,
where differences in spatiotemporal coherence between tissue and blood are used to
separate clutter from the blood signals. Their filter strongly outperformed conventional
clutter rejection filters based on high-pass temporal filtering.
The displacement compounding technique (PWdisp.comp) was initially developed for
vascular strain imaging. In the original implementation [48, 96], zero-degree acquisitions
were used to derive the axial displacement component since this resulted in more
accurate estimates as compared to compounding the angled acquisitions. In this paper,
however, estimating the axial component based on solely the zero-degree acquisitions
resulted in less accurate estimates, caused by the effects of clutter filtering. Therefore,
both the axial and lateral displacement (and velocity) component were estimated based
on the projection of the angular axial displacement components in this paper.
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For the zero-degree method (PW0) studied in this paper, a higher effective PRF could have
been used. Because this method uses solely zero-degree acquisitions, the effective PRF
could have been a factor three higher as compared to the compounding techniques,
leading to three times higher ensemble sizes while still covering the same time period of
the cardiac cycle. This would have allowed for more averaging possibilities within the
ensembles and/or the development of clutter filters with improved characteristics.
Coherent compounding is known to result in improved image quality (resolution, contrast,
and sensitivity), which facilitates the velocity estimation [55, 126, 147]. In this paper, only a
limited amount of compound angles and a rather large angle increment were used.
Increasing the number of angles and using smaller increments could further improve the
performance of this method when combined with blood velocity speckle tracking,
although using more angles will also reduce the effective PRF.
In this paper, blood flow velocity fields were estimated in the CCA, where predominantly
lateral velocities are present. In clinical practice, when studying stenotic regions and the
bifurcation, more complex flow fields and vortex formations will be present. This will
demand even more robustness of the velocity estimation methods with respect to the
clutter filter. The general benefit of compounding techniques, however, is that due to the
multi-angled acquisitions, several independent velocity estimates are obtained leading to
an inherent backup of data in regions where one of the estimates fails due to clutter
filtering. Compounding techniques require an overlap of the transmitted plane waves to
determine the blood velocity. This limits the image view of these methods. For carotid
imaging, in which the region of interest is close to the transducer and relatively large
footprints can be used, this condition is automatically fulfilled. However, for other
applications the usefulness of compounding methods might be more limited.

3.5 Conclusion
An extensive comparison between compounding techniques using multi-angled plane
wave imaging was presented for estimating the 2D blood velocity vector in a CCA flow
field. Most accurate simulation and in vivo results were obtained when performing
compounding after speckle tracking, showing the most robust behavior with respect to
the large velocity range present during the cardiac cycle and the effects of clutter filtering.
The performance of displacement compounding, which uses triangularization of 2D
speckle-tracking-based angular axial velocity estimates to derive the 2D velocity vector,
was similar to compound speckle tracking. The technique might be further improved by
discarding corrupted velocity estimates due to clutter filtering and/or reduced SNR level,
as already performed by compound speckle tracking.
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CHAPTER 4

Abstract
Plaque strain and blood vector velocity imaging of stenosed arteries are expected to aid
in diagnosis and prevention of cerebrovascular disease. Ultrafast plane wave imaging
enables simultaneous strain and velocity estimation. Multiple ultrasound vendors are
introducing high-frequency ultrasound probes and systems. This paper investigates
whether the use of high-frequency ultrafast ultrasound is beneficial for assessing blood
velocities and strain in arteries. The performance of strain and blood flow velocity
estimation was compared between a high-frequency transducer (MS250, fc = 21 MHz) and
a clinically utilized transducer (L12-5, fc = 9 MHz). Quantitative analysis based on straight
tube phantom experiments revealed that the MS250 outperformed the L12-5 in the
superficial region: low velocities near the wall were more accurately estimated and wall
strains were better resolved. At greater than 2-cm echo depth, the L12-5 performed better
due to the high attenuation of the MS250 probe. Qualitative comparison using a perfused
patient-specific carotid bifurcation phantom confirmed these findings. Thus, in conclusion,
for strain and blood velocity estimation for depths up to ~2 cm, a high-frequency probe is
recommended.
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4.1 Introduction
Development of atherosclerosis in the carotid artery (CA) may lead to severe stenosis
obstructing the main cerebral blood flow supply due to geometrical changes of the luminal
area. It also initiates compositional changes due to the development of calcifications, lipid
pools, fibrous tissue, and hemorrhages in the vessel wall, which could lead to the formation
of rupture-prone plaques. These pathological processes can be asymptomatic for a long
time until the initiation of a fatal event such as a stroke or transient ischemic attack (TIA).
This is why characterization of atherosclerosis is important to guide pharmaceutical treatment
or perform an invasive intervention removing suspected critical obstructions in the CA.
In clinical practice, ultrasound imaging is mostly used for plaque stenosis grading. The stenosis
is usually visualized using duplex ultrasound (B-mode and color flow imaging), followed
by pulsed wave (PW) Doppler acquisitions to measure the maximum systolic blood
velocity in the area of the most severe vessel narrowing and in a post stenotic segment of
the lumen. From this information, a coarse estimate of the degree of stenosis can be
derived [115]. Although the potential of diagnostic ultrasound to classify and grade carotid
disease is recognized, so far there is no universally accepted protocol to measure the
degree of stenosis [20].
The main reason for the lack of a universal guideline is the considerable variability in estimated
velocities using Doppler techniques [19], which might result in errors of the estimated
grade of stenosis. The large variability can be assigned to multiple limitations of conventional
Doppler techniques, of which the angle dependence is a major contributor [20]. The angle
between the insonifying beam and the (local) blood flow direction is required to convert
the 1-D velocity estimate, measured along the beam direction, into a velocity estimate in
the true direction of the blood flow. This angle is difficult to estimate when looking at
nonlaminar flow patterns in the CA that are known to be present in the bifurcation and in
stenosed regions [99, 123, 155-157]. Another major limitation of conventional Doppler-based
methods is the use of conventional line-by-line acquisition schemes, which limits the
frame rate and/or imaging view substantially. Furthermore, the span of velocities that can
be determined is limited by the pulse repetition frequency (PRF) due to aliasing.
Major effort has been put into the development of 2D and 3D blood vector velocity
imaging techniques that circumvent the angle dependence. Several methods have been
suggested, among others, vector Doppler [65], transverse oscillation [70], speckle tracking
[77], and directional beamforming [74]. All proposed methods are capable of providing
estimates of the 2D velocity vector in the scan plane, thereby providing a more reliable
representation of the physical flow field.
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As explained, Duplex ultrasound is mainly used to derive parameters related to stenosis
geometry. However, it does not provide information about the plaque composition. The
characterization of the composition is of paramount importance, because pathology
studies have shown that the presence of a large lipid core that is covered by a thin fibrous
cap is associated with an increased risk for rupture which might subsequently lead to a
cardiovascular event [7, 158]. Differentiation between stable and rupture-prone plaques is
one of the major challenges in cardiovascular research [113]. Mechanical characterization
of the plaque, using ultrasound strain imaging or elastography [159, 160], can provide such
information. By estimating strain in response to blood pressure pulsations, mechanical
properties, and plaque composition can be revealed indirectly [161-163]. Both intravascular
[44, 113, 164-168] and noninvasive [46, 49, 114, 126, 169-179] vascular strain imaging studies
have been conducted and showed that regions with higher strain values correspond to
plaques with a large lipid core.
Recent developments in ultrasound technology and computational power enable plane
wave and diverging wave imaging. Unfocused ultrasound transmission followed by
parallel receive beamforming allows imaging at acquisition rates up to 20 kHz, which
facilitates imaging the dynamics of both tissue and blood. Ultrafast imaging has already
been applied to image blood velocities in the CA [98-100, 147, 180] and to assess the
arterial wall dynamics using both pulse wave velocity (PWV) [181] and elastography [54,
96, 124].
Plaque extent and vulnerability, derived from local strain estimates, together with accurate
and reproducible measurements of the dynamically complex velocity blood flow patterns
are expected to allow for a more complete characterization of atherosclerosis, thereby
aiding the clinician in establishing a fast and reliable judgment about the stage and
progression of arterial disease. With ultrafast imaging strain and 2D blood velocities can
be obtained simultaneously from the same acquisition [68, 182, 183]. However, one
drawback of the ultrafast techniques is that the images have a reduced contrast- and
signal-to-noise ratio (CNR, SNR) and lower lateral resolution [55] due to the lack of focusing
in transmit. Displacement compounding is a technique that can be used to circumvent
the use of this low-resolution lateral information [48, 184]. Both tissue strain and blood
velocities can be estimated accurately using this technique combined with plane wave
acquisitions [96, 124, 131]. Another possible way to cope with the adverse resolution
effects of ultrafast imaging, is by using high-frequency ultrasound (>20 MHz). Since the CA is
located at shallow depths, it could be an excellent application for high-frequency
ultrasound imaging. The increased resolution and the elevated blood signal power, which
are inherent to the use of high-frequency ultrasound, could be beneficial for strain and
blood flow imaging of the CA. However, this is counter balanced by increased attenuation
values. Another reason for exploring the potential of high-frequency ultrafast ultrasound
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is the trend in the development of high-frequency ultrasound probes. Several manufacturers,
such as Toshiba Medical (Aplio i-series), Philips, BK Ultrasound, and VisualSonics are
developing these probes and bringing them to the market for in vivo imaging of, mainly,
musculoskeletal and superficial vascular structures in humans.
Therefore, this paper compares the performance of a high-frequency transducer with a
clinically utilized transducer for the assessment of tissue strain and blood flow using a
sophisticated bifurcation phantom that is based on an in vivo geometry obtained in a
patient. The accuracy and precision of the strain and velocity measurements is evaluated
by experiments using straight cylindrical phantoms. To our knowledge, the combination
of plane wave imaging and high-frequency ultrasound has not yet been explored to
visualize and quantify the dynamics of both the carotid vessel wall and blood velocities.

4.2 Methods
For consistency, the imaging acquisition sequence, post-processing of radio frequency
(RF) element data, and the displacement estimation, including clutter filtering, as described
in this section are kept the same for all conducted experiments.

A. Imaging setup
An L12-5 ATL linear array and an MS250 VisualSonics linear array were used in all
experiments. Both transducers were connected to a Verasonics Vantage ultrasound
system (Verasonics, Kirkland, WA, USA). The Vantage system was equipped with a UTA 360
transducer adapter (Verasonics, Kirkland, WA, USA) to provide compatibility with the
MS250 transducer from VisualSonics. Ultrasound RF element data were acquired for both
transducers by transmitting 0° plane waves at a PRF of 4 kHz for 1 s, i.e., one pressure cycle.
The transducer properties and acquisition parameters are listed in Table 4.1.

B. Beamforming grid and RF data reconstruction
Plane wave imaging permits data reconstruction, i.e., the conversion of unfocused RF
element data into beamformed RF data, at any location within the insonified region. We
recently showed that customization of the beamforming grid according to the system’s
point-spread-function (PSF) facilitates improved subsample displacement estimation
[127]. Since speckle size is proportional to the dimensions of the imaging system’s
resolution cell [141], i.e., the PSF, a spatial auto covariance method [140] was used to
determine the speckle size (full-width at half-maximum) using B-mode images of the
phantom. The resulting spacing for both grids is listed in Table 4.2, together with other
beamforming parameters. Delay-and-sum beamforming was used to generate RF data for
every plane wave emission.
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Table 4.1 Transducer properties and acquisition parameters
Property
Center frequency
Sampling frequency

MS250

L12-5

21 MHz

8.9 MHz

62.5 MHz

35.7 MHz

Transducer element pitch

90 μm

195 μm

Nr. of transducer elements

256

256

Nr. of active transmit/receive elements

256

128

Transmit aperture size

23.04 mm

24.96 mm

Elevational focus width

1.0 mm1

1.6 mm1

15 mm

18 mm

Axial resolution2

0.10 mm

0.16 mm

Lateral resolution2

0.15 mm

0.31 mm

Elevational focus depth

Excitation signal

3-cycle pulse at center frequency

Pulse repetition frequency

4 kHz

1based on -6dB normalized pressure values
2based on simulated Verasonics acquisition of a point scatterer at elevational focus depth

Table 4.2 Beamforming parameters
Parameter
Apodization window
F-number

MS250

L12-5

Hamming

Hamming

0.875

0.875

Axial sampling beamforming grid

4.62 μm

10.8 μm

Lateral sampling beamforming grid

38.8 μm

48.5 μm

C. Strain and velocity estimation
Inter-frame 2D displacements were estimated using a two-step, 2D normalized cross-correlation (CC)-based method. In the first iteration, displacements on sample resolution
were estimated using demodulated RF data. The second iteration, based on RF data, was
initiated using the sample offset acquired in the first iteration, and resolved subsample
resolution displacements. Subsample resolution was resolved by 2D interpolation of the
CC function. The kernels sizes used for both transducers were kept similar in size with
respect to the number of RF or envelope data points. The size of the search kernel in
iteration 1 was tuned to the maximum displacement expected in each experimental
situation. Spatial filtering of the 2D inter-frame displacements was performed using a
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median filter with windows containing an equal number of displacement estimates for
both transducers. An overview of the settings used for the displacement estimation can
be found in Table 4.3.
Inter-frame axial and lateral displacements in the carotid wall and surrounding tissue were
estimated at 100 Hz. Velocities in the lumen were estimated at 4000 Hz by multiplying the
inter-frame displacements with frame rate. Thereafter, velocities were averaged over a
temporal ensemble of 40 frames, resulting in an effective velocity frame rate of 100 Hz.
To generate a region of interest (ROI) for both the lumen and the surrounding tissue,
manual segmentation was performed on a registered, combined overlay of B-mode
images from the MS250 and the L12-5. One reference contour was manually marked in the
frame corresponding to the end-diastolic frame in the pressure cycle. Thereafter, the
contour was tracked over the cardiac cycle using the estimated vessel wall displacements
to generate a lumen and tissue ROI at 100 Hz.

4

Table 4.3 S ettings used in the two-step cross-correlation-based displacement
estimation algorithm
Vessel wall
dynamics

Blood flow
dynamics

Parameter

L12-5

MS250

First iteration
Axial
Window size
± single sided search area
Lateral
[samples]
Second iteration Axial
Lateral

33 ± 5
5±3

33 ± 11
5±3

129 ± 35 129 ± 81
31 ± 8
31 ± 10

33 ± 4
3±3

33 ± 4
3±3

65 ± 10
25 ± 10

65 ± 10
25 ± 10

2D Median filtering
[samples]

MS250

First iteration

Axial
Lateral

-

-

7 x 13
7 x 13

7 x 13
7 x 13

Second iteration

Axial
Lateral

15 x 111
31 x 231

15 x 111
31 x 231

7x7
7x7

7x7
7x7

2D interpolation of CC function
LSQSE window
[samples]

L12-5

Axial and axial shear
Lateral and lateral shear

spline
31 x 23
63 x 47

31 x 23
63 x 47

cubic
-

-

1Including edge detection
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D. Clutter filtering (blood velocity estimation)
Prior to inter-frame velocity estimation in the lumen, clutter filtering was performed to
suppress the dominant signal of the surrounding tissue. Filtering was performed using
finite impulse response (FIR) filters and a temporal sliding window, which enables longer
ensemble sizes without sacrificing frames for filter initialization. Two filters were designed,
one for the MS250 data and one for the L12-5. Filter orders were scaled according to the
difference in center frequencies to obtain similar filter characteristics. Resulting filter orders
(N) were 20 and 46 for the MS250 and L12-5, respectively. Based on the spectral content of
the RF data, frequency cut-off points were calculated for both transducers such that (axial)
velocity cut-off characteristics were similar. The frequency response of the FIR filters and
the corresponding cut-off points are summarized in Table 4.4. For a dynamic visualization
of the clutter filter effect the reader is referred to the additional multimedia file: Clutter
Filtering.mp4 (https://ieeexplore.ieee.org/document/8356672/media#media).

Table 4.4 Clutter filter cut-off point for the FIR filters
Parameter

-3 dB

-10 dB

-20 dB

-40 dB

-70 dB
0.025

vcut-off,axial [cm/s]

1.18

0.7

0.39

0.16

fcut-off MS2501

0.159

0.096

0.053

0.021

0.003

fcut-off L12-51

0.068

0.041

0.023

0.009

0.0015

1Normalized frequency, [*f
Nyquist]

E. Tracking and principal strain estimation (vessel wall)
To accumulate the filtered, inter-frame displacements in the vessel wall over the complete
pressure cycle, tracking was performed, with the end-diastolic frame as reference frame.
The 2D linear interpolation was performed to accumulate all inter-frame displacements.
Subsequently, strain was determined by taking the first-order spatial derivative of the
cumulated displacements by applying least-squares (LSQ) strain estimator in axial, lateral,
and shear directions [185]. Finally, the principal strains [125] were obtained by the
eigenvalue decomposition of the symmetric Lagrangian finite strain tensor to exclude
rigid body motions and only regard strains originating from pure finite deformations.
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4.3 Experiments
To compare the performance of both transducers in a realistic setting, a bifurcation phantom
was created, based on an in vivo geometry obtained in a patient. Results obtained for this
phantom will be studied qualitatively. Dedicated straight cylindrical vessel phantoms were
used to study the precision and accuracy of strain and velocity estimation methods for
both transducers.

A. Bifurcation phantom
A patient-specific vessel wall geometry of the CA (Figure 4.1 (a)) at the bifurcation was
obtained by segmentation of a preoperatively acquired 3D CT angiography [186] containing
an 75% degree of stenosis. This geometry was then converted into a mold using CAD
(Autodesk Inventor 2015, Student version) (Figure 4.1 (b) and (c)). Next to the CA, a
cylindrical, straight tube validation vessel (length = 100 mm, Øinner = 4.75 mm, and
Øouter = 7.75 mm) was designed. Both vessels were placed in a surrounding mold at a
mean averaged depth of 20 mm from the imaging surfaces (Figure 4.1 (d)). Subsequently,
a synthetic polymer [187] PolyVinyl Alcohol (PVA) Cryogel (Mw 85.0–124.0 99+%
hydrolyzed, Sigma-Aldrich, Zwijndrecht, The Netherlands) was used to build the phantom.
To create the solution, a mixture of 60% by weight (wt%) distilled water, 40 wt% antifreezing
agent (ethylene glycol, Sigma-Aldrich, Zwijndrecht, The Netherlands), 10 wt% PVA and

Figure 4.1 (a) Longitudinal 3D view of the finite-element model of an atherosclerotic carotid artery (CA)
at the bifurcation based on a 75-year-old male with an asymptomatic stenosis of 75% in the internal CA.
This figure shows only the intima (E = 250 kPa and ν = 0.4999) in which different tissue types are modelled
such as fatty plaques and calcifications which are distributed along the vessel wall. (b) Negative 3D singlesided mold definition of the finite element model (FEM) model of the vessel wall. (c) Lumen shape definition
is detachable at the bifurcation enabling extraction after the PVA pouring process. (d) After the creation
of the validation and CA vessel phantoms, they are positioned in the mold defining the surrounding tissue
shape. Please note that the CA vessel is visualized in black while the validation vessel is absent in this
schematic overview.
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2 wt% Silica gel particles (Merck Kieselgel 60, 0.063–0.100 mm, Boom B.V., Meppel,
The Netherlands) was heated to ~85° in a closed cylinder until a homogeneous liquid
was formed. After injection of the solution into the vessel molds (Figure 4.1 (b) and (c)) at
50 °C, it was degassed for 1 h before it was subjected to three cycles of freezing (−25 °C)
and thawing (21 °C), for 16 and 8 h, respectively. For the surrounding mold (Figure 4.1 (d)),
700-ml PVA (10 wt%) was prepared with 0.5 wt% scatterers to enhance contrast between
the vessel walls and the surrounding tissue. After filling the surrounding mold containing
the CA and validation vessel, the complete phantom was subjected to an additional last
freeze-thaw cycle. Finally, for validation purposes, the Young’s modulus was determined
(see the Appendix).

B. Validation setup
Strain
For strain validation measurements, the validation vessel was pressurized using a pulsatile
flow waveform, at 60 bpm, with a mean flow of 0.62 L·min−1 and a peak flow of 1.39
L·min−1 [145]. A single adjustable flow resistor was set such that the dynamic pressure at
systolic phase ranged from 109 to 141 mmHg, which was sampled with 13 pressure steps
(TruWave pressure transducer, Edwards Lifesciences Corporation, Irvine, CA, USA). Image
acquisition, displacement, and axial strain estimation were performed as described in
section 4.2 (Methods). For analysis, 100 image lines at the center of the probe were used,
resulting in a field-of-view of 3.9 and 4.9 mm for the MS250 and the L12-5, respectively.
The displacement data were first corrected for global motion of the vessel center. A single
reference displacement definition was determined by fitting the displacement data of
both probes and segments to a 1/ R relation (Figure 4.3, red lines). Based on linear elastic
behavior of the phantom, the displacement estimates were normalized using the pressure
at the maximum pressure level. A LSQ fit was performed to obtain the reference
displacement at maximum pressure. This reference was denormalized using the pressure
to obtain a reference displacement belonging to each pressure state. Please note that this
method enables a single reference fit based on multiple deformation states which result
in a more robust and trustworthy reference displacement. The reference strain was
calculated using the spatial derivative of the reference displacement. For performance
evaluation, four spatial segments were defined which were: the superficial surrounding,
superficial vessel wall, deeper vessel wall, and deeper surrounding. The performance was
expressed by the mean relative bias and the mean relative standard deviation (SD) of the
100 lines for each spatial segment. Relative measures were obtained by dividing bias and
SD by the reference strain.
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Flow
For flow validation, measurements were conducted in a straight tube flow setup, with
Blood Mimicking Fluid (BMF-US, Shelley Medical Imaging Technologies, London, ON,
Canada) circulating through the system at a constant flow of 1.2 L·min-1 by a gear pump
(volume flow accuracy of 0.6%, model H3F, Liquifl, Garwood, USA). A 1.5-m-long glass
entrance tube fixated at a rigid frame ensured fully developed laminar flow with circular
symmetric parabolic velocity profiles. The glass tube was extended by a tube of heatshrinking material inside a tank filled with water, where a perfectly matched glass to
heat-shrinking tube coupling was made for smooth fluid transition. The heat-shrinking
material was tested to be sufficiently transparent to ultrasound. The bottom plate of the
tank was placed at an angle to avoid reverberations. Via a settling reservoir, the BMF was
returned to the pump. The vessel radius of both the glass and rubber tube was 5 mm
and the wall thickness of the rubber tube was 300 μm. Both transducers were placed
above the tank, fixated in a probe holder, at flow angles of 90° (pure lateral flow) and 75°.
The tube was placed at a depth corresponding to the elevational focus of both
transducers (see Table 4.1). The theoretical velocity profile was calculated based on the
applied flow rate and vessel geometry, resulting in an expected peak velocity of 0.51 m/s.
To describe the performance of the velocity estimator, mean bias, and SD were calculated
for the velocity magnitude and angle, based on 100 estimated ensemble-averaged
velocity fields. The magnitude measures were divided by the ground-truth velocity
magnitude to obtain a relative value. Velocity profiles were studied at the center of the
transducer and at 5.5 mm at either side of the center position, meaning statistics were
calculated over 300 estimated profiles.

C. Bifurcation phantom setup
The bifurcation phantom was mounted in a bracket supporting the connections to the
inlet flow tube at the common CA side and two tubes at the outlet side at the internal and
external CAs (see Figure 4.2). BMF was circulated in a closed-loop circuit by a gear pump
driven by software written in LabView (National Instruments, Austin, TX, USA). A pulsatile
flow was applied, similar to the one described in the strain validation paragraph. At both
outlet tubes, adjustable flow resistors were set such that the dynamic pressure, measured
at the inlet of the CA was 150 over 95 mmHg, mimicking physiologically relevant behavior
for a stenosed CA. The flow through the internal CA was measured by a flowmeter (probe
C-series, flowmeter T107 Transonic Systems Inc., Ithaca, NY, USA), which was positioned
directly after the outlet side. Setting the flow resistors also allowed for equal division of
flow over the internal and external CA. Both transducers, fixated in the probe holder, were
attached to a translation stage (see Figure 4.2 (b) and (c)). This stage facilitated movement
of the holder in the lateral direction while maintaining the in-plane orientation, which was
used to center the transducers at the same lateral position with respect to the phantom
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(see Figure 4.2 (b) and (c)). The transducers were positioned in such a way that the
bifurcation was imaged in the longitudinal plane, with the imaging plane orthogonal to
the vessel. Subsequently, flow data measured by the flowmeter were acquired
simultaneously with the ultrasound data using a common trigger generated by the
Labview program at the start of the flow waveform. The acquired ultrasound data were
processed as described in section 4.2 (Methods) and estimated strain and velocities were
evaluated and compared qualitatively for both transducers.

Figure 4.2 (a) Final PVA bifurcation phantom with the lumen mold in place prior to the lumen extraction
procedure. (b) Fixation of both probes positioned above the phantom attached to the translation stage.
(c) Overview of the complete experimental setup where the BMF is pumped through the phantom. Fluid
enters the common carotid and exits through the internal and external vessels where the flow resistors
were set such that equal outflow was guaranteed for both exit vessels. Custom made program (LabVIEW)
enables pump control according to a realistic in vivo flow curve. Probes were connected to a Verasonics
Vantage system acquiring plane wave ultrasound data at a PRF of 4 kHz.

4.4 Results
A. Validation setups
Strain
The validation vessel was used to assess the performance of displacement and strain
estimation in the vessel wall and surrounding tissue for both probes. Figure 4.3 depicts
the estimated and reference displacement for the MS250 and the L12-5 divided into four
segments. The reference fit normalized on the maximum pressure state showed a rootmean-squared error of 11.8 μm and an r2 of 0.92. The B-mode representation and its
overlay with the reference and estimated displacements indicate overall a good agreement
for all segments and for both probes except at depths greater than ~25 mm for the MS250.
For visualization purposes only 5 out of 13 displacement curves (yellow) are shown within
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both probes (center panel). Comparison of the estimated displacement profiles (yellow) and the reference displacement (red) divided into four spatial segments for the
MS250 (A–D) and the L12-5 (E–H) (left and right). Dashed vertical line indicates the vessel wall surrounding transition.

Figure 4.3 B-mode representation overlaid with the color-coded estimate and reference displacement of the straight validation vessel embedded in surrounding for
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a black area indicating plus or minus 1 SD. The red line represents the reference
displacement. The calculated mean bias and mean SD for each spatial segment (A–H) are
listed in Table 4.5.

Table 4.5 Mean relative bias and SD of the displacement and strain estimates
MS250
Displacement

L12-5
Strain

Mean
Bias

Mean
SD

Mean
Bias

Mean
SD

Displacement

Strain

Mean
Bias

Mean
SD

Mean
Bias

Mean
SD

Superficial
Surrounding

A

4.5%

2.2%

-20.5%

11.7 %

E

5.7%

1.9%

2.8%

11.9%

Superficial
Wall

B

-3.5%

-2.5%

-61.8%

41.3 %

F

-9.6%

3.3%

-56.0%

10.7%

Deep Wall

C

-7.5%

-1.6%

-45.0%

11.7%

G -11.3%

-2.5%

-58.3%

11.9%

Deep
Surrounding

D

65.4%

-24.7%

27.9%

11.7 % H

-7.4%

-5.5%

11.9%

-5.8%

The displacement graphs in Figure 4.3 indicate that the superficial surrounding (A, E)
shows overall good agreement for both probes. Differences can be observed at the
superficial vessel wall (B, F) where the L12-5 shows a bias of −9.6% versus a bias of −3.5%
for the MS250, indicating a stronger displacement underestimation for the L12-5. The same
observation holds for the deep wall (C) and (G) where a mean bias of −11.3% was found for
the L12-5 versus a mean bias of −7.5% for the MS250. Please note that both probes are
underestimating the displacement near the vessel wall—blood transition likely due to the
presence of clutter in combination with the window-based displacement estimation
algorithm and filtering procedures. The B-mode images reveal that the ultrasound energy
(as represented as the speckle brightness) was focused in the superficial segment (A,B) for
the MS250 and in the deeper part (G,H) for the L12-5. As a result, the deep surrounding (D)
of the MS250 shows an extraordinary large mean bias of 65%. The L12-5 clearly outperforms
the MS250 in that region, with a mean bias of −5.8%. The preference for the L12-5 at the
deeper segments (D,H) is also expressed by the difference in mean SD of the MS250 versus
the L12-5 of −24.7% and −7.4%, respectively.
Figure 4.4 depicts the estimated and reference strain profiles for all segments derived
from the estimated and reference displacements in Figure 4.3. Due to the asymptotic
nature of the strain reference, large deviations were observed at the vessel wall resulting
in a large mean bias for the superficial and deeper vessel wall (B, C, F, G), as listed in
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Table 4.5. The MS250 outperforms the L12-5 regarding the maximum superficial and
deep strain estimate of −5% and −4.4% versus the L12-5 maximum strain estimate of
−3.3% and 3.2%, respectively. Please note that for the deeper segments (C,H), the location
of the maximum for the MS250 is closer to the lumen in comparison to the L12-5.

4

Figure 4.4 Comparison between the estimates strain (yellow) and reference strain (red) profiles for both
probes divided into four spatial segments for the (A–D) MS250 and the (E–H) L12-5 (left and right). Dashed
vertical line indicates the vessel wall surrounding transition.
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Flow
The straight tube flow setup is used to evaluate the performance of the velocity estimation
method for both transducers. The mean and SD of the 300 estimated velocity profiles are
shown in Figure 4.5 for the velocity magnitude and angle separately. Dotted lines
indicate the theoretical profiles, solid lines represent the mean of the estimated profiles,
and the grey area corresponds to plus or minus one SD. Figure 4.5 (a) presents the results
for a beam-to-flow angle of 90°, and Figure 4.5 (b) presents the results for a beam-to-flow
angle of 75°. The resulting statistics are summarized in Table 4.6. The estimated profiles
closely follow the theoretical profiles, apart from the incorrect estimates close to the deep
wall. The large deviations, most dominantly present at a 90° beam-to-flow angle, are due
to a high impedance mismatch between the tube and the surrounding fluids (water and
BMF), causing strong reflections and reverberations, as also described earlier by others [72,
188]. This, combined with the effects of the clutter filter, distorts the velocity estimates
locally. Since this artifact originates from the design of the experimental setup and will not
be present for the bifurcation phantom or in vivo measurements, statistics were calculated
using only the central 90% of the lumen area. Note that the theoretical beam-to-flow
angles are not exactly located at 90° and 75°. Because it is difficult to perfectly set the
beam-to-flow angle in the measurement setup, the effective beam-to-flow angles were
estimated based on the B-mode images obtained from the plane wave data.
The velocities were estimated accurately with a bias of less than 5% for both transducers
and flow angles. The positive bias indicates a small overestimation of velocity magnitude.
The relative mean velocity bias as well as the SD for the MS250 were slightly lower as
compared to the L12-5. The flow angles were also accurately found using both transducers
with a mean bias of maximal −0.25°. There is a small reduction in angle SD when using the
MS250 with respect to the L12-5 transducer. Differences in magnitude and angle bias
between the transducers were mainly caused by the effects near the vessel walls. The highfrequency transducer was able to estimate the velocities in those regions more accurately.

Table 4.6 Bias and SD in straight vessel experiments
Beam-to-flow angle
Property
|v|
Angle
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90°

75°

MS250

L12-5

MS250

L12-5

Bias [%]

3.88

4.99

0.57

1.29

SD [%]

1.20

3.41

1.69

4.05

Bias [°]

-0.04

0.07

-0.25

-0.10

SD [°]

0.05

0.08

0.28

0.58
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Figure 4.5 Comparison between measured and true velocity profiles for the straight tube experiments.
(a) Results for a beam-to-flow angle of 90°. (b) Results for a beam-to-flow angle of 75°. Mean (black line)
and SD (±1 SD, grey area) of the measured velocity magnitude (top row) and velocity angle (bottom row)
are compared to the theoretical profile (red dotted line).

B. Bifurcation setup
In Figure 4.6 (a), B-mode images are presented before and after clutter filtering, which
allows for visual comparison between the data obtained using both transducers. The
higher resolution for the MS250 probe, as represented by the finer speckle appearance,
can be appreciated, as well as the sharper vessel wall to lumen boundary delineation.
Furthermore, the increased attenuation for the high-frequency probe is clearly visible.
Especially in the clutter filtered data, almost no blood signal is visible for deeper parts of
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the lumen area. Next to that, a shadowing and mirroring artifact is visible underneath the
flow divider for both transducers, caused by the refraction of ultrasound, which originates
from the specular reflection at the smooth interface between lumen and vessel wall.
A quantitative comparison between the signals at two position was performed, as indicated
by lines a and b in the B-mode images. Mean signal intensities were calculated and
visualized in Figure 4.6 (b). Blood signal intensities (IB) were calculated by taking the mean
over the cardiac cycle of the envelope data after clutter filtering, while the clutter and
blood intensities (ICB) were found by averaging before clutter filtering. Then, the clutter
signal intensities (IC) were found by subtracting the blood signal intensities (IB) from the
total clutter and blood signal intensity (ICB). The MS250 data provide the best clutter-toblood intensity (IC − IB) in the lumen of the external CA (position a, upper) of ~12 dB,
whereas the L12-5 only has a ~21 dB clutter-to-blood intensity. The average blood intensity
in this region is larger for the MS250 data, −47 dB compared to −52 dB for the L12-5, mainly
caused by the fact that blood scattering is proportional to the center frequency of the
transducer. At larger depths, in the internal CA (position a, lower) and the common carotid
(position b), the average blood intensities of the MS250 drop below the intensities for the
L12-5 due to stronger attenuation. Since the clutter signals are also attenuated, the clutterto-blood intensities remain high for the MS250. The larger amount of attenuation for the
MS250 can also be appreciated from the average clutter intensities deeper into the
phantom. Mean clutter intensities for the L12-5 are ~−10 till −30 dB, while the mean clutter
intensity for the MS250 is at least twice as low, ~−25 till −55 dB.
Figure 4.7 depicts the B-mode image of the bifurcation. The B-mode signal of the vessel
wall and surrounding tissue are overlaid with a color-coded strain value and direction
vectors. The strain visualized is a combination of the eigen-decomposition which results in
a minimal negative (compressive) and a maximum positive (tensile) strain component.
The classification is made based on the maximum absolute eigenvalue, i.e., the direction in
which the maximum deformation occurs. The maximum strain image was calculated at the
peak pressure of the systolic phase. Since the resolution of the images is scaled with the center
frequency while the filter and window settings are kept equal in sample points, differences
in strain distribution smoothness (spatially) are observed and expected. It also accounts for
the reduced maximum strain values observed in the L12-5 compared to the MS250.
Strains are predominantly directed normal to the lumen-vessel wall boundary. Considering
the upper vessel wall, the MS250 shows a spatial offset of the maximum strain region with
respect to the lumen-vessel wall boundary. Maximum strain was expected exactly at the
border, especially, considering the higher spatial definition of this transducer, as described
in the previous paragraph. Probable causes of this induced artifact are the combination of
hard reflective acoustic behavior of the blood—PVA vessel wall transitions perpendicular
to the ultrasound plane wave and the manual segmented blood vessel wall inaccuracies.
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4
Figure 4.6 (a) B-mode images of the bifurcation phantom with the Internal (ICA), the External (ECA),
and the Communis (CO) before (left) and after (right) clutter filtering. (b) Mean blood and clutter signal
intensities, averaged over one pressure cycle, for both the MS250 and L12-5 transducers, obtained at
positions a and b as indicated in the B-mode images. Gray panels correspond to the lumen areas.

The flow divider shows a dominant lateral compressive strain component due to the
reaction force delivered to separate the blood stream into the internal and external vessel.
This lateral compressive strain develops toward an axial compressive strain pattern
alongside the vessels. Both internal and external vessels dilate simultaneously pushing the
middle part, which results in high centralized strains.
Strain distribution values differ between both transducers, while the direction of deformation
shows resemblance. The lower part exhibits the most artifact-like areas, where the MS250
does not seem to provide a reliable principal strain estimate throughout the full aperture
width, mainly due to the higher amount of attenuation. The L12-5, however, does show
feasible strain estimation except at the center of the aperture. The latter seems to be
related to the shadowing artifact as described earlier (see also Figure 4.6), since the vessel
wall separation tissue is axially aligned with the region of strain irregularities.
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Figure 4.8 shows the obtained blood vector velocity fields and vessel wall strain in the
diseased carotid bifurcation model. Three key time points throughout the cardiac cycle
are visualized, showing distinct flow patterns and strain features. In A, the peak systolic
phase is visualized, where highest blood velocities of the cardiac cycle occur. Predominantly
forward flow is observed, with peak velocities toward and near the flow divider and in the
stenosed internal CA. Furthermore, the onset of a vortex is visible close to the upper wall
of the external carotid. The observed vortex flow pattern is smoother for the L12-5 than for
the MS250. Distortions in the velocity field of the MS250 are visible at larger depth. For the
L12-5, a smooth velocity field is observed, except for the nonaxis-symmetric flow pattern
visible at the entrance of the internal carotid, which is shown as a local dip, or two distinct
peaks, in the flow trajectory. This is probably due to the shadowing and mirroring artifacts
as described earlier (see also Figure 4.6). These artifacts are even more predominant for
the MS250, which results in distorted velocity fields with incorrect velocity directions.
Velocities estimated close to the upper wall of the external carotid differ for both
transducers. The MS250 shows low velocities close to the wall, whereas the estimated
velocities by the L12-5 are (close to) zero. A frame in the systolic deceleration phase is
shown in panel B. Full vortex formation is visible at the entrance of the external carotid,
which will remain present also in diastolic phase. Both transducers are capable of capturing
this complex low velocity, swirling flow pattern. Panel C shows a frame in late diastole,
where low velocities dominate. All three panels show the presence of secondary flows in
the external CA. It looks like blood is coming from the vessel wall, however, it is actually
coming from the surrounding planes and it is moving into the imaging plane, which is
caused by the geometry of the lumen [149]. This effect is less visible in the L12-5 results as
compared to the MS250 results.
Regarding the principal strain distribution in panel A, at maximum blood velocity in the
peak systolic phase, an overall strain gradient propagating into the surrounding tissue of
both transducers can be appreciated. The strain starts to develop and exposes a vessel
wall like delineation for the upper and middle part for the MS250. The MS250 lower region
starts to show unrealistic strain estimations in contrast to the L12-5. Panel B and Figure 4.7
show the maximum strain distribution at maximum distention with respect to the
end-diastolic frame. The location of the strain artifacts for both transducers, in the lower
part of the phantom, coincides with the flow artifact below the flow divider, confirming
the cause of these errors. At the end of the cardiac cycle (see panel C) a relatively low
residual strain can be appreciated in spite of propagated artifacts throughout the cardiac
cycle which resulted in erroneous, high negative strain values.
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Figure 4.7 B-mode representation overlaid with the principal strains for the high-frequency probe
MS250 versus the L12-5 probe at the minimum to maximum dilatation of the vessel present in the cardiac
cycle. The principal strain overlay consists of a combination of strain components based on the maximum
absolute value of eigenvalues and their corresponding eigenvector. This classification yields a strain map
indicating the maximum deformation acting on the center of the specific eigenvector axis as depicted by
the direction indicator. Please note that this could be either compressive or tensile deformations.
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Figure 4.8 B-mode images of the carotid bifurcation phantom overlaid with both the 2D blood velocity
fields and the principal strains in the vessel wall and its surrounding, for three key time points during
the cardiac cycle. (A) Peak systolic phase, where the highest blood velocities occur. (B) Frame in systolic
deceleration, where peak strain values are observed. (C) Frame in late diastole, where low blood velocities
and strain values are present. In the right column of the figure, a zoomed-in view region around the vortices
is visualized. Please note the use of a different color wheel to emphasize the lower blood velocities present
in this region. At the bottom of the figure, the flow and pressure curves are visualized for one cardiac cycle,
with time points A, B, and C indicated. For a full overview of the results throughout the entire cardiac cycle,
the reader is referred to the additional multimedia file: StrainAndBloodFlowDynamics.mp4. The movie shows
the temporal evolution of the flow and strain patterns in the bifurcation phantom. (https://ieeexplore.ieee.
org/document/8356672/media#media)

4.5 Discussion
In this paper, the potential of ultrafast, high-frequency ultrasound imaging for the assessment
of vessel wall and blood flow dynamics in the CA was investigated. The performance of a
high-frequency transducer was compared with a clinically utilized transducer in providing
this information.
First, straight tube experiments were conducted to perform a quantitative comparison
between both transducers by assessing accuracy and precision for both blood velocity
and vessel wall strain estimation. These experiments revealed the ability for estimating
the blood velocity magnitude and angle using data obtained by both transducers: low
magnitude (<5%) and angle (<−0.25°) bias and SD values were found for the MS250 and
L12-5. The MS250 slightly outperformed the L12-5 close to the vessel wall. Regarding the
strain validation, the L12-5 shows an overall good performance which is less depth
dependent than the MS250, while the MS250 was able to better resolve high displacements
and strain in the vessel wall. The differences are predominantly expressed in a more overall
smoothing of the L12-5 estimates instead of a difference in spatial ability to resolve the
underlying displacement and strain distributions. However, spatial smoothing will suppress
local maxima and minima, explaining the differences in the maximum compressive strain
peak near the lumen. Furthermore, the validation reference was based on a theoretical fit
using experimental displacement data of both probes together. This might lead to a skewed
reference compared to the true displacement field. In order to minimize this skewing and
to resolve a reliable reference displacement, a single fit was performed incorporating
multiple pressure steps assuming linear deformation of the validation vessel.
Second, a sophisticated bifurcation phantom was constructed, based on a patient-specific
geometry, to obtain realistic ultrasound data in an experimental setting. Material characteristics and geometry of the phantom were shown to be very similar to the finite-element
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model (see Figure 4.1 (a) and the Appendix). Despite the lack of heterogeneous tissue
composition, like calcifications and lipid-rich regions, realistic flow and pressure could be
realized providing realistic strain and velocity fields closely resembling the in vivo situation.
With respect to the attenuation, the phantom material has values which can be expected
in patients and also the depth of the bifurcation corresponds to that in an average patient.
However, when a thick subcutaneous fat layer is present, the part of the CA for which
strains and flow can be estimated using the high-frequency probe might differ. We expect
that for regular patients with superficially located arteries it will be possible to also obtain
accurate strain and flow estimates in the bottom common carotid arterial wall region.
Blood velocity and vessel wall principal strain results obtained in the bifurcation phantom
were compared qualitatively, since no ground-truth values were available. Overall, similar
events in the evolution of the principal strain and velocity patterns over the cardiac cycle
were visible for both transducers. The most important observed differences between the
performances of both transducers can be summarized as follows. First of all, the MS250
was able to provide more local velocity and strain information, caused by the higher axial
and lateral resolution within the imaging plane, and by the smaller beamwidth in the
elevational direction, causing less averaging within the beam. Similar effects were
observed in the flow validation results, showing more accurate velocity estimates close to
the vessel wall using the MS250 transducer. At larger depths (> 2 cm), presumably incorrect
principal strain and velocities were found by the MS250 due to the higher amount of
attenuation, while the L12-5 transducer was still able to estimate credible strain and
velocity estimates. Finally, the high-frequency MS250 transducer showed the capability of
estimating low velocity blood flow close to the vessel wall, at shallow depths. This is most
likely caused by the relatively higher blood signal intensity, and thereby a higher clutterto-blood intensity, which is a direct consequence of using high-frequency ultrasound,
since the power of blood signal scales with the center frequency to the power of four
[189]. Estimating velocities close to the vessel wall is crucial for shear stress analysis, which
is reported to be highly involved in the development and destabilization of atherosclerotic plaques [8, 14, 190, 191]. The angle-dependent displacement estimation sensitivity is
related to the spatial resolution defined by the PSF which, among elevational beamwidth
and SNR, is one of the reasons that the MS250 is capable of resolving low blood velocities
closer to the vessel wall compared to the L12-5 (see Figure 4.8). However, the fact that the
L12-5 shows a smoother representation of the vortices for all phases compared to the
MS250 is due to a more pronounced spatial smoothing since the smoothing kernels were
kept equal in sample points instead of metric units for comparison reasons described
earlier. Altogether, the results show the potential of using high-frequency ultrasound for
imaging vessels at shallow depths, up to 2 cm. This implies that the high-frequency probe
could be useful in clinic for strain and blood velocity imaging. The high-frequency
transducer might also be applied to smaller, more superficial arteries, such as the radial
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artery, although the clinical value of functional imaging of these arteries is yet to be
determined.
Due to patient and probe movement, misalignment of imaging planes, physiological
variance in blood pressure and resulting blood flow, using in vivo data for both quantitative
and qualitative performance comparison of two transducers is not feasible. In the
presented experimental setting, these variables were well controlled which enabled a
qualitative comparison. As described, physiological flow and strain values were obtained
in the experimental setting, implying the in vivo situation was closely mimicked. However,
translating this technique toward in vivo applications will come with some additional
challenges. Tissue inhomogeneity’s, like calcifications, and larger imaging depths are
common for diseased CA scanning and will result in increased attenuation, thereby
decreasing the imaging SNR. This will compromise the CC-based blood flow velocity and
strain estimation techniques. The effect of these challenges will be more profound for
high-frequency imaging than for conventional frequency imaging.
For the validation vessel, the maximum strain should always occur at the vessel wall-blood
transition and cannot be dislocated into the tissue. This even holds for differences in
Young’s moduli of the vessel wall and surrounding as long as circle symmetry applies.
The strain distribution at the upper vessel wall-blood transition of the bifurcation phantom
shows a dislocation of the highest strain region similar as observed for the straight tube
validation. However, since the bifurcation phantom is a 3D complex geometry experiencing
complex 3D deformation, one cannot assume circle symmetry and complex strain
patterns could arise. As an example, the middle part of the bifurcation (Figure 4.8 (b),
flow divider), in between the internal and external CAs, is compressed from both sides
resulting in a high strain region surrounded by lower strain regions. Consequently, strain
estimation at vessel wall-blood transitions should be considered with care.
Clutter filtering remains one of the major challenges in blood velocity imaging [62, 63,
154]. However, the availability of continuous plane wave data allows for filtering using
large ensemble sizes, where filter order is no longer limited. In this paper, this new flexibility
was used for scaling the FIR filter order according to the center frequency difference of the
transducers. The choice for similar filter characteristics, to ensure equal attenuating power,
has a direct effect on the data quality after filtering, showing more remaining clutter after
filtering for the L12-5 transducer (Figure 4.6) due to frequency-dependent attenuation
and blood pool scattering. Filter characteristics can be further improved by using even
higher filter orders, with narrower stopbands and shorter transition regions, making it
possible to measure low blood velocities. Furthermore, the use of filters which adapt to
surrounding tissue motion, i.e., time varying filters, have the potential to further improve
the velocity estimation.
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Although speckle tracking can measure velocities beyond the Nyquist limit, velocities
higher than the Nyquist velocity will wrap around the velocity scale during the clutter
filtering process. This means that several velocities (frequencies) can be attenuated when
falling into the stopband or transition region of the clutter filter. Although this effect can
be present, especially for the high-frequency transducer, the velocity estimation was not
or minimally affected by this. This could be assigned to the fact that speckle tracking is
based on the spatial correlation of all available frequencies, i.e., it uses a broadband approach,
and therefore, is not directly influenced by the attenuation of several frequencies [75].
This is in accordance with other studies that showed that speckle tracking is able to yield
consistent velocity estimates within the filter transition region and below the velocity
cut-off [63, 75].
Speckle tracking overcomes one of the major limitations of conventional Doppler techniques,
the angle dependence. Full 2D velocity fields were visualized in this paper, including the
presence of short-lived, complex patterns, such as vortices. These patterns would have
been impossible to capture by a user during a conventional examination using Doppler,
since angle correction in those regions are impossible. Furthermore, due to the limited
frame rate, these short-lived events would be easily missed.

4.6 Conclusion
Overall, the straight tube validation measurements showed that both high frequency and
conventional ultrasound ultrafast imaging were capable of providing reliable strain and
flow information. The results obtained in the patient-specific bifurcation phantom—
corroborated by the validation experiments—illustrated the ability to resolve complex
strain and flow patterns throughout the cardiac cycle, without the prerequisite of contrast
agents. Both strain and flow were derived from the same ultrasound acquisition allowing
a seamless representation throughout the cardiac cycle. The use of high frequency as
compared to conventional frequency ultrafast ultrasound is beneficial for accurately
estimating high vessel wall strains and low velocity blood flow close to the vessel wall—
lumen border. Due to the increased resolution, more local information can be obtained;
however, the applicability is limited to 2 cm of depth. These abovementioned benefits
might aid in establishing a more reliable characterization of atherosclerotic plaque
geometry and progression. Finally, the choice of transducer center frequency should be
based on the specific conditions concerning the vessel of interest, such as depth,
anatomical features, and the desired functional dynamics that need to be estimated.
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Appendix: Phantom characterization
The Young’s modulus estimation of both the validation vessel alone and within the
surrounding was derived from the stress–strain relation (eq. 4.5) by measuring the strains
induced in the phantom at various static pressure levels. Static pressure levels were
obtained by connecting the vessel to a closed water circuit pressurized by a syringe and
connected to a pressure sensor (TruWave pressure transducer, Edwards Lifesciences
Corporation, Irvine, CA, USA). The applied pressures for the vessel alone ranged from 3.6
to 76.4 mmHg in seven steps of ~10 mmHg. The pressure levels for the vessel within the
surrounding ranged from 3.6 to 160.1 mmHg with increments of ~5 mmHg.
To measure strain, ultrasound plane wave acquisitions were performed for each intraluminal pressure level using the MS250 high-frequency transducer in longitudinal position.
The acquired channel data were beamformed using the delay-and-sum algorithm as
described in section 4.2 (Methods) and averaged along the vessel axis. For strain
estimation, automatic vessel wall delineation and diameter estimation were performed
based on the RF data averaged along the vessel axis (see Figure 4.9). Subsequently,
the vessel wall edge crossings were found at predefined levels of the averaged RF signal.
When assuming no external pressure and a homogenous isotropic material, the mean
circumferential strain εθ_l [192] for a thick walled tube at the lumen for a certain luminal
pressure level i is given by
d (i) – min d l
ε θ_l (i) = l

(eq. 4.1)

min d l

where dl is the lumen diameter and min dl is the diameter at a lower reference pressure.
The mean circumferential σθ_l and radial σr_l stress [192] at the lumen, for a thick walled
tube are given by

σ θ_l (i) =

P l (i) · (d l (i)/2)2
(d v (i)/2)2 – (d l (i)/2)2

·

(i)/2)
+1)
( (d(dvl(i)/2)
2

2

(eq. 4.2)
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σ r_l (i) =

P l (i) · (d l (i)/2)2
(d v (i)/2)2 – (d l (i)/2)2

(

· –

(d v (i)/2)2
+
(d l (i)/2)2

1

)

(eq. 4.3)

with Pl the intraluminal pressure and dv the vessel diameter. Combined radial and circumferential stress σl , when assuming near incompressibility with a Poisson’s ν ratio of 0.495
and zero longitudinal strain, is given by

σ l (i) = (1+ν) · ((1–ν) · σ θ_l (i)–ν · σ r_l (i))

(eq. 4.4)

Assuming linear elastic material properties, the Young’s modulus (E) can be estimated by
linear fitting of the stress strain relations of both conditions, as depicted in Figure 4.10.
In the case of prestrain or prestress, the Young’s modulus is given by the first derivative of
the stress strain relation

E=

dσl
d ε θ_l

(eq. 4.5)

The Young’s modulus of the validation vessel phantom was estimated by the stress strain
relations depicted in Figure 4.10. The lumen diameter range for the vessel was 4.82–6.54
and 4.80–5.81 mm with a wall thickness range of 1.43–1.23 and 1.43–1.37 mm for the
validation vessel and the validation vessel with surrounding, respectively. Figure 4.10
shows the linear LSQ fit yielding an E = 85±2 kPa for the single vessel and an effective
E = 225±3 kPa for the validation vessel embedded in the surrounding body.

Figure 4.9 B-mode representation of the validation vessel within the surrounding body overlaid with the
RF signal averaged along the vessel axis. The vessel-wall thickness and diameters are determined using the
RF signal peak position and the crossing of the indicated levels b, c, and d at multiple static pressure levels.
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Figure 4.10 LSQ linear fit of the stress strain relations in which the slope represents the Young’s modulus.
Evessel indicates the Young’s modulus of the single validation vessel mounted at both ends and submerged
in a water bad. E*vessel+surrounding indicates the effective Young’s modulus of the validation vessel embedded
in the surrounding body. Please note the slight presence of prestress.
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CHAPTER 5

Abstract
Visualization and quantification of blood flow is considered important for early detection
of atherosclerosis and patient-specific diagnosis and intervention. As conventional
Doppler imaging is limited to 1D velocity estimates, 2D and 3D techniques are being
developed. We introduce an adaptive velocity compounding technique which estimates
the 2D velocity vector field using predominantly axial displacements estimated using
speckle tracking from dual-angle plane wave acquisitions. Straight vessel experiments
with a 7.8 MHz linear array transducer connected to a Verasonics Vantage ultrasound
system demonstrated the technique performed with a maximum velocity magnitude
bias and angle bias of -3.7% (2.8% standard deviation) and -0.16° (0.41° standard deviation),
respectively. In vivo, complex flow patterns were visualized in two healthy and three
diseased carotid arteries and quantified using a vector complexity measure that increased
with increasing wall irregularity. This measure could potentially be a relevant clinical
parameter which might aid in early detection of atherosclerosis.
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5.1 Introduction
The process of atherosclerosis in the carotid artery (CA) can lead to severe stenoses
obstructing the main cerebral blood flow supply. Plaque rupture and subsequent thrombus
formation can lead to a stroke, which is one of the leading causes of mortality and morbidity
in Western society [193, 194]. Ultrasound imaging is commonly applied in clinical practice
to investigate the condition of the vascular tree. It allows to assess geometrical information
using B-mode imaging, as well as blood velocities and tissue velocities (and strains) using
Doppler imaging. In relation to CA disease, ultrasound imaging is used to assess geometrical
information of the vessel wall and plaques and to grade the degree of stenosis. The area
of largest narrowing is found using duplex ultrasound, after which the maximum systolic
blood velocity is measured using pulsed wave (PW) Doppler ultrasound. Based on this
value, and other parameters assessed using ultrasound, the degree of stenosis and thereby
the necessity for a carotid endarterectomy procedure is determined [20, 115]. However,
clinical decision-making based on the degree of stenosis is highly inadequate. Only one
out of six patients benefit from an endarterectomy [21]. This means that five out of six
patients are overtreated and unnecessarily exposed to the risks of surgery. Furthermore,
some patients with moderate stenosis who only receive medication experience a recurrent
stroke [22]. Evidently, better selection of patients who will benefit from surgery is needed
but can currently not be performed due to inadequate information on the thrombogenic
character of the stenosis. Additional functional information concerning the stenosis could
aid for better patient-specific diagnosis and intervention.
Atherosclerosis is known to occur in a site-specific manner, which means that certain arterial
segments are more susceptible to plaque development [8, 9]. At geometrical irregularities,
such as the inner wall of curvatures, the outer wall of a bifurcation, and areas distal to
bifurcations and plaques, disturbed flow occurs. As a consequence of these flow patterns,
the mean wall shear stress (WSS) in these areas is low and shows an oscillatory behavior.
These local hemodynamic forces are assumed to regulate the site-specific predilection of
atherosclerosis [8-10, 14, 195]. Together with the presence of cardiovascular risk factors,
these forces create an atherogenic environment [9, 12, 13]. As early stages of atherosclerosis
are thus characterized by deviating flow patterns and WSS, blood flow imaging is considered
of high potential to detect the disease in an early stage. Besides the role in early atherogenesis,
these forces are also thought to play a role in early plaque formation, plaque progression
and destabilization [9, 11, 14, 15]. Therefore, estimation and localization of complex flow
patterns could provide insight into plaque development, progression and stability, thereby
enabling better patient-specific diagnosis and intervention.
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Conventional Doppler methods estimate the velocity component along the ultrasonic
beam direction. In other words, they only assess how fast the blood is flowing in the
direction of the beam. Color flow imaging (CFI) visualizes these velocity components in
red and blue colors, indicating blood moving towards and away from the transducer,
at relatively low frame rates (up to ~30 Hz in commercial machines). Using PW Doppler,
the true velocity vector can be assessed in a single sample volume using manual angle
correction. However, this velocity estimate is prone to errors because correct angle
correction can be difficult, if not impossible, especially in complex geometries or stenosed
vessels [19, 20]. Assessing the degree of stenosis based on the peak systolic velocity is
therefore highly susceptible to operator-dependent errors.
Altogether, conventional Doppler imaging is unable to reveal the complexity of the blood
flow and the derivation of quantitative velocity information is highly dependent on the
user due to the angle-dependency of the technique. That is why major effort has been
put into the development of techniques that estimate the 2D or 3D velocity magnitude
and direction [65, 70, 74, 77]. These techniques provide the 2D or 3D velocity vector within
the scan plane, overcoming the angle-dependency of the conventional Doppler techniques.
More recently, these techniques have been combined with ultrafast imaging utilizing plane
or diverging wave transmissions. Unfocused ultrasound transmission followed by parallel
receive beamforming allows full field-of-view imaging at acquisition rates in the kilohertz
range. Blood velocity fields can be quantified at high spatial and temporal resolution,
whereby short-lived events and complex flow patterns can be visualized and quantified
[75, 98-100, 120, 180, 196]. Furthermore, the availability of continuous ultrafast data allows
for improved clutter filtering. In conventional imaging, the performance of the clutter filter is
mainly limited due to the restricted amount of available temporal samples. With ultrafast
imaging, this restriction on the available samples is alleviated, allowing for better filter
characteristics [63] and consequently better separation of blood and clutter signal.
Only a few studies have been published where velocity vector estimators are used to
study the complex flow in vivo in CAs. Some have reported on the blood flow in healthy
CAs, using a variety of vector velocity estimators [75, 76, 98, 99, 197, 198]. So far, clinical
studies reporting on velocity vector imaging in diseased CAs have been limited. Ekroll
et al. [100] used multi-angle Doppler to study complex flow in patients with plaques.
Distorted and complex flow was reported in regions following stenosis. Goddi et al. used
a Mindray system equipped with vector flow imaging, called V flow, to study both healthy
[101] and diseased CAs [102]. Complex and re-circulatory flow were reported distal to the
stenosis.
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In previous work, we developed and evaluated a technique for 2D blood velocity imaging
in the CA and compared it to other speckle-tracking-based velocity estimation methods
using angled plane wave acquisition schemes [131]. Our method is based on angled plane
wave transmissions and multi-scale speckle tracking to estimate the 2D velocity vector.
Angular axial displacement (or velocity) estimates are compounded via triangularization
to derive the 2D velocity vector. The advantage of this technique is that solely axial
displacement estimates are used to derive the complete velocity vector. This axial
component can be estimated most accurately due to the presence of phase information
in the radio frequency (RF) ultrasound signals [48, 94]. Additionally, the axial component is
only minimally affected by the use of plane wave transmissions compared to conventional
focused imaging, warranting also good performance in ultrafast imaging [96]. Our velocity
compounding method resulted in the most accurate blood velocity estimates with
respect to other speckle-tracking-based velocity estimators, provided that an adequate
pulse repetition frequency (PRF) was used and sufficient signal quality remained after clutter
filtering. However, when this latter requirement was not met, the compound speckle tracking
method [98] was more accurate. This method uses the possibility to discard angular
velocity estimates corrupted by, for example, clutter filtering. This is allowed, since the dualangle acquisition and speckle tracking velocity estimation provides two independent
vector fields leading to an inherent backup of data in regions where one of the steering
angles gives corrupted estimates.
In this work, we therefore propose an improved version of our velocity compounding
method by combining it with the compound speckle tracking approach by Fadnes et al.
[98]. When both steering angles provide velocity estimates of sufficient quality, based on
signal power and velocity variance thresholding, triangularization of the axial displacement
estimates is performed according to our original method. However, when velocity
estimates from either steering angle is considered of too low quality, projection of a single
angular vector estimate is performed to obtain the 2D velocity vector, according to Fadnes
et al.’s method. This choice is made for each inter-frame velocity estimate separately.
Furthermore, we improved our technique by adaptively choosing the effective PRF over
the cardiac cycle, based on results obtained before, where optimal PRF showed to be
cardiac phase dependent [131]. Finally, a temporally adaptive clutter filtering approach
was implemented, since a static rejection method cannot effectively suppress the clutter
throughout the complete cardiac cycle [199, 200]. The clutter filter velocity cut-off point is
set dynamically based on the vessel wall velocity. The main novelty of the proposed
method lies in the combination of all these techniques and the adaptive nature of all the
post-processing steps.
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First, the performance of the method is evaluated experimentally using a straight tube
flow setup. Thereafter, initial in vivo evaluation of the method is performed by quantifying
the velocity fields present in the CA of healthy volunteers (n = 2) and patients, either with
a stenosis (n = 1) or after endarterectomy (n = 2). To investigate and confirm the velocity
estimates obtained in vivo, conventional Doppler recordings were obtained as well.
Furthermore, these Doppler recordings were used to demonstrate the added value of
our new technique with respect to this current technique-of-choice in clinical practice.
Finally, the quantification of the complexity of the velocity fields was studied, using a
single metric, adapted from work by Pedersen et al. [156].

5.2 Materials and methods
A. Ultrasound data acquisition
A Philips Affinity 70G equipped with a L12-3 linear array transducer was used for the
conventional Doppler exams consisting of CFI and PW Doppler recordings. A Verasonics
Vantage 256 ultrasound system (Verasonics, Kirkland, WA, USA) equipped with an L12-5 50 mm
linear array transducer (ATL, Bothell, WA, USA) was used for the ultrafast data acquisitions.
Plane waves were transmitted at sequentially changing angles of -20° and 20° using a PRF
of 8 kHz. RF element data were acquired continuously for 3 seconds. For each recording,
the transmitted -20° and 20° pulses had maximum overlap at the lumen center by optimal
selection of the 128 active elements on the transducer aperture for the 2 different
beam-steered angles. The same 128 elements used to transmit the plane wave were also
used in receive. Due to the limited size of the transducer footprint and the steering angles
of ±20°, the maximal overlapping region, at its full width, could be positioned at a maximal
depth of 3.4 cm. Sufficiently wide overlapping regions were achieved at depths up to
4-4.5 cm. The acoustic output of this imaging sequence is within the guidelines from the
US Food and Drug Administration (FDA) and approved by the local institutional review
board for clinical application. The transducer properties and imaging acquisition
parameters are listed in Table 5.1.

B. Straight tube measurements
Ultrafast plane wave acquisitions were performed on a straight tube setup with blood
mimicking fluid (BMF-US, Shelley Medical Imaging Technologies, London, ON, Canada)
circulating through the system at a constant flow rate of 1.2 L ·min−1 generated by a
flow-driven gear pump (volume flow accuracy of 0.6%, model H3F, Liquifl, Garwoord,
USA). Fully developed laminar flow was ensured by using a 1.5-m-long glass entrance
tube, after which a 30 cm thin-walled rubber tube (composed of heat-shrinking material)
was placed inside a water tank. The flow measurements took place in this acoustically
almost transparent tube. The vessel radius of both tubes was 5 mm and the wall thickness
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Table 5.1 Transducer properties and acquisition parameters
Property

Value

Center frequency (fc) [MHz]

7.8

Sampling frequency [MHz]

31.2

Transducer element pitch [µm]

195

Transducer elements (#)

256

Simultaneously active elements (#)

128

Elevational focus depth [mm]

18

Pulse length [cycles at fc]

3

Pulse repetition frequency [kHz]
Transmit and receive angle [°]

8
±20

of the rubber tube was 300 µm. The transducer was placed above the tank at an angle of
90° and 75° with respect to the flow direction, while assuring the tube center was at an
imaging depth of 1.8 cm, corresponding to the elevational focus of the transducer.

C. In vivo measurements
Ultrasound data, both conventional Doppler and ultrafast plane wave ultrasound, were
acquired of 5 subjects. All scans were carried out by an experienced sonographer. Table 5.2
summarizes the clinical data of the subjects. Written informed consents were obtained
from all patients and healthy volunteers before examination. The study was approved by
the local institutional review board and was performed in accordance with the World
Medical Association Declaration of Helsinki on Ethical Principles for Medical Research
Involving Human Patients.
Subjects were examined in supine position. Ultrasound data were acquired at the CA
bifurcation. Whenever anatomically possible, both the external CA (ECA) and internal CA
(ICA) where captured within one image view. Conventional Doppler recordings and
ultrafast data acquisitions were performed immediately after each other, placing both
probes on the same position of the neck to facilitate comparison between the data.

D. Post-processing ultrafast RF data
The recorded RF element data were beamformed using delay-and-sum beamforming to
form RF (image) lines. A point-spread-function (PSF)-shape-based beamforming grid was
used to optimize the displacement and velocity estimation accuracy [201]. To perform
velocity compounding, the RF element data were beamformed at angulated grids
corresponding to the direction of the steered plane waves [96, 131]. For visualization of the
data, i.e., for the generation of B-mode images, the RF element data of both angles were
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Table 5.2 Clinical data of healthy volunteers and patients
Subject
no.
S1

Age
[y]

Gender Condition carotid bifurcation

25

M

-

S2

35

M

-

S3

69

M

Patch placement after endarterectomy, extending from CCA into ICA

S4

63

M

Patch placement after endarterectomy in bulb, stenosis in ICA

S5

49

M

Moderate plaque formation in ICA, asymptomatic

M: male, CCA: common carotid artery, ICA: internal carotid artery

beamformed on a 0° grid and coherently compounded. This was performed at a reduced
PRF of 100 Hz. The beamforming parameters are listed in Table 5.3. Additionally, an M-mode
image was generated from the coherently compounded data at the centerline of the
transducer. This M-mode was used to select the frames corresponding to the maximal
lumen diameter, which were used to align the complete cardiac cycles present in the
3-second-recordings. Either two or three complete cardiac cycles were captured for each
subject.

Table 5.3 Beamforming parameters
Parameter
Apodization window function

Value
Hamming

F-number

0.875

Axial sampling beamforming grid [µm]

12.3

Lateral sampling beamforming grid [µm]

51.7

E. Adaptive clutter filtering
As the clutter characteristics vary over the cardiac cycle, methods to adapt the stopband
of the clutter filter to these characteristics have been suggested [62, 199, 200, 202]. In this
work, an adaptive clutter filter was designed, using the input of global vessel wall motion
to effectively suppress the clutter throughout the entire cardiac cycle. The global vessel
wall motion estimates were determined by applying a customized MATLAB-based
(MathWorks Inc., Natick, MA, USA) 2-step, cross-correlation (CC-) based algorithm, adapted
from [78], on data acquired at both angles. An inter-frame difference of 20 ms was used to
capture significant inter-frame displacements [124]. In the first step, envelope (demodulated
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RF) data were used to find coarse displacement estimates, after which RF data were used
in step 2 to refine the estimates and obtain subsample accuracy by performing 2D cubic
interpolation of the cross-correlation-function (CCF) [201]. Using the median filtered axial
displacement estimates obtained at -20° and 20°, the horizontal and vertical vessel wall
displacements were derived by applying the displacement compounding technique. This
methodology was developed and validated on simulated, phantom, and in vivo data [96,
131]. A manually drawn vessel wall contour was tracked over the cardiac cycles, starting at
the reference frame selected using the M-mode. For this, accumulated displacement
estimates throughout the cardiac cycles were computed from the compounded
inter-frame displacements using 2D linear interpolation. Based on these tracked contours,
axial vessel wall velocities were found over the complete cardiac cycle with respect to -20°
and 20°. These velocities were used to dynamically set the clutter filter settings for both
angles separately. They were used to define the -50 dB cut-off value of a 120th order
high-pass finite impulse response (FIR) filter with a short transition region (-80 till 0 dB) of
1 cm/s. Filtering was performed using a temporal sliding window, meaning no frames
were sacrificed for filter initialization. The velocity cut-off point was updated every 10 ms.
Furthermore, the tracked contours were used to generate masks for the lumen region of
interest (ROI). Masks were generated at 100 Hz using 1D linear interpolation in between
every two subsequently tracked contours. These masks were used to define the ROI for
blood velocity vector estimation. An overview of all displacement estimation parameters
is provided in Table 5.4.
Data were also filtered using the more conventional way of clutter filtering, where a static
cut-off point is used throughout the cardiac cycle. The velocity cut-off point was
determined based on the average tissue velocity in the diastolic phase. Moreover, similar
filter characteristics were used as for the adaptive filtering.

F. Adaptive velocity compounding
Blood velocity vectors were also estimated using the 2-step CC-based displacement
estimation algorithm with 2D cubic subsample interpolation, however, in an adaptive
manner. Two components of the method were adaptively adjusted over the cardiac cycle:
1) the effective PRF for the inter-frame displacement or velocity estimation, and 2) the
choice for performing compounding of both angled estimates or projection of a single
angled estimate.
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Table 5.4 Displacement estimation parameters
Parameter
Template size,
axial x lateral [mm]

Step 1
Step 2

Maximal trackable
velocity [cm/s]
Median filtering IF
estimates [mm],
axial / lateral

Step 1
Step 2

Final displacement
resolution,
axial x lateral [µm]

Tracking
vessel wall

Blood flow
quick preview

Blood flow
final

0.41 x 0.26
0.41 x 0.16

1.20 x 2.33
0.60 x 1.20

1.20 x 2.33
0.60 x 1.20

2

500

Adaptive, based on
quick preview

1.2 x 0.5 / 2.4 x 1.0
1.2 x 0.5 / 2.4 x 1.0

1.0 x 1.0 / 1.0 x 1.0
0.5 x 0.5 / 0.5 x 0.5

1.0 x 1.0 / 1.0 x 1.0
0.5 x 0.5 / 0.5 x 0.5

82 x 52

120 x 52

120 x 52

IF: inter-frame

Effective PRF
Due to the continuous acquisition of data, lower effective PRFs can be generated by
simply skipping frames. We applied this possibility in previous work, where it showed that
the performance of the displacement compounding method was dependent on the
magnitude of the inter-frame displacement to be captured, and thus the effective PRF
[131]. Low blood velocities, in diastole, were estimated most accurately using a lower
effective PRF, while a higher effective PRF resulted in the most accurate estimates of the
higher blood velocities present in systole. Similar results were shown by Villagomez Hoyos
et al., where changing the effective PRF resulted in a shift of the range of detectable
velocities [203]. Therefore, we developed a method to automatically adjust the effective
PRF over the cardiac cycle.
The effective PRF for velocity estimation was determined automatically based on a quick
preview at the velocities present in the lumen. For this, the velocity magnitude was estimated
at 100 frames per second (fps), using displacement compounding at 8 kHz. A maximum
trackable velocity of 5 m/s was allowed, by limiting the size of the search region used for
the CC-based displacement estimation. Only velocities estimated with a maximum crosscorrelation value > 0.7 were considered to avoid that the effective PRF was based on outliers.
The 95th percentile value (vp95) of the remaining estimates within the lumen area was used
to set the effective PRF for the final velocity estimation according to:
PRFeffective
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= 4 kHz for vp95 > 0.25 m/s
= 2 kHz for vp95 ≤ 0.25 m/s

(eq. 5.1)

IN VIVO VELOCITY VECTOR IMAGING USING ADAPTIVE VELOCITY COMPOUNDING

This resulted in an automatic adjustment of the PRFeffective over the cardiac cycle, where it
was updated every 10 ms according to the information obtained from the quick preview.
The threshold value of 0.25 m/s was set based on previous simulation results [131] and
confirmed by visual inspection of the in vivo velocity estimates for two datasets.
Final velocity estimation was performed using a maximum trackable velocity of 1.3 * vp95
in both the lateral and axial direction. Inter-frame displacement estimates were obtained
at both -20° and 20° for 4000 fps effectively. Spatial median filtering of the estimates was
performed to smoothen the velocity fields and remove false estimates.

Dual-angle compounding or single-angle projection
In this work, we propose a combination of the displacement compounding [48, 131] and
compound speckle tracking [98] techniques. This combined technique benefits from the
most accurate velocity estimation performed using our displacement compounding
technique, while it also uses the possibility to discard a corrupted angular displacement
estimate [131]. When the velocity estimates of both steering angles are of sufficient quality,
triangularization of the axial angular displacement estimates is performed according to
our original method. However, projection of a single angular vector estimate is performed
when velocity estimates from one of the steering angles is considered of too low quality,
based on the work of Fadnes et al. [98]. Figure 5.1 illustrates the concepts of dual-angle
compounding and single-angle projection.

5

Figure 5.1 Schematic overview of dual-angle compounding and single-angle projection. The 2D
displacement vector (dax, dlat) is derived using either dual-angle compounding, based on triangularization
of both angled axial estimates (dax,θ1 and dax,θ2), or by using single-angle projection, where the full 2D
angled velocity estimate of one of the two angles, (dax,θ1, dlat,θ1) or (dax,θ2, dlat,θ2), is projected back
towards the zero-degree reference situation.
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Segmentation maps were generated to specify, per displacement pixel and per frame,
whether dual-angle compounding or single-angle projection should be used for the final
velocity results. In the latter case, one of the two angled estimates was considered of too
low quality, based on the signal power after clutter filtering and the variance of the axial
inter-frame velocity estimates over 40 consecutively obtained estimates (i.e. 10 ms).
Threshold values for signal power were determined in the same manner for all datasets,
by calculating mean (meanP) and standard deviation (sdP) of the signal power within a
sub region of the lumen. Thereafter, the threshold value was determined according to
(meanP – sdP)/1.4. The variance threshold value was set at 9 samples for all datasets.
Both the value of 1.4 for the signal power threshold as well as the value of 9 samples for
the variance threshold were empirically determined. Median filtering over an ensemble
size of 40 frames (i.e. 10 ms) was applied, resulting in an effective vector velocity frame
rate of 100 Hz. Additional temporal averaging over 3 velocity frames was performed
according to the weights [0.25 0.5 0.25], to smoothen the patterns over the cardiac cycle.
The velocity estimation parameters are listed in Table 5.4. For the visualization of the
velocity fields additional masking was applied, as in conventional CFI, by thresholding signal
power and variance of the velocity estimates to prevent visualization of estimates which are
expected to be unreliable. For the dynamic visualization of the blood velocities, colorencoded vector projectiles were visualized [64].

G. Evaluation of adaptive velocity compounding
The accuracy and precision of the adaptive velocity vector estimation were investigated
using the straight tube setup. The theoretical velocity profile, referred to as ground truth
value, was calculated based on the flow rate and vessel geometry, resulting in an expected
peak velocity of 0.51 m/s. The performance of the adaptive velocity compounding
method was evaluated by calculating bias and standard deviation (SD) for the velocity
magnitude and angle, based on the ensemble averaged velocity estimates. Three hundred
estimated velocity profiles were used for calculating statistics, 100 obtained at the center
and 100 obtained at a distance of 5.5 mm to the left and the right of the transducer center
each. At each point in depth across the vessel diameter, mean and SD values were
calculated based on the 300 estimated profiles. Thereafter, the bias was calculated by
taking the difference between the mean of the estimates and the ground truth values.
For the velocity magnitude, these bias values were divided by the ground truth values
to obtain an error percentage. Finally, to generate a single bias measure, the (relative) bias
values were averaged over the entire vessel. The same holds for the SD values; a relative
value was obtained by dividing with the ground truth values for the velocity magnitude,
where after averaging over the entire vessel was performed to obtain a single SD value.
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To perform a partial confirmation of the in vivo velocity vector estimates, a comparison
was made with conventional Doppler recordings. First, velocity traces for multiple
subsequent cardiac cycles were generated from the velocity estimates at the same
anatomical position as PW Doppler recordings were performed using the conventional
system. The region of interest, or range-gate, was placed at a location with no complex
flow present during the entire cardiac cycle. Manual angle correction was performed for
the PW spectrum by the experienced sonographer during the exam. Reproducibility of
the adaptive velocity compounding technique over multiple cardiac cycles was studied.
Second, the velocity fields obtained by adaptive velocity compounding were projected in
the CFI beam direction to obtain a velocity-vector-based CFI map. This map was compared
to the conventional CFI recordings and served to confirm the performance of our method
in regions with complex flow.
To quantify the complexity of the velocity field within the entire lumen region in a single
metric, the vector complexity (VC) measure was defined, adapted from Pedersen et al.
[156]. This metric describes the complexity of the flow by looking at the spread of the
direction, or beam-to-flow angle, of the velocity vectors. The VC is defined as 1 – r, where
r is the vector concentration as defined in [156]
–x 2 + –y 2

(eq. 5.2)

–x = 1
n

n
∑ i=1
cos θ i

(eq. 5.3)

–y = 1
n

∑ ni=1 sin θ i

(eq. 5.4)

θ i = tan –1(v x,i , v y,i )

(eq. 5.5)

r=
with

with θi the flow angle of the velocity vector (v x,i,v y,i) at position i, –x and –y the mean values
of the flow angle represented on the unit circle, and n the total number of vectors in the
2D velocity vector field. The VC measure shows values between 0 and 1, where 0 represents
no complexity, with all velocity vectors pointing in the same direction, and 1 represent
fully complex flow.
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5.3 Results
A. Adaptive clutter filtering
Figure 5.2 shows the velocity vector images obtained from subject 1, using both adaptive
and static clutter filtering. The velocity magnitude traces obtained in the carotid bulb are
also shown, together with the estimated tissue velocity trace, which is used as input for
the adaptive clutter filter. The settings used for adaptive velocity compounding were kept
similar for both types of filtering to show only the effect of clutter filtering. For static
filtering, the velocity magnitude is underestimated in phases where the tissue velocities
are highest, which can be seen in especially the first and fourth column of the figure.
Remaining clutter signal after clutter filtering causes a bias on the blood velocity magnitude
towards zero in these phases. At peak systole, the velocities are not only underestimated,
the entire velocity field shows to be distorted when applying the static filter. The vortex
close to the upper wall of the bulb region is estimated less consistently, showing a more
chaotic organization of arrows in that region. In phases where the tissue velocities are low,
the velocity magnitude and direction are similar for both types of filtering, as can be seen
in the third column of the figure. The effect of both types of filtering on the B-mode
images is shown in a video sequence for a part of the cardiac cycle (Video_1). This movie
shows that in the high tissue velocities phases, clutter signal projected on top of the
lumen remains after static filtering. This static clutter signal causes the bias on the blood
velocities, as described above.

B. Straight tube measurements
The performance of adaptive velocity compounding was studied using the straight tube
flow setup. The mean and SD of 300 estimated velocity profiles are shown in Figure 5.3
for the velocity magnitude and angle separately. The theoretically derived profiles are
represented by the dotted red lines, the estimated mean velocity and angle profiles and
their corresponding SDs are plotted in black and grey respectively. The resulting statistics
are presented in Table 5.5. The estimated profiles closely follow the theoretical profiles,
for both magnitude and angle and for both beam-to-flow angles. The large deviations
at the edges of the tube, especially at the deep wall, are caused by two 2 factors. First,
the clutter filter removes the signal for velocities close to zero, whereby only noise remains
for the velocity estimator. Second, there is a high impedance mismatch between the tube
and the surrounding fluids, causing strong reflections and reverberations, which distort
the velocity estimates locally, as described earlier [72, 188, 204]. As this artefact originates
from the experimental setup, statistics were calculated using the central 90% of the lumen
area which is a common approach [71].
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velocities (in yellow) as input to determine the cut-off point of the clutter filter, for static filtering a single cut-off value is used throughout the cardiac cycle. Four different
phases in the cardiac cycle are visualized. The velocity magnitude traces for adaptive (dark red) and static (light red) clutter filtering are obtained at the position denoted
by the purple square.

Figure 5.2 B-mode images overlaid with blood velocity vector fields obtained using adaptive clutter filtering and static clutter filtering. The adaptive filter uses tissue
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Figure 5.3 Comparison between measured (mean (black) and SD (gray)) and true velocity profiles (in red) for
the straight tube experiments. Mean and standard deviation (±SD) results are presented for the velocity
magnitude (top) and angle (bottom) for beam-to-flow angles of 90° (left) and 75° (right).

Table 5.5 S patial mean (relative) bias and (relative) standard deviation (SD)
of the velocity magnitude and angle profiles reported in Figure 5.3
for the straight vessel experiments
Beam-to-flow angle
Property
|v|
Angle

134

90°

75°

Bias [%]

-3.39

-3.69

SD [%]

1.91

2.79

Bias [°]

-0.09

-0.16

SD [°]

0.39

0.41

Figure 5.4 Pulsed wave Doppler traces (PW Doppler) acquired using the conventional system together with the velocity magnitude and angle estimates obtained using
adaptive velocity compounding (or velocity vector (VV) imaging). Estimates of three consecutive cardiac cycles are visualized. The red squares in the B-mode images
denote the anatomical positions where velocity traces are obtained.
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C. In vivo adaptive velocity compounding
Velocity vector estimates compared with conventional Doppler recordings
Figure 5.4 shows the conventionally recorded spectrograms together with the velocity and
angle traces obtained using adaptive velocity compounding for two subjects. For subject 1
(S1) and subject 2 (S2) three distinct cardiac cycles were captured during the 3-second
acquisitions. Quantitative velocity magnitude and angle traces were obtained at the anatomical
position denoted by the red squares and synchronized with respect to the cardiac phase
using the time points selected in the M-mode.
For both subjects, the estimated velocity magnitudes and angles are consistent over the
three cardiac cycles. Furthermore, the velocity vector estimates and the PW spectrogram
for S1 show a good correspondence. The spectrogram represents a distribution of
velocities present within the sample volume. The brightest trace within the spectrogram
corresponds to the velocity which is most dominant. The velocity traces found using
adaptive velocity compounding perfectly align with this brightest PW Doppler trace.
Angle estimates obtained using velocity vector imaging closely follow the angle value
used for the manual angle correction during the conventional exam.
The results for S2 also show a high level of agreement between the PW spectrogram and
the velocity vector estimates. The shape of the velocity traces show good correspondence.
However, lower velocity magnitudes are estimated using PW Doppler compared to adaptive
velocity compounding. Furthermore, the beam-to-flow angle shows a deviation of about
10 degrees between the velocity vector estimates and the manually determined beamto-flow angle used for the Doppler estimates.
A qualitative comparison between velocity fields obtained from conventional CFI and
velocity vector imaging is performed based on the frames visualized for subject 1 in
Figure 5.5. Velocity fields are visualized for three phases of the cardiac cycle: at peak
systole (A), late systole (B) and diastole (C), also indicated in Figure 5.7. Color flow images
are shown in the top row, the projection of the velocity vector along the conventional
Doppler beam direction, i.e. the velocity-vector-based CFI, is visualized in the second row.
Superimposed arrows emphasize the one dimensionality of the velocity information.
First of all, there is a high level of correspondence between the CFI and velocity-vectorbased CFI for all three phases (A-C). Furthermore, aliasing artefacts are visible for CFI in
the peak systolic phase, while velocity vector imaging is capable of capturing these high
velocities.
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in three phases of the cardiac cycle for Subject 1. The 2D velocity vectors estimated by velocity vector (VV) imaging are projected along the Doppler beam direction
(indicated by the boxes in row 1) and visualized in row 2. The same color bar is used in row 1 and 2. Timing of the visualized frames (A-C) is indicated in Figure 5.7.

Figure 5.5 Color Flow Imaging (CFI) (top row) and projected velocity vectors in the Doppler beam direction (bottom row), i.e., the velocity-vector-based CFI, visualized
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magnitude and direction in these images. Timing of the visualized frames (A-C) is indicated in Figure 5.7.

Figure 5.6 Full 2D velocity vector fields obtained using velocity vector (VV) imaging for all subjects. A colorwheel representation is used to indicate both the velocity
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images (1st row) of the carotid artery bifurcation of five subjects (S1-S5). Two or three consecutive cardiac cycles are visualized. The temporal evolution of the vector
complexity metric is shown in the bottom row. Please note this measure is calculated using all velocity estimates within the lumen area.

Figure 5.7 Velocity magnitude (2nd row) and beam-to-angle (3rd row) profiles obtained at the anatomical position denoted by the white circles in the B-mode

CHAPTER 5

IN VIVO VELOCITY VECTOR IMAGING USING ADAPTIVE VELOCITY COMPOUNDING

Velocity vector imaging and quantification of flow complexity
Figure 5.6 shows the velocity vector images for subjects 1-5, for three distinct cardiac
phases, as indicated in Figure 5.7. Comparing the results for subject 1 as visualized in
Figure 5.5 and Figure 5.6 clearly shows the added value of velocity vector imaging.
The direction of the flow in the region close to the upper wall of the bulb region is not
easy to interpret from CFI. The 2D velocity vector estimates clearly show the vortex flow
by providing information about the velocity magnitude and direction. This vortex builds
up at peak systole (A) and remains present until late systole (B). In diastole (C), the vortex is
no longer present and laminar flow is observed.
In the healthy CA of subject 2, a vortex is found close to the outer wall of the ICA. This
vortex builds up quickly after peak systole (A) and disappears again during systole. The
complete temporal evolution of the flow patterns can be seen in a video sequence from
the full cardiac cycle (Video_2). The presence of a vortex at this location has been reported
before in literature for healthy CAs [75, 99, 198, 205] and it is one of the areas known to be
susceptible for plaque formation [8, 9].
The frames for subject 3 show the velocity fields estimated in a CA after endarterectomy
and patch placement. Again, the buildup of, in this case, two vortices can be observed
directly after peak systole (A). The upper vortex lingers far into diastole (B). Subject 4,
another patient who underwent endarterectomy with patch placement, shows the
buildup of a large recirculation zone directly after peak systole (A), fully covering the bulb
area. This vortex splits up into multiple smaller vortices close to the upper wall of the ICA,
which stay present for almost the entire cardiac cycle (B-C). The temporal changes in the
flow field of subject 3 and 4 are visualized in video sequences (Video_3 and Video_4,
respectively).
Frames for subject 5 show the velocity fields in an early-stage stenosed CA. The vessel wall
is thickened at two locations in the lower wall of the ICA. Complex, recirculating blood
flow is visible throughout the cardiac cycle surrounding the early plaque formation.
Furthermore, two distinct peaks in the velocity field are visible in all three panels (A-C),
showing an interrupted flow trajectory, where blood is moving out and back in to the
image plane.
In all subjects, the presence of secondary flow in the carotid bifurcation is visible. In some
phases it looks like blood is coming from the vessel wall, which is likely to be caused by
blood originating from the surrounding planes and moving into the image plane.
Figure 5.7 illustrates the VC over the cardiac cycle, together with the velocity magnitude
and beam-to-flow angle for all five subjects, synchronized using the M-mode as described
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in section 5.2 (Materials and Methods). For S1 and S2, three consecutive cardiac cycles
were captured during the three second recordings, whilst for S3, S4 and S5 two cycles
where recorded. Overall, the estimated velocity magnitude and beam-to-flow angle show
to be consistent over multiple cardiac cycles for all subjects. Especially for S1-S3, velocity
and angle traces are very similar. S4 and S5 show more variation between two consecutive
cardiac cycles. The VC measure, representing the spread in flow direction, also shows a
consistent behavior, again with a slight increase in variation between the two traces for S4
and S5. For all five subjects, the VC measure shows an increase directly after peak systole
(time point A), indicating more complex velocity fields at this moment of the cardiac cycle.
This corresponds with the appearance of the vortices at this time point as visualized in
Figure 5.6. Furthermore, the VC measure indicates increasingly more complex velocity
fields for subjects S1 through S5. For S1 and S2, relatively low VC values throughout the
cardiac cycle are found, indicating flow with a dominant direction. For S3, S4, and S5,
higher VC values are found, indicating more complex velocity fields which can also be
observed in the velocity vector images shown in Figure 5.6. Besides, the prolonged
presence of these complex velocity patterns as described for S3, S4, and S5, is also apparent
from the VC. An increase in VC is shown directly after peak systole and it stays elevated
until far into diastole, whereas the VC values for S1 and S2 drop again quickly in systole.

5.4 Discussion
In this work, an adaptive velocity compounding method to estimate the 2D blood velocity
vector in the CA was presented. The method was validated in an experimental setup and
the performance of this technique in vivo was studied in healthy and diseased CAs.
The results of the straight tube setup demonstrate a high accuracy and precision of the
method under different beam-to-flow angle conditions. The velocity magnitude shows
some underestimation with a bias and SD of maximal -3.7% and 2.8%, respectively.
The maximum angle bias was -0.16° and the SD 0.41°. The performance of our method
shows to be competitive compared to other state-of-the-art methods when comparing
results obtained in a similar straight tube flow setup. The accurate angle estimator method [75]
shows a larger bias and SD, especially for a beam-to-flow angle of 90°, i.e., pure lateral flow.
Furthermore, improved bias and SDs for both velocity magnitude and angle were found
with respect to transverse oscillation (TO) [71]. The combined methodology of TO and
directional beamforming (TO-DB) showed equivalent performance, although larger
velocity biases were found for TO-DB, SDs were smaller [71]. However, it is important to
note that type of acquisition, experimental setup and flow post-processing are not exactly
the same, which makes full comparison of these velocity vector imaging techniques difficult.
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The velocity compounding technique was compared with PW Doppler and CFI in vivo.
The estimated velocity traces matched well with the angle-corrected PW spectra (Figure 5.4)
and showed to be reproducible over multiple cardiac cycles (Figure 5.4 and 5.7). The
difference in velocity magnitude estimated using adaptive velocity compounding and
conventional PW Doppler for S2 can partly be explained by the manually determined
beam-to-flow angle used to correct the Doppler estimates. The angle deviation of about
10 degrees between the manually determined beam-to-flow angle and the velocity
vector angle estimates accounts for a 20 percent difference in velocity magnitude
between the two techniques. This clearly demonstrates the sensitivity of PW Doppler
with respect to the manual angle correction. An incorrect angle value rapidly results in an
over- or underestimation of the velocities, as shown for S2. As peak systolic velocities are
used to stage the degree of stenosis in CA imaging, this could potentially lead to wrong
staging of the disease. Velocity vector imaging using adaptive velocity compounding
is able to provide more reliable velocity estimates and thereby more reliable stenosis
staging, as this technique is angle-independent. Furthermore, this quantitative velocity
information can now be obtained in every point in the image at high frame rate
simultaneously. Hereby, automated detection of peak systolic velocities within the lumen
is possible, as suggested in [100], which could further facilitate stenosis grading.
High level of correspondence was found for velocity fields obtained using CFI and
adaptive velocity compounding (Figure 5.5), which confirms the reliability of the velocity
vector estimates together with correct image-plane alignment between the recordings.
Interpretation of the underlying velocity fields based on the red and blue colors visualized
using CFI is possible, to some extent, by an experienced observer. However, for increasingly
more complex flow, this becomes more difficult. The angle-independent velocity information
obtained using adaptive velocity compounding increases our understanding of blood flow
in the CA and makes the interpretation of images less operator dependent.
As mentioned in section 5.1 (Introduction), work has been published on velocity vector
imaging in healthy and diseased CAs. However, to the best of our knowledge, this is
the first work where velocity vector imaging is shown in patients who underwent
endarterectomy. Quantification of flow complexity has been performed for healthy CAs,
where the vector concentration was significantly different for flow in the common carotid
artery (CCA) and the carotid bulb [156]. Furthermore, Hansen et al. used this measure for
stenosis assessment of the aortic valve, showing that aortic valve stenosis increased flow
complexity [206, 207]. In this work, the VC measure is used to quantify the complexity of
flow in both healthy and diseased CAs. The results are promising, showing an increase in
VC with increased geometrical wall irregularities. More complex velocity patterns, which
were present for a longer period during the cardiac cycle, were observed in the CAs of the
patients compared to the healthy volunteers. These observations were captured in a
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single value using the VC measure. Quantification of the complexity of the velocity fields
using a single value could facilitate the clinician in the evaluation of the data and makes
the evaluation more operator independent, because visual evaluation of blood flow is
supported with a quantitative measure. In future, more subjects will need to be included
to statistically proof the clinical relevance of the VC measure.
Next to the VC parameter, other parameters for flow characterization can be derived from
the velocity vector estimates. Velocity fields can also be quantified by calculating the vorticity,
as shown for the ascending aorta [206] and the carotid bifurcation [76]. Furthermore,
the derivation of pressure changes along a streamline was shown in vivo in the carotid
bifurcation [208].
The introduction of velocity vector imaging techniques in the clinic could further increase
our understanding of complex flow in relation to plaque development. WSS exerted by
the complex flow on the endothelium is associated with the presence of atherosclerosis
[8, 10, 195]. With velocity vector imaging it is possible to derive the local shear stress [209].
Quantification of complex flow and WSS could potentially be used to identify sites prone
to atherosclerosis, thereby leading to earlier detection of atherosclerosis. Furthermore,
with velocity vector imaging the effect of treatment could be studied to a larger extend.
The effect of, for example, stent choice and patch placement could be studied in relation
to the complexity of blood flow and resulting exerted WSS, which could further increase
our understanding of treatment success. A large clinical study with healthy volunteers and
patients is required to study the causal relation between the complex flow patterns and
the development and progress of atherosclerosis. This next step is essential to show the
clinical implications of the observed phenomena and find the merit of the new velocity
imaging technique in clinical practice.
With the derivation of WSS comes the importance of accurate velocity estimates close
to the vessel wall. However, estimation of low velocity flow close to the vessel wall is
challenging, as the clutter filter will also suppress these blood signals. In this work,
the separation of tissue and blood signals was optimized in two ways. First of all, larger
ensemble sizes were used for filtering, which allows for better filter design, with smaller
transition regions. Furthermore, an adaptive clutter filter was implemented, which sets
the cut-off value based on surrounding tissue velocities. Successful clutter suppression
throughout the cardiac cycle was observed (Video_1). Both optimization steps aimed at
optimal clutter suppression while maintaining as much of the blood signals as possible.
However, rejection of some blood signal is inevitable when filtering is performed based
on the temporal discrimination of blood and tissue signals, as spectra will overlap for slow
blood flow or fast moving tissue [154]. Clutter filters taking into account also the different
spatial characteristics of blood and tissue have been proposed. Exploiting the difference
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in spatial coherence shows potential [154]. However, Ekroll et al. compared adaptive
frequency-based filtering with this new type of filtering and showed similar results for
both filters in the CA in vivo [199]. Further investigation is required to study the potential
benefit of spatiotemporal clutter filtering for CA blood flow imaging. Furthermore, additional
optimization of our adaptive velocity compounding method is possible, by choosing the
optimal PRF for each individual displacement pixel. This could potentially further improve
the estimation of low velocity blood flow, as the PRF is now only adaptive in time (per frame).
A similar approach for estimation of the velocity with an optimal PRF for each estimation
point in space and time has been suggested before by Villagomez Hoyos et al. [210].
A limitation of the proposed velocity estimator is the extensive computation time.
In future, effort is required to reduce this, as clinical use requires (close to) real-time
execution. Performing beamforming in the Fourier domain reduces the processing time
compared to Delay-And-Sum beamforming [211]. Furthermore, CPU/GPU-optimized
algorithms for beamforming and cross-correlation based velocity estimation could be
used to reduce the processing time by parallelization of the calculations.
With the velocity vector method as proposed in this work, complex flow patterns can
be visualized and quantified at high temporal and spatial resolution, whereby events of
short duration can be captured. The dual-angle plane wave acquisition scheme used in
this work allows for 4000 fps flow imaging. Temporal averaging is very common in the
field of blood flow imaging and in this work an ensemble of 40 frames was used, resulting
in an effective vector velocity frame rate of 100 Hz. However, increased temporal resolution
can be obtained, theoretically up to 4000 fps, by applying less averaging or time-sliding
windows. This could further improve the detection of complex flow of short duration.
In this work, a dual-angle plane wave continuous acquisition scheme was used for both
B-mode and flow imaging. Coherent compounding at an effective frame rate of 100 Hz
was applied for B-mode imaging to prevent discontinuity in the acquisition and processing
of flow data. However, it should be investigated whether the B-mode image quality is
sufficient for clinical evaluation. When necessary, duplex acquisition schemes can be used,
where flow acquisitions are interleaved with separate B-mode acquisitions, to achieve
higher quality B-mode images. Including more plane wave angles in the imaging
sequence, possibly changing also the angle span, will further improve image quality [55].
Furthermore, additional investigation has to show whether our methodology will have
equal performance under more demanding imaging conditions, for example in patients
with larger degrees of stenosis and calcified plaques, as these circumstances will degrade
image quality.
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The method presented in this work is able to assess the blood velocity within the imaging
plane, i.e., 2D velocity information is obtained. Although blood flow is three dimensional,
this 2D velocity vector information increases our understanding of flow in the CA
compared to the conventional 1D Doppler methods. In future, development of the
technique towards 3D imaging is required, to capture the full velocity vector field present
in the CA. The results as presented for subject 5 clearly show the potential merit of a 3D
methodology, where blood flows out of and in to the imaging plane within the region of
interest. The development of suitable matrix array transducers, capable of ultrafast
transmission and data recording will be an important first step towards 3D blood flow
imaging. Recently, first in vivo results have been published in 3D. Holbek et al. [212] showed
3D velocity imaging in a single plane and Correia et al. [180] were the first to present 3D
velocity vector imaging in a volumetric field-of-view. Both studies were performed using
very dedicated, custom-made high-end research scanners.
The clinical application of the adaptive velocity compounding technique as developed in
this work is not limited to the CA. Blood flow imaging in other arteries and veins can be
performed using the technique and might be of clinical importance, for example imaging
blood flow in the arteriovenous fistula in patients with renal disease [213-215]. Depending
on the dimensions of the vessel of interest and the blood velocity, settings of the clutter
filter and speckle tracking algorithm, such as the effective PRF and window sizes, might
have to be optimized. Furthermore, intracardiac blood flow imaging is of clinical interest
as well, for example in congenital heart disease. Similar techniques based on ultrafast
imaging have shown to be capable of estimating intracardiac flow [119, 196, 216, 217]. In
this work, it was shown that the adaptive velocity compounding technique provided the
required imaging depth and field-of-view for CA imaging. Transmission angles of ±20°
were used to have a relatively large separation angle for velocity compounding, resulting
in a sufficient overlapping field-of-view at depths up to 4-4.5 cm. However, the penetration
depth for plane wave imaging is limited and the field-of-view for a dual-angled acquisition
is limited to the overlapping region of the angled beams. Therefore, the applicability of
the adaptive velocity compounding technique for other applications at larger imaging
depths requires further research.

5.5 Conclusion
This study presents an adaptive velocity vector imaging technique for the estimation of
complex velocity fields in the CA. Complex flow patterns can be visualized and quantified
at high spatial and temporal resolution. The availability of angle-independent quantitative
velocity estimates throughout the images allows for more reliable stenosis grading.
Quantification of the velocity fields using the VC measure shows potential to distinguish
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healthy vessels from vessels with deviating geometries, for example in the presence of
plaques or in the case of widened bulb areas. This information might provide clinicians
with a new tool that aids in the assessment of the condition of the blood vessel and
potentially allows for earlier detection of the process of atherosclerosis.

Acknowledgements
This research is supported by the Dutch Technology Foundation STW (NKG 12122), which
is part of the Netherlands Organization for Scientific Research (NWO), and which is partly
funded by the Ministry of Economic Affairs. The authors would like to thank M. Beelen for
her assistance with the data acquisition, and M. van Aartrijk for her assistance with the
acoustical output measurements.

5

147

6
Summary, general discussion
and conclusion

SUMMARY, GENERAL DISCUSSION AND CONCLUSION

6.1 Research objective
Stroke is a major cause of death and disability. Therefore, there is a demand for methods
towards prevention, where early or in-time detection and appropriate staging of atherosclerosis, which is the underlying cause of a stroke, is essential to bring down the high
mortality and morbidity numbers and reduce costs of healthcare. There is an unmet need
for patient-specific diagnosis, risk stratification, and intervention to prevent over- and under-
treatment in patients with carotid stenosis. Current clinical decision-making to perform
an endarterectomy, which is the surgical removal of an atherosclerotic plaque, is mainly
based on geometrical measures and these measures are highly inadequate. Furthermore,
the current (Dutch) clinical workflow is only focused on symptomatic patients, who present
themselves with symptoms to the hospital after having experienced a stroke or transient
ischemic attack (TIA). Aiming for prevention, it is important to also detect preliminary
stages of the disease.
The process of atherosclerosis is associated with changes in both the vessel wall mechanics
and blood flow. Obtaining functional information could therefore aid in better staging of
the disease and risk stratification. Furthermore, the preliminary stages of the disease might
reveal themselves in this functional information, potentially allowing for earlier detection
of the disease and prevention of events. The main aim of this thesis was to develop an
ultrasound imaging technique to quantify the 2D blood velocity vector in the carotid
artery. For this purpose, we developed and validated a speckle tracking velocity estimator
based on ultrafast plane wave ultrasound recordings. Simulations, experiments and in
vivo recordings were used to study the performance of this method. The final in vivo
recordings showed the clinical feasibility of the method. This chapter summarizes and
discusses the main findings of the research in this thesis and outlines future perspectives
related to ultrasound blood velocity vector imaging as a new clinical tool.

6.2 Summary of contributions
Ultrasound is considered as an extremely suitable technique for noninvasive functional
imaging and monitoring of the condition of the vessels, such as the carotid artery, due to its
high spatial and temporal resolution (Chapter 1). It is nowadays one of the techniques used
most often in clinical practice to study the condition of the vascular tree. This popularity
can be explained by the fact that it is noninvasive, radiation-free, portable, easily applicable
and relatively inexpensive as compared to other imaging modalities, such as MRI and CT.
Hereby, ultrasound stands out in the sense that it is very suitable for application throughout
the complete process of atherosclerosis.
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Although commercially available ultrasound machines are all equipped with Doppler
techniques to assess the blood velocity, these techniques are limited. They are unable
to reveal the complexity of the blood flow, which can quickly change both spatially
and temporally, mainly due to their angle-dependency. Furthermore, the derivation of
quantitative velocity information is only feasible when the blood flow direction is known
and it also requires manual intervention of the operator, making the technique operator
dependent and thereby prone to errors (Chapter 1). Research presented in this thesis
focused on the development of a blood velocity vector imaging technique to visualize
and quantify the complex flow patterns present in the (stenosed) carotid artery. Therefore,
we explored the potential of ultrafast plane wave data acquisition in combination with
advanced speckle tracking velocity estimation. Ultrafast acquisitions allow for imaging at
much higher frame rates compared to conventional imaging. However, this comes at a
cost. Image quality and lateral resolution are reduced, as focusing is restricted to the
receive process. In this thesis, we have developed methods to deal with these challenges,
while making use of the new possibilities presented with ultrafast imaging.
Ultrafast plane wave imaging is based on parallel receive beamforming, where often full
software-based beamforming is performed using the RF ultrasound channel data (data
received by the individual transducer elements). The ability to perform beamforming as a
software-based post-processing step has granted full freedom to design the beamforming
grid and receive focus settings. It offers the possibility to focus the received signal at any
location within the imaged area. In Chapter 2, we introduced a protocolled way to beamform
ultrafast data in receive, where the beamforming grid spacing is based on the system’s
resolution, i.e., the point-spread-function (PSF). This standardizes the shape of the peaks in
the cross-correlation functions (CCF) obtained in the speckle tracking velocity estimation
algorithm, such that an equal number of samples are available in both directions of
the peak. Additionally, we proposed to use a matching, coupled 2D interpolation function
to obtain displacement estimates at subsample level, instead of the commonly used
uncoupled 1D parabolic subsample interpolation function. We compared our proposed
method (standardized shape CCF, 2D interpolation) with the 1D interpolation function
combined with data beamformed on a conventionally spaced grid, with a line distance
equal to the pitch of the transducer and an axial spacing of 4 samples per wavelength.
The performance of the methods was demonstrated for simulated zero-degree plane
wave data of carotid artery wall motion and blood flow and experimental data of a
rotating disk phantom.
Our proposed framework for motion estimation in ultrafast data showed the most
accurate displacement and velocity estimates for the assessment of blood flow as well as
vessel wall dynamics. The method was least affected by motion direction, or beam-to-flow
angle, and magnitude. Especially for inter-frame displacements in the subsample range,
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our method showed most robust performance. The presented methodology can easily
be applied to any type of ultrafast data, the only requirement is upfront characterization
of the imaging system’s resolution by determining the (local) dimensions of the PSF. The
framework has already found its application for cardiac motion imaging using spherical
waves [139] and quasi-static elastography using plane waves [218].
Although the lateral displacement component benefitted the most of the proposed
framework in Chapter 2, the performance of the lateral estimator is still lower compared
to the axial estimator. Its performance is inherently limited due to the lack of phase
information and the lower frequency content. Therefore, we introduced the displacement
compounding method [48] into the field of vector flow imaging in Chapter 3. This method
relies solely on axial displacement information, whereby it circumvents the direct use of
the inherently lower resolution lateral information. The 2D velocity vector is estimated via
triangularization of 2D speckle-tracking-based angular axial velocity estimates. In Chapter 3,
this method was compared to single angle, zero degree plane wave imaging and two
other state-of-the-art methods which use angled plane wave acquisitions: coherent
compounding [55] and compound speckle tracking [98]. More specifically, the influence
of, and robustness against clutter filtering, reduced image quality and pulse repetition
frequency (PRF) were studied based on simulated ultrasound data of the common carotid
artery. In vivo recordings of a carotid artery were acquired to support the simulation
results.
Results showed that displacement compounding and compound speckle tracking, i.e.,
methods that utilize compounding after speckle tracking, were least affected by clutter
filtering. Besides, displacement compounding showed most accurate velocity estimates,
especially for relatively low velocities, showing the benefit of using solely axial displacement
information. The performance of the method depends on the PRF, i.e., the magnitude of
inter-frame displacements. Most accurate velocity estimates were obtained using a high
PRF (effective inter-frame PRF of 4 kHz) in the high-velocity peak-systolic phase, while a
lower PRF (effective inter-frame PRF of 2 kHz) should be used in diastole. Thus, optimal PRF
showed to be cardiac phase dependent. The compound speckle tracking method
developed by Fadnes and co-workers [98] uses the possibility to discard angular velocity
estimates that are corrupted by, for example, clutter filtering. This is possible, since a multiangle acquisition scheme provides multiple independent velocity estimates, leading to an
inherent backup of data in regions where one of the estimates fails. Discarding corrupted
velocity estimates due to clutter filtering and/or reduced image quality showed to be
successful. Therefore, we suggested to combine the displacement compounding method
with the compound speckle tracking method in future work. Such an improved version of
our displacement compounding technique was introduced in Chapter 5.
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Currently, there is a trend in the development of high-frequency ultrasound probes.
Several manufacturers, such as Canon, Philips, BK Ultrasound, Kolo Medical and
VisualSonics are developing these probes and bringing them to the market for human in
vivo imaging of mainly musculoskeletal and superficial vascular structures. Increased
spatial resolution and elevated blood signal power are inherent to the use of higher
frequency ultrasound but at the expense of less penetration depth. This is why we
investigated whether the use of high-frequency ultrasound imaging could be another
way to cope with the adverse resolution effects of plane wave imaging (Chapter 4).
The potential of using high frequency plane wave ultrasound for imaging the carotid
artery blood flow and vessel wall dynamics was explored. We investigated whether the
use of a high-frequency transducer (~20 MHz) is beneficial compared to a transducer
(~9 MHz) clinically utilized for vascular imaging. Quantitative analysis based on straight
tube phantom experiments revealed the ability for accurate blood velocity estimation
using both transducers. Low magnitude and angle bias (≤ 4.99% and ≤ -0.25°, respectively)
and standard deviation values (≤ 4.05% and ≤ 0.58°, respectively) were found for both
transducers. The high-frequency transducer outperformed the conventionally-used transducer
in assessing blood velocities in the regions close to the vessel wall. Regarding the strain
validation, the conventionally-used transducer showed an overall good performance
which was less depth-dependent than the high-frequency transducer. However, the highfrequency transducer was able to better resolve high displacements and strains in the
vessel wall, close to the interface with the lumen. Qualitative comparison using a perfused
patient-specific carotid bifurcation phantom confirmed these findings. Furthermore,
the results showed that both strain and blood velocities could be derived from the same
ultrasound acquisition, allowing a seamless representation throughout the cardiac cycle.
Summarized, the main advantages of using high-frequency ultrasound, i.e., the higher
resolution and elevated blood signal intensity, resulted in more local velocity and strain
information and improved estimation of low blood velocities close to the vessel wall.
However, the inherent drawback of using the high-frequency transducer is the increased
attenuation, which resulted in presumably incorrect strain and velocity estimates at larger
depths (> 2 cm). Therefore, we advise to consider the use of a high-frequency transducer
for vascular imaging for depths up to ~2 cm. Other smaller, more superficial arteries could
also be a potential application of high-frequency ultrafast ultrasound. The choice of
transducer center frequency should be based on the specific conditions concerning the
vessel of interest.
The compounding method, as introduced in Chapter 3, was further developed in
Chapter 5. We proposed an improved version of the velocity compounding method by
combining it with the compound speckle tracking approach by Fadnes and co-workers
[98]. When both angled acquisitions were of sufficient quality, based on signal power and
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velocity variance thresholding, compounding of the angular displacement estimates was
performed according to our original method. However, when either one of the angled
acquisitions was considered to be of too little quality, projection of a single angular
estimate was performed to obtain the 2D displacement vector, according to Fadnes’
method. Besides, the technique was further improved by adaptively choosing the
effective PRF, based on results obtained in Chapter 3, where optimal PRF showed to be
cardiac phase dependent. PRF choice is based on a quick preview at the blood velocities
throughout the cardiac cycle. Finally, a temporally adaptive clutter filtering approach was
implemented, where the clutter filter cut-off point is set dynamically based on the vessel
wall velocity.
Straight vessel experiments demonstrated that the improved method performed with a
maximum velocity magnitude bias and angle bias of -3.7% and -0.16°, respectively, and a
maximum magnitude and angle standard deviation of 2.8% and 0.41°, respectively. With
these results, the performance of our method showed to be competitive compared to
other state-of-the-art methods [71, 75]. Initial in vivo evaluation of the method was
performed by quantifying the velocity fields present in the CA of two healthy and three
diseased carotid arteries. For a partial validation of the in vivo velocity vector estimates, a
comparison was made with conventional Doppler recordings. The region-of-interest was
placed at a location with no complex flow present during the cardiac cycle to facilitate a
correct manual angle correction of the Doppler estimates. Velocity traces that were
estimated using the adaptive velocity compounding method showed a good match with
PW Doppler traces and were reproducible over multiple cardiac cycles. Furthermore, the
results clearly demonstrated the sensitivity of the Doppler recordings towards manual
angle correction, where an incorrect angle rapidly results in an over- or underestimation
of the velocity. Additionally, a high level of correspondence was found between velocity
fields obtained using conventional CFI and our adaptive velocity compounding method.
However, the angle-independent velocity vector information obtained using adaptive
velocity compounding could increase our understanding of blood flow in the CA and
make the interpretation of images less operator dependent.
To quantify the complexity of the velocity fields, we defined the vector complexity (VC)
measure. More complex velocity patterns, as reflected by a higher VC measure, were
observed in the carotid arteries of the patients compared to the healthy volunteers.
Furthermore, these complex patterns were present for a longer period during the cardiac
cycle. Quantification of the complexity of the velocity fields using a single parameter
could facilitate the clinician in the evaluation of the data and make it less operator
dependent, since visual evaluation of blood flow is then supported with a quantitative
measure. In future, more patients will need to be included to statistically proof the clinical
relevance of the VC measure. However, this measure is a first attempt of potential clinically
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relevant new parameters which might aid in the assessment of the health of the blood
vessel and early detection of atherosclerosis.

6.3 General discussion
The overall aim of the research described in this thesis is the development of an ultrasound-based 2D blood velocity vector imaging technique to visualize and quantify the
complex flow patterns present in the (stenosed) carotid artery. Therefore, several methods
were proposed using plane wave ultrasound data. It was shown that in combination
with advanced speckle tracking methods, complex flow patterns could be visualized and
quantified. The methods described in this thesis provide the 2D blood velocity vectors
within the imaging plane, no longer being dependent on the ultrasound beam direction
as the 1D velocity estimates obtained by conventional Doppler methods. Furthermore,
these methods can measure velocities beyond the Nyquist limit. Thereby, we overcome
the main limitations of the current Doppler-based velocity estimation methods. The proposed
methods were verified in simulations and phantom experiments and finally, an in vivo
feasibility study was conducted. In this paragraph, the developed methods and clinical
implications are discussed.

6.3.1 Technical developments and consequences
Plane wave acquisitions allow for imaging at much higher frame rates compared to
conventional imaging, which makes this type of data acquisition extremely suited for
blood velocity imaging. High frame rates and large amounts of data in temporal direction
facilitate blood velocity estimation based on speckle tracking. However, the disadvantages
of plane wave imaging are the loss in image quality, penetration depth and lateral
resolution. Due to its superficial position, the loss of penetration depth was not an issue
for carotid artery imaging. Chapters 2-5 focus on ways to deal with these challenges and
explore the new possibilities that are provided with plane wave imaging. More specifically,
in Chapter 2 and 3, methods were developed to acquire accurate displacement,
or velocity, estimates based on plane wave data using a speckle tracking estimator.
The combination of the framework for robust 2D motion estimation based on plane wave
data (Chapter 2) and the angular displacement compounding method (Chapter 3) is
what we call the velocity compounding method, a method for 2D velocity vector imaging.
The PSF-shape-based beamforming grid combined with a matched, 2D coupled subsample
interpolator resulted in a robust framework for motion estimation which was less affected
by motion magnitude and direction (Chapter 2). Building on this framework, the velocity
compounding method outperformed other state-of-the-art methods which are based
on plane wave compounding (Chapter 3). Circumventing the use of the inherently lower
resolution lateral information showed its potential by providing reliable estimates throughout
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the cardiac cycle. Especially low velocity blood flow was estimated most accurately using
the velocity compounding method. Results also showed that the influence of the
distorting effects of clutter filtering and reduced image quality (lower signal-to-noise
ratio) could be reduced by combining our technique with the technique of Fadnes and
co-workers [98]. This improved version of the velocity compounding technique was
presented in Chapter 5: the adaptive velocity compounding method. With this method,
the 2D blood velocity vector is estimated with high accuracy and low standard deviation,
making it a very competitive method compared to other velocity vector estimation
techniques (Chapter 3 and 5). Despite the above mentioned drawback of using plane
wave acquisitions, a method is presented which can accurately and precisely estimate the
2D blood velocity vectors in the carotid artery. The potential of this technique was shown
in an in vivo feasibility study for a limited number of patients and healthy volunteers
(Chapter 5).
The potential of high frequency plane wave ultrasound for vascular imaging was shown
in Chapter 4. Despite the presented advantages of obtaining more local velocity and
strain information and improved low velocity blood flow estimation close to the vessel
wall, care should be taken when considering the use of high frequency ultrasound.
Applicability showed to be limited to depths of maximally 2 cm. The data of the healthy
volunteers and patients presented in Chapter 5 show that for carotid artery imaging,
this limit is critical, which implies that broad application throughout the entire patient
population would not be possible. However, on the spot decision-making, where the
sonographer can easily switch between different transducers during a vascular exam
depending on required imaging depth and field-of-view, will enable the use of high
frequency ultrasound in clinical practice. The use of a transducer with an intermediate
center frequency (~12 MHz) may already provide a more optimal balance between
imaging depth and resolution for most carotid vascular exams. The development of more
sensitive transducers will also further increase applicability of higher frequency ultrasound,
since both increased resolution and penetration depth will be facilitated.
Capacitive Micromachined Ultrasonic Transducers (CMUTs) are an alternative to the
conventional transducers that use piezoelectric elements. They have certain advantages:
large 1D and 2D arrays can be easily fabricated, production costs are lower, integration
with electronics is possible, they can operate within a large frequency range, and they
have a wider frequency bandwidth, which results in an improved image resolution [219].
Furthermore, these transducers have the ability to tune the operating frequency [220].
Therefore, the use of such broadband CMUTs could also be an alternative for vascular
imaging, where the appropriate frequency can be chosen depending on required
imaging depth and resolution.
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Clutter filtering
Clutter filtering is an inevitable step in blood velocity imaging to suppress the clutter
signal, originating from surrounding tissues, which otherwise dominates the blood signal.
As mentioned before, imaging at high frame rates allows for the use of clutter filters with
better characteristics compared to conventional focused imaging, where the available
temporal samples, i.e., the ensemble size, are limited. However, for beam-to-flow angles
close to 90 degrees, i.e., predominantly lateral flow, the spectra of blood and clutter signals
will start to overlap, independent of the type of acquisition. This will cause signal dropouts
and poor velocity estimates. The velocity compounding method (Chapter 3 and 5),
however, showed to be robust against these distorting effects of clutter filtering, mainly
due to the use of the dual-angle acquisitions. Furthermore, the availability of continuous
data in temporal direction was exploited by using a high-order clutter filter with a narrow
transition region (Chapter 5). A sharp transition region further reduces the distorting
effects of filtering and allows for the assessment of lower velocities as compared to
conventional Doppler imaging. An adaptive clutter filter was proposed in Chapter 5,
which showed improved clutter suppression throughout the cardiac cycle.
However, when performing clutter filtering based on the spectral or temporal discrimination
between blood and tissue signals, rejection of some part of the blood signals is inevitable,
as spectra will overlap for low blood flow velocities or fast moving tissue. These specific
conditions can be found for example when imaging the microvasculature in the skin,
muscles or tumors, where blood flow is slow, in the heart, where the tissue is moving fast,
but also in the carotid artery, for slow blood flow close to the vessel wall. Clutter filters
taking into account also the different spatial characteristics of blood and tissue have been
proposed to improve the blood-tissue separation. Yu and Lovstakken [62] have provided
an overview of these eigenvector or singular value decomposition based filters for
conventional focused imaging. Demené and co-workers presented the combination with
ultrafast imaging in 2015 [154]. This type of filtering is based on the knowledge that, next
to the differences in temporal variations between blood and tissue signals, tissue signals
have a higher spatial coherence than blood signals in ultrasound imaging. Namely, small
tissue motion will result in a shifted speckle pattern, whereas moving red blood cells will
result in a reorganization of scatterers and thus a changing speckle pattern. So far,
spatiotemporal filtering has shown potential for power Doppler perfusion imaging in the
rat brain, neonatal brain, kidney and the liver [154, 221]. Research on this topic is still very
much ongoing, as determining the singular value cut-off thresholds to reject clutter and
noise is not straightforward. Many suggestions are proposed for this problem [62, 221-223].
Application of this type of filtering for carotid artery imaging is still limited. Ekroll and
co-workers [199] showed no improved performance compared to adaptive frequencybased finite impulse response (FIR) clutter filtering for carotid artery blood velocity vector
imaging. Further research is thus required to study the potential of spatiotemporal filtering
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for blood velocity vector imaging in the carotid artery. This will require controlled simulation
or experimental environments realistically mimicking both blood flow and tissue motion,
as both are essential for performing and evaluating spatiotemporal clutter filtering.
Many clutter filters have been suggested and investigated [59-62, 154]. Despite all this
research, it still remains a major challenge for the measurement of blood flow velocities
and is probably one of the factors most influencing the outcome of the estimation. In this
thesis, we used a (adaptive) high-pass FIR filter to perform clutter rejection, while two
other type of high-pass filters are also often suggested: the infinite impulse response (IIR)
and polynomial regression filters [59, 63]. These three types of filtering have been
compared with respect to their frequency response and subsequent tracking performance
[59, 63]. Despite the time-variant nature of the latter two, which means subsequently
acquired frames are not filtered identically, they showed improved tracking performance
for limited ensemble sizes of plane wave data [63]. However, so far, such a comparison has
not yet been made for continuously acquired plane wave data, where the ensemble sizes
are no longer limited. This provides potential for further optimization of filter characteristics,
as was demonstrated in Chapter 5, which could influence, or even remove, the performance
differences between the high-pass filters. The author believes that the highest potential
for improving clutter suppression lies in the addition of new information, referring to the
addition of spatial coherence information in the spatiotemporal clutter filter proposed
by Demené and co-workers [154].
Contrast agents can be used to increase the strength of the blood, whereby clutter
filtering becomes less challenging. However, for the work presented in this thesis, no
contrast agents have been used. Developing methods without the need for contrast
agents is important, especially as the clinical application is aimed at both symptomatic
and asymptomatic patients. It becomes even more important when the techniques will
be used for early disease recognition and prevention. The absence of the need of contrast
agents will facilitate future implementation for routine clinical use.

Angled plane waves: Imaging view and grating lobes
For the velocity compounding method, data are collected using two beam-steering
angles. Axial displacement estimates are estimated along the steered ultrasound beam in
which phase information is available. The 2D velocity vector is derived by triangularization
of these axial estimates, which increases the accuracy (Chapter 3). Theoretically, steering
at plus and minus 45 degrees would be most optimal for the estimation of the 2D
displacement field as this enables the estimation of two orthogonal components based
on pure axial estimates. However, this is usually not possible due to practical limitations
which limit large angle steering.
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For larger beam-steering angles, the overlapping region of the two beams becomes
smaller, which limits the imaging field-of-view and depth. For carotid artery imaging as
described in this thesis, a transducer with a sufficiently large footprint was used. This
resulted in an adequately positioned overlapping region for the relatively superficially
positioned carotid artery. However, the usefulness of this compounding technique might
be limited for other applications. For example, for 2D cardiac flow imaging, a transducer
with a large footprint will be required to assure a sufficient imaging field-of-view at
larger depths, however, the presence of the ribs limits the size of the footprint. A possible
solution could be the use of spherical waves instead of plane waves, however, then the
applicability of the compounding technique becomes less straightforward.
Furthermore, the use of large beam steering angles can lead to the generation of grating
lobe artifacts. These grating lobes are unwanted ultrasound beams in a direction other
than the main beam direction caused by the constructive interference of neighboring
elements on the transducer footprint. Signals originating from the grating lobe are
interpreted as coming from the main beam, potentially causing artifacts in the B-mode
image and velocity estimates. The angle of appearance of the grating lobe is dependent
on the center frequency of the transmitted signal, the transducer pitch and the beam
steering angle [224]. For larger beam-steering angles, the grating lobe appearance angle
becomes smaller, i.e., closer to the zero-degree beam direction. This effect, combined
with the reduced element sensitivity for larger angles [224], leads to increased grating
lobe signal interference [225]. Hendriks and co-workers [225] showed that, depending on
the type of motion field (translation, rotation or compression), the ratio between the
main-to-grating-lobe-signal amplitude can be used to calculate the optimal steering
angle using presented cut-off values. For the transducer we used in this thesis, where the
pitch was approximately equal to the wavelength, they showed optimal steering angles
of 20 degrees, which supports the configuration-choice. However, the influence of grating
lobes has not yet been studied extensively in the context of clutter filtering for blood
velocity estimation. As clutter filtering can have a different effect on signals in the main
lobe and grating lobes, investigating this topic would be very valuable for the community.

Processing time
In clinical routine, blood flow imaging using conventional Doppler techniques is real-time,
meaning there is a live playback of the Doppler images on the screen of the ultrasound
system. For the clinical usability of the methods developed in this thesis, close to real-time
execution is a requirement. Processing time should stay within a few minutes, such that
evaluation of the results is possible during the conduction of the vascular exam. However,
currently, a limitation of our methodology is the extensive processing time, which mainly
consists of the plane wave beamforming time, i.e., the image reconstruction, and the
velocity estimation time. In this thesis, our main focus was on the velocity estimation
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accuracy and not on the optimization of processing time. However, there are ways to
reduce the processing time for both the beamforming and the velocity estimation
procedures. Chen and co-workers [211] reported that beamforming time can be reduced
by performing reconstruction in the Fourier domain, by Lu’s-fk or Stolt’s-fk, compared to
delay-and-sum beamforming, the method that was used in this thesis. Besides, they
showed that this type of beamforming does not affect the accuracy of the displacement
estimation [218]. Furthermore, CPU/GPU-optimized implementations of the developed
beamforming and velocity estimation algorithms can further reduce the processing time
by parallelization of the calculations.
The most time-consuming part of the complete processing pipeline is the cross-correlation
calculation which is used as the pattern-matching-function in the speckle tracking estimator.
Alternative pattern-matching-functions have been suggested which are computationally
less intense, such as the sum-of-absolute-difference [63, 86]. However, this comes at the
cost of accuracy.

From 2D to 3D
The methods presented in this thesis are able to assess the blood velocity vector within the
imaging plane, i.e., 2D velocity information is estimated. This information increases diagnostic
certainty and our understanding of flow in the carotid artery compared to the 1D
conventional Doppler-based velocity estimates. However, as blood flow is three dimensional
(3D), the extension of the presented technique towards 3D is a natural next step.
The development and (commercial) availability of suitable matrix transducers, capable of
ultrafast transmission and data recording with sufficient quality, will be the first, crucial step
towards 3D blood flow imaging. Few studies have been published on 3D blood flow
imaging in the carotid artery. 3D velocity vector imaging was shown in a single scan plane
[212] and in a volumetric field-of-view [180]. Both studies however, were performed using
very dedicated, custom-made high-end research scanners. Because appropriate ultrasound
probes have yet to be developed or become commercially available for ultrafast 3D vascular
imaging, this thesis focused on the development of a 2D technique. However, the proposed
methods can easily be extended into the third dimension when 3D full volume ultrafast data
of sufficient quality can be acquired. For the purpose of speckle tracking, it is important that
the 3D data are acquired with sufficient temporal and spatial resolution, to avoid decorrelation
of speckle patterns and acquire velocity estimates with sufficient accuracy.
Other velocity vector estimation methods
The velocity vector imaging method as proposed in this work is not the only method
currently being developed. Many research is performed on this topic and other methods
have been suggested for similar purposes, each with their own strengths and weaknesses.
A short overview of the most important methods is provided in Chapter 1 of this thesis.
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With the growing availability of blood velocity vector estimators, it is important that the
performance of these estimators can be compared. Often, similar simulations and/or
experiments are conducted which partially allow for such comparisons. For example,
the rotating disk and straight tube simulations and experimental setups are commonly
applied to demonstrate the performance of a technique. We shortly elaborated on such a
comparison in Chapter 5 of this thesis, where we compared our adaptive velocity
compounding method to other state-of-the-art velocity vector estimators based on the
straight tube experimental results. However, platforms for direct and fair comparisons are
also required, where velocity estimators can be compared based on exactly the same
datasets. The challenge organized at the IEEE International Ultrasonics Symposium 2018
in Kobe (Japan) provided such a platform, where the performance of different velocity
estimation techniques could be compared based on simulated and measured ultrasound
RF element data acquired with synthetic aperture imaging [226]. The challenge made use
of a carotid artery dataset based on computational fluid dynamics simulations [227].
Swillens and co-workers provide this dataset together with a dataset of the forearm
vasculature [228] on their website (www.biommeda.ugent.be/ biomedical-ultrasound-
research), which can be used to create scatterer phantoms for simulating ultrasound data.
This platform allows to test and compare ultrasonic flow imaging techniques in the
presence of complex flow conditions with full knowledge on the ground truth flow.
Furthermore, data sharing is becoming more important in today’s research. Making datasets
available for use by other researchers will facilitate verification of results, comparison of
techniques and extending research from prior results. It will promote discussions between
research groups and thereby contribute to scientific progress.
The first commercial ultrasound systems equipped with vector flow imaging (often optional)
are coming on the market at this moment (e.g. BK Medical, GE Healthcare, Hitachi,
Carestream, and Mindray). The commercial implementation of these techniques is important
and required to overcome the accepted clinical standard, i.e., Doppler imaging. It allows
for broad application of these techniques in many hospitals, which facilitates multi-center
studies and conduction of large clinical trials to show the potential additional value of
these new techniques compared to conventional Doppler imaging in clinical routine.

6.3.2 Clinical implementation and application
As the geometrical measures primarily used to decide upon an endarterectomy are
inadequate, there is a justified need for patient-specific diagnosis, or risk stratification, and
subsequently appropriate (timing of) intervention. Assessing functional information
concerning the arterial wall and the plaque combined with information about the local
complex blood flow patterns using ultrasound imaging, provides a noninvasive method
to monitor the vascular condition over time. This additional functional information could
be used to better select those patients who would benefit from treatment. Furthermore,
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this information could enhance our understanding of the mechanisms associated with
development of atherosclerosis, which is essential for the detection of preliminary stages
of the disease and prevention of acute events.
The methods proposed in this thesis are a first step towards patient-specific diagnosis and
treatment, as they allow to assess the 2D blood velocity vector information within the
imaging plane at high temporal resolution (Chapter 2-5). Furthermore, the use of plane
wave acquisitions makes it possible to simultaneously quantify also the vessel wall
deformation, or strain (Chapter 4). In this section, we will further elaborate on the clinical
implementation and implications of these methods and the required future research
directions.
Application of the proposed velocity vector imaging methods into current clinical routine
will increase the diagnostic certainty, as quantitative velocity information can be obtained
without the need for manual angle correction. Operator-dependent errors will be reduced
in the assessment of blood velocities, leading to a more accurate diagnosis. More
specifically, it could lead to more reliable stenosis grading, as peak systolic velocities used
to stage the degree of stenosis can now be assessed more accurately and for every point
in the image simultaneously, as shown in Chapter 5. The adaptive velocity compounding
method is validated in Chapters 2, 3 and 5 using simulations and phantom experiments,
and an in vivo feasibility study is presented in Chapter 5 based on a few subjects, both
healthy volunteers and patients with carotid artery disease. However, for the adaptive
velocity compounding method to be implemented into clinical routine, a larger cohort
study needs to be performed first. This is important to get more insight in the performance
of the technique, as the image quality may differ considerably for increasingly more
affected or diseased vessels. This will directly influence the performance of the velocity
estimator. Furthermore, it is important to more extensively study the reproducibility of the
technique within the clinical setting. Although the preliminary results presented in
Chapter 5 suggest a good intra-observer variability for consecutive cardiac cycles,
inter-observer and intra-observer variability after detaching and repositioning of the
probe will also have to be investigated.
Large clinical cohort studies are furthermore required to investigate the predictive value
of the measured flow patterns and vessel wall strain information. Studying the clinical
implications of the measured blood flow patterns and vessel wall mechanics will be
important to extract predictive parameters to demonstrate the merit for treatment decision-making. For this, patients, both symptomatic and asymptomatic, will need to be
followed for several years, acquiring ultrasound data at regular intervals. Based on such
datasets, we will be able to study the potential of the acquired functional information with
respect to patient-specific diagnosis, risk stratification and intervention. To find the merit
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it is necessary to perform these large follow-up trials, where we can study the causal
relation between functional information and the development and progress of atherosclerosis. For an endarterectomy procedure, the number-needed-to-treat is high, with 6
surgeries needed to prevent one stroke (Chapter 1). The cost of a single endarterectomy
procedure with follow-up is on average 20k euro and yearly 3.000 carotid surgeries are
performed in The Netherlands. Considering this, preventing unnecessary operations will
have a substantial impact on healthcare costs.
With the use of the techniques presented in this thesis, enormous amounts of data are
acquired which describe the 2D velocity patterns in detail at high temporal resolution.
Interpretation of this information is very labor-intense and time-consuming. Therefore, the
derivation of quantitative parameters, describing different aspects of the velocity field,
is very important. We used the vector complexity (VC) measure in Chapter 5, adapted
from [156], to quantify the complexity of flow, and showed the potential of this measure
to differentiate deviating carotid geometries. Increased VC was found in patients with
carotid stenosis and carotid patches (placed after endarterectomy) compared to healthy
carotid arteries. Pedersen and co-workers [156] introduced the vector concentration
measure to quantify complexity of flow by calculating the vector angle dispersion. They
showed that this measure was able to distinguish flow patterns in the common carotid
artery (CCA) from patterns in the carotid bulb. Hansen and co-workers [206, 207] applied
this measure intra-operatively on the ascending aorta and showed a distinction between
healthy aortic valves and stenosed valves based on the flow complexity. These results
indicate that blood velocity vector imaging may be a valuable tool to monitor patients
with atherosclerosis or other diseases affecting the vascular tree. Future studies should
also obtain normal values for the quantitative parameters, as the VC. Such reference values
will be important to discriminate healthy and (early) diseased vessels.
Furthermore, the velocity vector imaging technique could also be of additional value
during and after surgery, where the velocity information can provide live feedback to
guide the surgery and subsequently to study the success of the treatment after the
procedure. The technique also provides the possibility to study the effectiveness of
different treatment options or guide the development of new strategies, including
medication. For example, the effectiveness of patch placement after endarterectomy is
debated [17, 229, 230]; there is discussion about the choice for primary closure versus
patch closure, patch type and diameter of the vessel after closure. Blood velocity vector
imaging might be a valuable tool to gain insight into the effect of these choices on the
local hemodynamics, thereby increasing the knowledge and understanding of treatment
success.
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In addition, blood flow imaging could increase our fundamental understanding of the
role of flow in atherosclerosis. Blood-flow-induced wall shear stress (WSS) is an important
biomechanical stimulus of endothelial function and a factor involved in the pathophysiology and genesis of atherosclerosis (Chapter 1). With the techniques described in this
thesis, we are able to estimate the 2D blood velocity vector information. Although not
derived in this thesis, this provides the possibility to derive the WSS, which is not possible
based on the conventional Doppler recordings. This functional information could enhance
our knowledge of the underlying mechanisms in atherosclerotic disease. Long-term
studies will be required to clarify the natural history of atherosclerosis and the role of local
blood flow and WSS. In other words, the potential of blood flow imaging to identify
vascular sites prone to atherosclerosis, plaque progression and plaque rupture needs to
be investigated. Identifying patients at risk will allow for preventative management and
better timing of treatment, thereby improving clinical outcome. However, the biggest
challenge when assessing the WSS is probably clutter filtering, as velocities close to the
vessel wall need to be estimated accurately. Therefore, improving the filtering techniques,
as suggested earlier, will benefit the estimation of these shear stresses.
The clinical application of the adaptive velocity compounding method as developed in
this thesis is not limited to the carotid artery. Blood flow imaging in other vessels can be
performed using the technique and might be of clinical importance, for example imaging
blood flow in the arteriovenous fistula in patients with renal disease. Besides, imaging
intracardiac blood flow patterns is of clinical interest as well, for example in congenital
heart disease. Settings of the velocity estimation algorithm will need to be considered
carefully to make the method applicable under different conditions. The developed
method can have impact on clinical routine throughout the entire hospital as an addition
to the clinical toolbox for diagnosis, intervention and monitoring of diseases affecting the
cardiovascular system.
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6.4 Conclusion
The main aim of all the work summarized in this thesis was to develop an ultrasound
imaging technique to obtain 2D blood velocity vector estimates in the carotid artery.
A speckle tracking velocity estimator based on ultrafast plane wave ultrasound recordings
was developed and validated. Simulations, experiments and in vivo data were used to
demonstrate the performance of this method. The final in vivo recordings show the
clinical feasibility of the method.
The acquired 2D blood velocity vector information could improve the current clinical
workflow, by providing angle independent 2D velocity estimates and functional information
concerning the complex blood flow dynamics. Furthermore, this velocity information
could enhance our understanding on the disease process of atherosclerosis and potentially
provide a noninvasive method for patient-specific diagnosis and intervention, most likely
combined with information on the vessel wall and plaque mechanics and content.
The definition of new quantitative flow parameters is possible and should be further
explored, as such parameters facilitate the clinician in the evaluation and interpretation of
the data and clinical decision-making. Large-scale studies acquiring data of healthy and
diseased carotid arteries are required to fully investigate the clinical merit of 2D blood
velocity vector imaging as a new tool for diagnosis, intervention and disease monitoring.
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Beroerte is een belangrijke oorzaak van overlijden en invaliditeit. Bij een beroerte is er
sprake van een tekort aan zuurstof in een gedeelte van de hersenen, met als gevolg dat
hersencellen in dit gebied kunnen afsterven. Dit tekort aan zuurstof kan veroorzaakt
worden door een hersenbloeding, waarbij een bloedvat in de hersenen scheurt, of door
een verstopping van slagaders in de hersenen, we spreken dan van een herseninfarct.
Ongeveer 20% van alle herseninfarcten wordt veroorzaakt doordat een atherosclerotische
plaque in de halsslagader scheurt. Deze plaques ontstaan doordat vetten en andere
stoffen zich opstapelen in de vaatwand. Wanneer deze ophoping van stoffen blijft groeien
kan dit resulteren in een plaque die kan scheuren. Hierbij komt de inhoud van de plaque
in de bloedbaan terecht en vormt zich een bloedprop die verder stroomafwaarts een
slagader in de hersenen blokkeert. Wanneer dit resulteert in een tijdelijk verminderde
bloedtoevoer noemen we dit een Transient Ischemic Attack, beter bekend als TIA.
Wanneer een slagader in de hersenen langdurig geblokkeerd raakt spreken we van een
herseninfarct.
De door de plaque veroorzaakte vernauwing, of stenose, in de halsslagader kan verwijderd
worden middels een operatie, genaamd endarterectomie. Patiënten waarbij de stenose
meer dan 70% van de halsslagader afsluit ondergaan deze operatie. Echter, bij maar één
op de zes patiënten voorkomt dit een beroerte. Daarnaast zijn er patiënten die niet in
aanmerking komen voor een operatie (50-69% stenose), die toch opnieuw een beroerte
krijgen. De huidige selectie van patiënten die in aanmerking komt voor deze operatie is
dus verre van perfect. Hierdoor worden patiënten met een stenose in de halsslagader
over- en onderbehandeld. Er is een grote noodzaak voor betere selectie criteria om
patiënten te kunnen selecteren die baat zullen hebben bij een operatie. Daarnaast richt
de huidige (Nederlandse) klinische richtlijn zich alleen op symptomatische patiënten.
Dit zijn patiënten die zich presenteren met symptomen na een beroerte of TIA. Patiënten
bekend met een stenose in de halsslagader waarbij een beroerte nog niet heeft
plaatsgevonden worden niet opgevolgd of gemonitord. Voor het voorkomen van een
beroerte is het belangrijk om de plaques in de halsslagader ook in de vroegere stadia te
kunnen detecteren. Er is dus een grote behoefte aan patiëntspecifieke diagnose, risicostratificatie en interventie van een stenose in de halsslagader, welke op dit moment nog
niet mogelijk zijn.
De ontwikkeling van een atherosclerotische plaque gaat, al vanaf een heel vroeg stadium,
gepaard met veranderingen in zowel de vaatwand als de stroming van het bloed in het
vat. Het verkrijgen van informatie over het gedrag van de vaatwand en de bloedstroming
zou dus kunnen helpen bij een betere stadiëring en risicostratificatie van de ziekte.
Daarnaast zou deze functionele informatie ook kunnen resulteren in vroegere detectie
van de ziekte en daardoor mogelijk een beroerte kunnen voorkomen. Het onderzoek
beschreven in dit proefschrift richt zich daarom op het ontwikkelen van een ultrageluids-
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techniek waarmee de bloedstroomsnelheid kan worden gekwantificeerd in de halsslagader.
De ontwikkelde technieken zijn bestudeerd middels computer simulaties, experimenten
en in vivo opnames. Deze in vivo opnames laten de klinische toepasbaarheid van de
ontwikkelde techniek zien.
Ultrageluid, ook wel echografie genoemd, wordt gezien als een uitermate geschikte
techniek voor het niet-invasief in beeld brengen en monitoren van de conditie van vaten,
zoals de halsslagader, vanwege de snelle beeldvorming (hoge temporele resolutie) en hoge
spatiële resolutie (hoofdstuk 1). Vandaag de dag is deze techniek één van de meest
gebruikte technieken in de kliniek om de conditie van vaten in ons lichaam te bestuderen.
Dit komt voornamelijk doordat deze techniek niet invasief is, vrij van schadelijke straling,
eenvoudig te transporteren, makkelijk toepasbaar en relatief goedkoop is vergeleken met
andere beeldvormende technieken, zoals MRI en CT. Al deze kenmerken maken ultrageluid
een beeldvormingstechniek die uitermate geschikt is om toe te passen tijdens het gehele
ziekteproces van atherosclerose.
Commercieel verkrijgbare echoapparatuur is uitgerust met zogenoemde Doppler technieken,
waarmee de snelheid van bloed bepaald kan worden. Echter, deze technieken zijn
gelimiteerd. De belangrijkste limitatie is de hoekafhankelijkheid, waarmee wordt bedoeld
dat niet de volledige snelheidsvector wordt geschat, maar een projectie van deze vector
in de richting van de ultrageluidsbundel. Dit maakt dat deze Doppler technieken niet in
staat zijn complexe stromingen van het bloed volledig af te beelden. Verder betekent dit
ook dat voor het afleiden van kwantitatieve snelheidsinformatie de richting van de
bloedstroom bekend moet zijn. Het corrigeren voor deze richting wordt uitgevoerd door
de echografist, wat de techniek afhankelijk maakt van de gebruiker en daarmee ook
foutgevoelig (hoofdstuk 1).
Het onderzoek dat staat beschreven in dit proefschrift richt zich op het ontwikkelen van
een ultrageluidstechniek voor het visualiseren en kwantificeren van bloedsnelheidsvectoren
zodat de complexe bloedstromingsvelden in de (vernauwde) halsslagaders bestudeerd
kunnen worden. Hiervoor is een geavanceerde speckle tracking techniek ontwikkeld en
gevalideerd, waarbij gebruik gemaakt wordt van ultrasnelle ultrageluidsopnames.
De speckle tracking techniek maakt gebruik van temporele kruiscorrelatie tussen twee
opeenvolgende echobeelden voor het schatten van de verplaatsing of vervorming
van het onderliggende weefsel, in dit geval het bloed. Door het uitzenden van niet
gefocusseerde vlakke golven, plane waves genoemd, kunnen tot wel 25.000 beelden per
seconden opgenomen worden, we noemen dit ultrasnel. Bij conventioneel ultrageluid
worden gefocusseerde geluidsbundels uitgezonden en is het aantal beelden per
seconden gelimiteerd tot ongeveer 100 bij het afbeelden van een halsslagader. Echter, het
gebruik van de ultrasnelle opnames brengt wat uitdagingen met zich mee, omdat de
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beeldkwaliteit en laterale resolutie slechter zijn in vergelijking met de standaard opnames.
In dit proefschrift zijn methodieken ontwikkeld die zo goed mogelijk omgaan met deze
uitdagingen, daarbij gebruik makend van de voordelen van ultrasnel ultrageluid. Deze
samenvatting vat de belangrijkste bevindingen van het onderzoek in dit proefschrift
samen.
Bij ultrasnelle echografie kan een volledig echobeeld gereconstrueerd worden na het
uitzenden van één vlakke golf. Het reconstrueren van een echobeeld uit de ontvangen
echo’s noemen we beamforming. Deze beamforming kan door het gebruik van ultrasnelle
echografie uitgevoerd worden nadat alle echo’s zijn ontvangen en opgeslagen op een
computer. Dit geeft de mogelijkheid om invloed uit te oefenen op deze belangrijke stap.
In hoofdstuk 2 wordt een methodiek beschreven om de beamforming op een slimme
manier uit te voeren, waarbij gebruik gemaakt wordt van de spatiële resolutie van het
systeem waarmee wordt gemeten. De resolutie beschrijft de minimale afstand tussen
twee structuren die nog te onderscheiden zijn. Deze informatie wordt gebruikt om te
definiëren waar in de ruimte beeldpunten gevormd, of gebeamformed, moeten worden.
Dit wordt vervolgens gecombineerd met een 2D interpolatie van de kruiscorrelatiefunctie
voor het bepalen van subresolutie (sub sample) verplaatsingswaardes. De hypothese
hierbij is dat hierdoor de bepaling van de beweging van het weefsel, met behulp van
kruiscorrelatie, nauwkeuriger wordt.
Met behulp van computer simulaties van de wandbeweging en bloedstroom in een
halsslagader en experimenten met een ronddraaiende schijf is de prestatie van deze nieuwe
techniek vergeleken met de vaak gebruikte manier van beamformen en subresolutie
schattingen. De resultaten laten zien dat de nieuwe methodiek inderdaad de meest
betrouwbare schattingen oplevert, zowel voor de wandbeweging als de bloedsnelheid.
Daarnaast is de prestatie van de techniek minder gevoelig voor de richting en grootte van
de beweging. De methodiek zoals gepresenteerd in dit hoofdstuk kan ook gemakkelijk
toegepast worden op ander type ultrasnelle ultrageluidsdata, het enige vereiste is dat de
resolutie van het systeem bekend is. De methodiek is bijvoorbeeld al toegepast voor het
in beeld brengen van cardiale beweging gebruikmakend van bolvormige ultrageluidsgolven (spherical waves) en het schatten van vervorming (strain) in borstweefsel gebaseerd
op vlakke golf (plane waves) opnames.
De schatting van de verplaatsing loodrecht op de ultrageluidsbundel (laterale richting) is
minder nauwkeurig dan de schatting in de richting van de geluidsbundel (axiale richting).
Dit komt doordat de ruwe ultrageluidssignalen (RF signalen) in de richting van de bundel
zowel fase als amplitude informatie bevatten, wat er voor zorgt dat in deze richting meer
nauwkeurige verplaatsingsschattingen gedaan kunnen worden. Wanneer de halsslagader
in beeld wordt gebracht voor bloedsnelheidsmetingen, is de verplaatsing van het bloed
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vaak dominant in de laterale richting aanwezig. In hoofdstuk 3 is daarom gebruik gemaakt
van displacement compounding, een techniek ontwikkeld in onze onderzoeksgroep
(Medical UltraSound Imaging Center). Deze methode maakt gebruik van alleen axiale
verplaatsingsschattingen en vermijd het directe gebruik van de laterale schattingen om
het volledige 2D snelheidsveld te bepalen. Plane waves worden ultrasnel uitgezonden
onder twee verschillende transmissiehoeken (± 20°), waarna de snelheidsvectoren bepaald
worden door de axiale verplaatsingsvelden van de twee hoeken te combineren door middel
van projectie. Deze techniek is vergeleken met andere recent ontwikkelde technieken die
ook gebruik maken van plane waves die onder een hoek zijn uitgezonden: coherent
compounding en compound speckle tracking. Er is met name gelet op de invloed van de
beeldfrequentie, beeldkwaliteit en clutter-filtering op de prestatie van de verschillende
technieken. Clutter-filtering is een essentiële, onmisbare stap in het afbeelden van bloedstroomsnelheden. Het signaal van het bloed wordt namelijk overstraald door signalen van
omliggende weefsels. Deze signalen moeten dus onderdrukt of weg gefilterd worden om
de signalen van het bloed zichtbaar te maken, zodat ze gebruikt kunnen worden om de
snelheid van het bloed te schatten. Dit onderscheid maken tussen de verschillende
signalen is echter erg lastig en vaak wordt daardoor ongewenst ook een gedeelte van het
bloedsignaal onderdrukt. De prestatie van de verschillende technieken is bestudeerd aan
de hand van computer simulaties van de bloedstroming in de halsslagaders. Daarnaast
zijn in vivo opnames gemaakt om de simulatie resultaten te onderbouwen.
De resultaten van dit onderdeel van het onderzoek laten zien dat de displacement
compounding en compound speckle tracking technieken het minst negatief beïnvloed
worden door de clutter-filtering stap. Daarnaast resulteert de displacement compounding
techniek in de meeste betrouwbare schattingen van de bloedstroomsnelheid, vooral
voor relatief lage snelheden. Hiermee wordt aangetoond dat het gebruik van alleen axiale
verplaatsingsinformatie voordelig is. De resultaten in dit hoofdstuk laten verder ook zien
dat de prestatie van deze techniek afhankelijk is van de beeldfrequentie, dus de snelheid
waarmee de beelden worden opgenomen. Dit heeft te maken met de grootte van de
verplaatsing van het bloed tussen twee opeenvolgende beelden. Wanneer de snelheid
van het bloed hoog is, zoals in de piek systolische fase van de hartslag, worden de meest
betrouwbare snelheidsschattingen verkregen door 8000 beelden per seconde op te
nemen. Wanneer het bloed langzamer stroomt, zoals in de diastolische fase, zijn 4000
beelden per seconde voldoende. De optimale beeldfrequentie is daarmee dus afhankelijk
van de fase van de hartslag waarnaar gekeken wordt. De compound speckle tracking
techniek maakt gebruik van de mogelijkheid om onbetrouwbare axiale verplaatsingsschattingen niet mee te nemen in de uiteindelijke schatting. Dit is mogelijk omdat
meerdere opnames uit verschillende hoeken gemaakt worden, waardoor er altijd een
back-up is aan informatie wanneer één van de hoeken niet meegenomen wordt. Het niet
meenemen van snelheidsschattingen die verstoord zijn blijkt voordelig te zijn. Aanbevolen
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wordt om in de toekomst beide technieken, displacement compounding en compound
speckle tracking, te combineren. In hoofdstuk 5 van dit proefschrift wordt een dergelijke
verbeterde versie van de displacement compounding techniek beschreven.
Er is op dit moment een trend zichtbaar richting de ontwikkeling van hoogfrequente
ultrageluidstransducers. Dit zijn transducers die ultrageluid uitzenden met een frequentie
vanaf 20 MHz. Verschillende fabrikanten waaronder Canon, Philips, BK Ultrasound, Kolo
Medical en Visualsonics ontwikkelen deze transducers en brengen ze op de markt voor
beeldvorming van voornamelijk musculoskeletale en ondiep gelegen vasculaire structuren
in de mens. Verbeterde spatiële resolutie en toegenomen sterkte van het bloedsignaal
zijn intrinsiek voor het gebruik van hoger frequent ultrageluid. Echter, dit gaat ten koste van
de penetratie diepte, de diepte tot waar het echobeeld met goede kwaliteit opgenomen
kan worden. Gezien bovengenoemde voordelen van het gebruik van hoogfrequent ultrageluid is in hoofdstuk 4 hiervan de potentie onderzocht voor het afbeelden van de
bloedstroomsnelheid en vaatwandvervorming, of rek (strain), in de halsslagader.
Er is onderzocht of het gebruik van een hoogfrequente transducer (~20 MHz) voordelig is
vergeleken met een transducer (~9 MHz) die standaard gebruikt wordt in de kliniek voor het
afbeelden van de halsslagader. Kwantitatieve analyse gebaseerd op rechte-buis experimenten
laten zien dat beide transducers in staat zijn om de bloedsnelheid nauwkeurig te bepalen.
Lage bias en standaard deviatie scores zijn gevonden voor beide transducers, zowel voor
het schatten van de grootte van de snelheid (bias ≤ 4.99%, standaard deviatie ≤ 4.05%) als
ook de richting, of hoek, van de snelheidsvector (bias ≤ -0.25°, standaard deviatie ≤ 0.58°).
De hoogfrequente transducer overtreft de conventionele transducer in het schatten van
de bloedsnelheden in gebieden dicht bij de vaatwand. Met betrekking tot schatting van
de strain in de vaatwand laat de conventionele transducer globaal een goede prestatie
zien die minder diepte afhankelijk is dan de prestatie van de hoogfrequente transducer.
Echter, met het gebruik van de hoogfrequente transducer worden de grote verplaatsingen
en strains in de vaatwand, dicht bij de overgang van de vaatwand naar het lumen van
het vat, beter geschat. Deze resultaten worden bevestigd door de kwalitatieve vergelijking
op basis van een halsslagader bifurcatie fantoom. Dit is een artificieel bloedvat gemaakt
op basis van de geometrie gemeten in een patiënt met een vernauwde halsslagader.
Door hier namaakbloed doorheen te laten stromen kan de situatie in ons lichaam zoveel
mogelijk nagebootst worden in een experiment. De resultaten van dit fantoom laten
verder zien dat het mogelijk is om zowel de strain als de bloedstroomsnelheid te bepalen
uit dezelfde ultrageluidsopnames, zodat een gelijktijdige, op elkaar aansluitende weergave
van beide mogelijk is. Samenvattend resulteren de eerder genoemde voordelen van
hoogfrequent ultrageluid in meer lokale bloedstroomsnelheid en strain informatie en
verbeterde schattingen van de lage bloedstroomsnelheden dicht bij de vaatwand.
Maar, door de verminderde penetratiediepte worden vermoedelijk incorrecte schattingen
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gedaan op dieptes > 2 cm. Geadviseerd wordt dan ook het gebruik van hoogfrequent
ultrageluid voor vasculaire beeldvorming tot een diepte van 2 cm. De keuze voor
transducer, en dus de centrale frequentie van het uitgezonden ultrageluid, moet bepaald
worden op basis van de specifieke condities betreffende het af te beelden vat.
De displacement compouding techniek zoals beschreven in hoofdstuk 3, is verder ontwikkeld
in hoofdstuk 5. Er wordt een nieuwe versie van deze techniek geïntroduceerd, de adaptieve
velocity compounding techniek, waarbij een combinatie wordt gemaakt van 2 technieken,
zoals voorgesteld in hoofdstuk 3. Wanneer beide opnames, opgenomen onder twee
verschillende hoeken, van voldoende kwaliteit zijn worden de axiale verplaatsingsschattingen van beide hoeken gecombineerd tot een 2D snelheidsschatting door middel van
projectie volgens de originele methodiek (hoofdstuk 3). Wanneer één van beide hoeken
wordt beoordeeld als zijnde van te slechte kwaliteit, wordt het volledige verplaatsingsveld (axiaal en lateraal) van de andere hoek geprojecteerd om een 2D snelheidsschatting
te verkrijgen. De kwaliteitsbeoordeling is gebaseerd op de sterkte van de ultrageluidssignalen na het clutter-filtering proces en de hoeveelheid spreiding op de axiale verplaatsingsschattingen binnen een periode van 10 ms. Met behulp van afkapwaardes wordt per
beeldpunt bepaald welke van beide benaderingen toegepast moet worden. De techniek
is verder verbeterd door de effectieve beeldfrequentie adaptief te maken, gebaseerd op
de resultaten uit hoofdstuk 3. De keuze voor de effectieve beeldfrequentie wordt
bepaald door een snelle ‘vooruitblik’ op de aanwezige bloedstroomsnelheden gedurende
de hartslag. Daarnaast is er een adaptief clutter-filter geïmplementeerd. Deze filter houdt
rekening met de snelheid van de vaatwand bij het onderdrukken van deze signalen, met
als doel deze signalen beter te kunnen onderdrukken.
Rechte-buis experimenten laten zien dat deze adaptieve velocity compounding techniek
de grootte en hoek van de snelheidsvectoren schat met een maximale bias van -3.7% en
-0.16°, respectievelijk. De standaard deviatie is maximaal 2.8% en 0.41° voor respectievelijk
de grootte en hoek van de vectoren. Deze resultaten laten zien dat de techniek erg
concurrerend is aan andere geavanceerde methoden. Een eerste in vivo evaluatie is
uitgevoerd door de bloedstroomsnelheden te bepalen in twee gezonde en drie zieke
halsslagaders van vrijwilligers. De geschatte snelheden worden vergeleken met
conventionele Doppler opnames, om zo de nieuwe methodiek te bevestigen en de
meerwaarde ervan te laten zien. Dit wordt gedaan op een plek waar geen complexe
bloedstroming plaatsvindt gedurende de hartslag, zodat de handmatige hoekcorrectie,
noodzakelijk bij een Doppler meting, eenvoudig toegepast zou moeten kunnen worden.
De snelheidscurves, dit zijn curves van de bloedsnelheid op één bepaalde positie over de
tijd, geschat met de nieuwe techniek laten een grote mate van overeenkomst zien met de
curves geschat met Doppler en zijn reproduceerbaar over meerdere hartslagen. De
resultaten laten verder ook zien dat de Doppler opnames erg gevoelig zijn voor de
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noodzakelijke hoekcorrectie, waarbij een onjuiste schatting van de hoek snel resulteert in
een onder- of overschatting van de bloedstroomsnelheid. De hoekonafhankelijke informatie
verkregen met de nieuwe techniek vergroot het begrip over de bloedstroming in de halsslagader en maakt de interpretatie van de beelden minder afhankelijk van de gebruiker.
Vervolgens is in hoofdstuk 5 een maat gedefinieerd die kwantificeert hoe complex het
gevonden stromingsveld is in de halsslagaders, de vector complexiteit. Met de complexiteit
van het stromingsveld wordt bedoeld de mate van spreiding in de stromingsrichting
binnen het volledige lumen van het vat dat in beeld gebracht wordt. Deze maat kan nu
berekend worden, omdat met de nieuwe adaptieve velocity compounding techniek het
volledige 2D snelheidsveld geschat wordt. Meer complexe stromingsvelden, gereflecteerd
door een verhoogde score op de vector complexiteit, zijn gevonden in de zieke
halsslagaders van patiënten vergeleken met die van gezonde vrijwilligers. Daarnaast zijn
deze complexe stromingsvelden gedurende een langere periode aanwezig tijdens één
hartslag. Het kwantificeren van de complexiteit van de stroming aan de hand van een
enkele parameter zou clinici kunnen ondersteunen in het beoordelen van de data en het
proces minder gebruikersafhankelijk maken. De visuele beoordeling of interpretatie van
de arts wordt dan namelijk ondersteund met een kwantitatieve maat. In de toekomst
zullen meer patiënten geïncludeerd moeten worden om de klinische relevantie van deze
maat statistisch aan te kunnen tonen. De vector complexiteit is potentieel een klinisch
relevante parameter die zou kunnen ondersteunen in de beoordeling van de gezondheid
van bloedvaten en het vaststellen van atherosclerose.

Conclusie
Samenvattend is dit proefschrift gericht op het ontwikkelen van een ultrageluidstechniek
voor het bepalen van de 2D bloedstroomsnelheden in de halsslagader. Hiervoor is een
techniek ontwikkeld en gevalideerd, gebruikmakend van ultrasnelle vlakke golf (plane
wave) ultrageluidsopnames. Computer simulaties, experimenten en in vivo data zijn
gebruikt om de prestatie van deze techniek te bestuderen. De uiteindelijke in vivo
opnames van de halsslagader laten de klinische toepasbaarheid van deze techniek zien.
De nieuwe methodiek zou de huidige klinische workflow kunnen verbeteren, doordat
hoekonafhankelijke 2D snelheidsschattingen gedaan worden en handmatige correcties
niet meer nodig zijn. Daarnaast kan de functionele informatie over de complexe
bloedstroming de kennis vergroten met betrekking tot het ziekteproces van atherosclerose
en kan het mogelijk leiden tot een niet-invasieve methode voor patiëntspecifieke
diagnose en interventie. Dit laatste hoogstwaarschijnlijk in combinatie met informatie
over de mechanische eigenschappen en samenstelling van de vaatwand en de stenose.
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Het definiëren van nieuwe kwantitatieve parameters die iets zeggen over de bloed
stroming, zoals de vector complexiteit, is nu mogelijk en moet verder verkend worden.
Dergelijke parameters zouden namelijk clinici kunnen ondersteunen in de evaluatie en
interpretatie van de data en daarmee in de klinische besluitvorming. Grootschalige studies
zullen uitgevoerd moeten worden, waarbij data opgenomen worden van zowel gezonde
als stenotische halsslagaders. Dit is nodig om de klinische potentie en meerwaarde van
ontwikkelde techniek volledig te kunnen bestuderen zijnde als nieuwe tool voor patiëntspecifieke diagnose, risicostratificatie en interventie van atherosclerose.

178

SAMENVATTING

7

179

&
Bibliography
Publications and presentations
PhD portfolio
Dankwoord
Curriculum Vitae

BIBLIOGRAPHY

Bibliography
[1]
[2]
[3]
[4]
[5]
[6]
[7]
[8]

[9]
[10]
[11]

[12]
[13]
[14]

[15]

[16]
[17]
[18]
[19]

[20]
[21]

[22]

[23]

G. A. Roth, C. Johnson, A. Abajobir, F. Abd-Allah, S. F. Abera, G. Abyu, et al., “Global, Regional, and National
Burden of Cardiovascular Diseases for 10 Causes, 1990 to 2015,” J Am Coll Cardiol, vol. 70, pp. 1-25, Jul 4 2017.
A. R. Naylor, “Why is the management of asymptomatic carotid disease so controversial?,” Surgeon, vol. 13, pp.
34-43, Feb 2015.
E. J. Benjamin, M. J. Blaha, S. E. Chiuve, M. Cushman, S. R. Das, R. Deo, et al., “Heart Disease and Stroke Statistics2017 Update A Report From the American Heart Association,” Circulation, vol. 135, pp. E146-E603, Mar 7 2017.
J. F. Bentzon, F. Otsuka, R. Virmani, and E. Falk, “Mechanisms of plaque formation and rupture,” Circ Res, vol. 114,
pp. 1852-66, Jun 6 2014.
R. Ross, “Atherosclerosis--an inflammatory disease,” N Engl J Med, vol. 340, pp. 115-26, Jan 14 1999.
A. J. Lusis, “Atherosclerosis,” Nature, vol. 407, pp. 233-41, Sep 14 2000.
E. Falk, “Pathogenesis of atherosclerosis,” J Am Coll Cardiol, vol. 47, pp. C7-12, Apr 18 2006.
C. K. Zarins, D. P. Giddens, B. K. Bharadvaj, V. S. Sottiurai, R. F. Mabon, and S. Glagov, “Carotid bifurcation atherosclerosis. Quantitative correlation of plaque localization with flow velocity profiles and wall shear stress,” Circ
Res, vol. 53, pp. 502-14, Oct 1983.
S. S. Dhawan, R. P. Avati Nanjundappa, J. R. Branch, W. R. Taylor, A. A. Quyyumi, H. Jo, et al., “Shear stress and
plaque development,” Expert Rev Cardiovasc Ther, vol. 8, pp. 545-56, Apr 2010.
C. R. White and J. A. Frangos, “The shear stress of it all: the cell membrane and mechanochemical transduction,”
Philosophical Transactions of the Royal Society B-Biological Sciences, vol. 362, pp. 1459-1467, Aug 29 2007.
J. J. Wentzel, Y. S. Chatzizisis, F. J. Gijsen, G. D. Giannoglou, C. L. Feldman, and P. H. Stone, “Endothelial shear
stress in the evolution of coronary atherosclerotic plaque and vascular remodelling: current understanding
and remaining questions,” Cardiovasc Res, vol. 96, pp. 234-43, Nov 1 2012.
A. M. Malek, S. L. Alper, and S. Izumo, “Hemodynamic shear stress and its role in atherosclerosis,” JAMA, vol. 282,
pp. 2035-42, Dec 1 1999.
K. S. Cunningham and A. I. Gotlieb, “The role of shear stress in the pathogenesis of atherosclerosis,” Lab Invest,
vol. 85, pp. 9-23, Jan 2005.
C. J. Slager, J. J. Wentzel, F. J. Gijsen, A. Thury, A. C. van der Wal, J. A. Schaar, et al., “The role of shear stress in the
destabilization of vulnerable plaques and related therapeutic implications,” Nat Clin Pract Cardiovasc Med, vol.
2, pp. 456-64, Sep 2005.
C. J. Slager, J. J. Wentzel, F. J. Gijsen, J. C. Schuurbiers, A. C. van der Wal, A. F. van der Steen, et al., “The role of shear
stress in the generation of rupture-prone vulnerable plaques,” Nat Clin Pract Cardiovasc Med, vol. 2, pp. 401-7,
Aug 2005.
N. V. v. Neurologie, “Richtlijn herseninfarct en hersenbloeding,” ed. Utrecht, 2017.
N. V. v. Neurologie, “Richtlijn Diagnostiek, behandeling en zorg voor patiënten met een beroerte,” ed. Utrecht,
2008.
D. Birenbaum, L. W. Bancroft, and G. J. Felsberg, “Imaging in acute stroke,” West J Emerg Med, vol. 12, pp. 67-76,
Feb 2011.
E. G. Grant, C. B. Benson, G. L. Moneta, A. V. Alexandrov, J. D. Baker, E. I. Bluth, et al., “Carotid artery stenosis:
grayscale and Doppler ultrasound diagnosis--Society of Radiologists in Ultrasound consensus conference,”
Ultrasound Q, vol. 19, pp. 190-8, Dec 2003.
G. M. von Reutern, M. W. Goertler, N. M. Bornstein, M. Del Sette, D. H. Evans, A. Hetzel, et al., “Grading Carotid
Stenosis Using Ultrasonic Methods,” Stroke, vol. 43, pp. 916-921, Mar 2012.
P. M. Rothwell, M. Eliasziw, S. A. Gutnikov, A. J. Fox, D. W. Taylor, M. R. Mayberg, et al., “Analysis of pooled data
from the randomised controlled trials of endarterectomy for symptomatic carotid stenosis,” Lancet, vol. 361,
pp. 107-16, Jan 11 2003.
H. J. Barnett, D. W. Taylor, M. Eliasziw, A. J. Fox, G. G. Ferguson, R. B. Haynes, et al., “Benefit of carotid
endarterectomy in patients with symptomatic moderate or severe stenosis. North American Symptomatic
Carotid Endarterectomy Trial Collaborators,” N Engl J Med, vol. 339, pp. 1415-25, Nov 12 1998.
L. Karlsson, E. Kangefjard, S. Hermansson, S. Stromberg, K. Osterberg, A. Nordanstig, et al., “Risk of Recurrent
Stroke in Patients with Symptomatic Mild (20-49% NASCET) Carotid Artery Stenosis,” Eur J Vasc Endovasc Surg,
vol. 52, pp. 287-94, Sep 2016.

183

&

APPENDICES

[24] J. C. Grotta, “Carotid stenosis,” N Engl J Med, vol. 369, pp. 2360-1, Dec 12 2013.
[25] J. H. Park and B. Ovbiagele, “Optimal combination secondary prevention drug treatment and stroke outcomes,”
Neurology, vol. 84, pp. 50-6, Jan 6 2015.
[26] J. A. Schaar, Muller, E. Falk, R. Virmani, V. Fuster, P. W. Serruys, et al., “Terminology for high-risk and vulnerable
coronary artery plaques,” European Heart Journal, vol. 25, pp. 1077-1082, 2004.
[27] P. Pignoli, E. Tremoli, A. Poli, P. Oreste, and R. Paoletti, “Intimal plus medial thickness of the arterial wall: a direct
measurement with ultrasound imaging,” Circulation, vol. 74, pp. 1399-1406, 1986.
[28] M. Silvestrini, C. Cagnetti, P. Pasqualetti, C. Albanesi, C. Altamura, C. Lanciotti, et al., “Carotid wall thickness and
stroke risk in patients with asymptomatic internal carotid stenosis,” Atherosclerosis, vol. 210, pp. 452-7, Jun 2010.
[29] J. Roquer, T. Segura, J. Serena, E. Cuadrado-Godia, M. Blanco, J. Garcia-Garcia, et al., “Value of carotid
intima-media thickness and significant carotid stenosis as markers of stroke recurrence,” Stroke, vol. 42, pp.
3099-104, Nov 2011.
[30] M. L. Bots, K. A. Groenewegen, T. J. Anderson, A. R. Britton, J. M. Dekker, G. Engstrom, et al., “Common carotid
intima-media thickness measurements do not improve cardiovascular risk prediction in individuals with
elevated blood pressure: the USE-IMT collaboration,” Hypertension, vol. 63, pp. 1173-81, Jun 2014.
[31] C. L. de Korte, S. Fekkes, A. J. Nederveen, R. Manniesing, and H. R. Hansen, “Review: Mechanical Characterization of Carotid Arteries and Atherosclerotic Plaques,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 63, pp.
1613-1623, Oct 2016.
[32] L. Engelen, J. Bossuyt, I. Ferreira, L. M. van Bortel, K. D. Reesink, P. Segers, et al., “Reference values for local arterial
stiffness. Part A: carotid artery,” J Hypertens, vol. 33, pp. 1981-96, Oct 2015.
[33] H. Beaussier, O. Naggara, D. Calvet, R. Joannides, E. Guegan-Massardier, E. Gerardin, et al., “Mechanical and
structural characteristics of carotid plaques by combined analysis with echotracking system and MR imaging,”
JACC Cardiovasc Imaging, vol. 4, pp. 468-77, May 2011.
[34] P. J. Brands, J. M. Willigers, L. A. Ledoux, R. S. Reneman, and A. P. Hoeks, “A noninvasive method to estimate
pulse wave velocity in arteries locally by means of ultrasound,” Ultrasound Med Biol, vol. 24, pp. 1325-35, Nov
1998.
[35] E. Hermeling, K. D. Reesink, L. M. Kornmann, R. S. Reneman, and A. P. Hoeks, “The dicrotic notch as alternative
time-reference point to measure local pulse wave velocity in the carotid artery by means of ultrasonography,”
J Hypertens, vol. 27, pp. 2028-35, Oct 2009.
[36] P. Kruizinga, F. Mastik, S. C. van den Oord, A. F. Schinkel, J. G. Bosch, N. de Jong, et al., “High-definition imaging
of carotid artery wall dynamics,” Ultrasound Med Biol, vol. 40, pp. 2392-403, Oct 2014.
[37] R. X. Li, W. Qaqish, and E. E. Konofagou, “Performance assessment of Pulse Wave Imaging using conventional
ultrasound in canine aortas ex vivo and normal human arteries in vivo,” Artery Res, vol. 11, pp. 19-28, Sep 1 2015.
[38] K. R. Nightingale, M. L. Palmeri, R. W. Nightingale, and G. E. Trahey, “On the feasibility of remote palpation using
acoustic radiation force,” J Acoust Soc Am, vol. 110, pp. 625-34, Jul 2001.
[39] K. Nightingale, M. S. Soo, R. Nightingale, and G. Trahey, “Acoustic radiation force impulse imaging: in vivo
demonstration of clinical feasibility,” Ultrasound Med.Biol., vol. 28, pp. 227-235, 2002.
[40] T. J. Czernuszewicz, J. W. Homeister, M. C. Caughey, M. A. Farber, J. J. Fulton, P. F. Ford, et al., “Non-invasive in vivo
characterization of human carotid plaques with acoustic radiation force impulse ultrasound: comparison with
histology after endarterectomy,” Ultrasound Med Biol, vol. 41, pp. 685-97, Mar 2015.
[41] J. Bercoff, M. Tanter, and M. Fink, “Supersonic shear imaging: a new technique for soft tissue elasticity mapping,”
IEEE Trans.Ultrason.Ferroelectr.Freq.Control, vol. 51, pp. 396-409, 2004.
[42] J. W. Garrard, P. Ummur, S. Nduwayo, B. Kanber, T. C. Hartshorne, K. P. West, et al., “Shear Wave Elastography May
Be Superior to Greyscale Median for the Identification of Carotid Plaque Vulnerability: A Comparison with
Histology,” Ultraschall Med, vol. 36, pp. 386-90, Aug 2015.
[43] J. Ophir, I. Céspedes, H. Ponnekanti, Y. Yazdi, and X. Li, “Elastography: a quantitative method for imaging the
elasticity of biological tissues,” Ultrasonic Imaging, vol. 13, pp. 111-134, 1991.
[44] C. L. de Korte, G. Pasterkamp, A. F. W. van der Steen, H. A. Woutman, and N. Bom, “Characterization of plaque
components using intravascular ultrasound elastography in human femoral and coronary arteries in vitro,”
Circulation, vol. 102, pp. 617-623, 2000.
[45] C. L. de Korte, A. F. W. van der Steen, E. I. Céspedes, and G. Pasterkamp, “Intravascular ultrasound elastography
of human arteries: initial experience in vitro,” Ultrasound in Medicine and biology, vol. 24, pp. 401-408, 1998.

184

BIBLIOGRAPHY

[46] H. Ribbers, R. G. Lopata, S. Holewijn, G. Pasterkamp, J. D. Blankensteijn, and C. L. de Korte, “Noninvasive two-dimensional strain imaging of arteries: validation in phantoms and preliminary experience in carotid arteries in
vivo,” Ultrasound Med.Biol., vol. 33, pp. 530-540, 2007.
[47] H. Kanai, H. Hasegawa, M. Ichiki, F. Tezuka, and Y. Koiwa, “Elasticity imaging of atheroma with transcutaneous
ultrasound preliminary study,” Circulation, vol. 107, pp. 3018-3021, 2003.
[48] H. H. G. Hansen, R. G. P. Lopata, T. Idzenga, and C. L. de Korte, “Full 2D displacement vector and strain tensor
estimation for superficial tissue using beam-steered ultrasound imaging,” Phys Med Biol, vol. 55, pp. 3201-3218,
Jun 7 2010.
[49] H. H. Hansen, G. J. de Borst, M. L. Bots, F. L. Moll, G. Pasterkamp, and C. L. de Korte, “Compound Ultrasound
Strain Imaging for Noninvasive Detection of (Fibro)Atheromatous Plaques: Histopathological Validation in
Human Carotid Arteries,” JACC Cardiovasc Imaging, vol. 9, pp. 1466-1467, Dec 2016.
[50] H. H. G. Hansen, G. J. de Borst, M. L. Bots, F. L. Moll, G. Pasterkamp, and C. L. de Korte, “Validation of Noninvasive
In Vivo Compound Ultrasound Strain Imaging Using Histologic Plaque Vulnerability Features,” Stroke, vol. 47,
pp. 2770-2775, Nov 2016.
[51] D. L. Franklin, W. Schlegel, and R. F. Rushmer, “Blood flow measured by Doppler frequency shift of back-scattered
ultrasound,” Science, vol. 134, pp. 564-5, Aug 25 1961.
[52] S. Satomura, “Ultrasonic Doppler Method for the Inspection of Cardiac Functions,” Journal of the Acoustical
Society of America, vol. 29, pp. 1181-1185, 1957.
[53] M. Cikes, L. Tong, G. R. Sutherland, and J. D’Hooge, “Ultrafast cardiac ultrasound imaging: technical principles,
applications, and clinical benefits,” JACC Cardiovasc Imaging, vol. 7, pp. 812-23, Aug 2014.
[54] M. Tanter, J. Bercoff, L. Sandrin, and M. Fink, “Ultrafast compound imaging for 2-D motion vector estimation:
application to transient elastography,” IEEE Trans.Ultrason.Ferroelectr.Freq.Control, vol. 49, pp. 1363-1374, 2002.
[55] G. Montaldo, M. Tanter, J. Bercoff, N. Benech, and M. Fink, “Coherent plane-wave compounding for very high
frame rate ultrasonography and transient elastography,” IEEE Transactions on Ultrasonics, Ferroelectrics, and
Frequency Control, vol. 56, pp. 489-506, Mar 2009.
[56] D. H. Evans, J. A. Jensen, and M. B. Nielsen, “Ultrasonic colour Doppler imaging,” Interface Focus, vol. 1, pp.
490-502, Aug 6 2011.
[57] C. Kasai, K. Namekawa, A. Koyano, and R. Omoto, “Real-Time Two-Dimensional Blood-Flow Imaging Using an
Auto-Correlation Technique,” Ieee Transactions on Sonics and Ultrasonics, vol. 32, pp. 458-464, 1985.
[58] E. Y. Lui, A. H. Steinman, R. S. Cobbold, and K. W. Johnston, “Human factors as a source of error in peak Doppler
velocity measurement,” J Vasc Surg, vol. 42, pp. 972-9, Nov 2005.
[59] S. Bjaerum, H. Torp, and K. Kristoffersen, “Clutter filter design for ultrasound color flow imaging,” IEEE Trans
Ultrason Ferroelectr Freq Control, vol. 49, pp. 204-16, Feb 2002.
[60] H. Torp, “Clutter rejection filters in color flow imaging: a theoretical approach,” IEEE Trans Ultrason Ferroelectr
Freq Control, vol. 44, pp. 417-24, 1997.
[61] A. P. Hoeks, J. J. van de Vorst, A. Dabekaussen, P. J. Brands, and R. S. Reneman, “An efficient algorithm to remove
low frequency Doppler signals in digital Doppler systems,” Ultrason Imaging, vol. 13, pp. 135-44, Apr 1991.
[62] A. Yu and L. Lovstakken, “Eigen-based clutter filter design for ultrasound color flow imaging: a review,” IEEE
Trans Ultrason Ferroelectr Freq Control, vol. 57, pp. 1096-111, May 2010.
[63] S. Fadnes, S. Bjaerum, H. Torp, and L. Lovstakken, “Clutter filtering influence on blood velocity estimation using
speckle tracking,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 62, pp. 2079-91, Dec 2015.
[64] B. Y. Yiu, S. S. Lai, and A. C. Yu, “Vector projectile imaging: time-resolved dynamic visualization of complex flow
patterns,” Ultrasound Med Biol, vol. 40, pp. 2295-309, Sep 2014.
[65] B. Dunmire, K. W. Beach, K. Labs, M. Plett, and D. E. Strandness, Jr., “Cross-beam vector Doppler ultrasound for
angle-independent velocity measurements,” Ultrasound in Medicine and Biology, vol. 26, pp. 1213-35, Oct 2000.
[66] M. D. Fox, “Multiple Crossed-Beam Ultrasound Doppler Velocimetry,” IEEE Transactions on Sonics and Ultrasonics,
vol. 25, pp. 281-286, 1978.
[67] P. Tortoli, M. Lenge, D. Righi, G. Ciuti, H. Liebgott, and S. Ricci, “Comparison of carotid artery blood velocity
measurements by vector and standard Doppler approaches,” Ultrasound Med Biol, vol. 41, pp. 1354-62, May 2015.
[68] I. K. Ekroll, A. Swillens, P. Segers, T. Dahl, H. Torp, and L. Lovstakken, “Simultaneous quantification of flow and
tissue velocities based on multi-angle plane wave imaging,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 60,
pp. 727-38, Apr 2013.

185

&

APPENDICES

[69] I. K. Ekroll, J. Avdal, A. Swillens, H. Torp, and L. Lovstakken, “An Extended Least Squares Method for Aliasing-Resistant Vector Velocity Estimation,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 63, pp. 1745-1757, Nov 2016.
[70] J. A. Jensen and P. Munk, “A new method for estimation of velocity vectors,” IEEE Transactions on Ultrasonics,
Ferroelectrics, and Frequency Control, vol. 45, pp. 837-51, 1998.
[71] J. Jensen, C. A. Villagomez Hoyos, M. B. Stuart, C. Ewertsen, M. B. Nielsen, and J. A. Jensen, “Fast Plane Wave 2-D
Vector Flow Imaging Using Transverse Oscillation and Directional Beamforming,” IEEE Trans Ultrason Ferroelectr
Freq Control, vol. 64, pp. 1050-1062, Jul 2017.
[72] M. J. Pihl, M. B. Stuart, B. G. Tomov, M. F. Rasmussen, and J. A. Jensen, “A transverse oscillation approach for
estimation of three-dimensional velocity vectors, part II: experimental validation,” IEEE Trans Ultrason Ferroelectr
Freq Control, vol. 61, pp. 1608-18, Oct 2014.
[73] J. A. Jensen, “Directional velocity estimation using focusing along the flow direction. I: Theory and simulation,”
IEEE Trans Ultrason Ferroelectr Freq Control, vol. 50, pp. 857-72, Jul 2003.
[74] J. Kortbek and J. A. Jensen, “Estimation of velocity vector angles using the directional cross-correlation
method,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 53, pp. 2036-49, Nov 2006.
[75] C. A. Villagomez Hoyos, M. B. Stuart, K. L. Hansen, M. B. Nielsen, and J. A. Jensen, “Accurate Angle Estimator for
High-Frame-Rate 2-D Vector Flow Imaging,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 63, pp. 842-53, Jun 2016.
[76] J. Jensen, C. A. V. Hoyos, M. S. Traberg, J. B. Olesen, B. G. Tomov, R. Moshavegh, et al., “Accuracy and Precision of
a Plane Wave Vector Flow Imaging Method in the Healthy Carotid Artery,” Ultrasound Med Biol, vol. 44, pp.
1727-1741, Aug 2018.
[77] G. E. Trahey, J. W. Allison, and O. T. von Ramm, “Angle independent ultrasonic detection of blood flow,” IEEE
Transactions on Biomedical Engineering, vol. 34, pp. 965-7, Dec 1987.
[78] R. G. P. Lopata, M. M. Nillesen, H. H. G. Hansen, I. H. Gerrits, J. M. Thijssen, and C. L. de Korte, “Performance
Evaluation of Methods for Two-Dimensional Displacement and Strain Estimation Using Ultrasound Radio
Frequency Data,” Ultrasound in Medicine and Biology, vol. 35, pp. 796-812, May 2009.
[79] F. Viola and W. F. Walker, “A spline-based algorithm for continuous time-delay estimation using sampled data,”
IEEE Trans Ultrason Ferroelectr Freq Control, vol. 52, pp. 80-93, Jan 2005.
[80] J. Luo and E. E. Konofagou, “Effects of various parameters on lateral displacement estimation in ultrasound
elastography,” Ultrasound Med.Biol., vol. 35, pp. 1352-1366, 2009.
[81] R. Zahiri Azar, O. Goksel, and S. E. Salcudean, “Sub-sample displacement estimation from digitized ultrasound
RF signals using multi-dimensional polynomial fitting of the cross-correlation function,” IEEE Trans Ultrason
Ferroelectr Freq Control, vol. 57, pp. 2403-20, Nov 2010.
[82] E. I. Céspedes, Y. Huang, J. Ophir, and S. Spratt, “Methods for Estimation of Subsample Time Delays of Digitized
Echo Signals,” Ultrason.Imaging, vol. 17, pp. 142-171, 1995.
[83] S. Langeland, J. D’Hooge, H. Torp, B. Bijnens, and P. Suetens, “Comparison of time-domain displacement
estimators for two-dimensional rf tracking,” Ultrasound Med.Biol., vol. 29, pp. 1177-1186, 2003.
[84] G. E. Trahey, S. M. Hubbard, and O. T. von Ramm, “Angle independent ultrasonic blood flow detection by
frame-to-frame correlation of B-mode images,” Ultrasonics, vol. 26, pp. 271-276, 1988.
[85] K. W. Ferrara and V. R. Algazi, “A Theoretical and Experimental-Analysis of the Received Signal from Disturbed
Blood-Flow,” Ieee Transactions on Ultrasonics Ferroelectrics and Frequency Control, vol. 41, pp. 172-184, Mar 1994.
[86] L. N. Bohs, B. J. Geiman, M. E. Anderson, S. C. Gebhart, and G. E. Trahey, “Speckle tracking for multi-dimensional flow estimation,” Ultrasonics, vol. 38, pp. 369-75, Mar 2000.
[87] L. N. Bohs and G. E. Trahey, “A novel method for angle independent ultrasonic imaging of blood flow and
tissue motion,” IEEE Trans.Biomed.Eng, vol. 38, pp. 280-286, 1991.
[88] L. N. Bohs, B. J. Geiman, M. E. Anderson, S. M. Breit, and G. E. Trahey, “Ensemble tracking for 2D vector velocity
measurement: Experimental and initial clinical results,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 45, pp.
912-24, 1998.
[89] M. Leitman, P. Lysyansky, S. Sidenko, V. Shir, E. Peleg, M. Binenbaum, et al., “Two-dimensional strain-a novel
software for real-time quantitative echocardiographic assessment of myocardial function,” Journal of the
American Society of Echocardiography, vol. 17, pp. 1021-1029, 2004.
[90] R. G. Lopata, M. M. Nillesen, H. H. Hansen, I. H. Gerrits, J. M. Thijssen, and C. L. de Korte, “Performance evaluation
of methods for two-dimensional displacement and strain estimation using ultrasound radio frequency data,”
Ultrasound Med Biol, vol. 35, pp. 796-812, May 2009.

186

BIBLIOGRAPHY

[91] W. Yu, P. Yan, A. J. Sinusas, K. Thiele, and J. S. Duncan, “Towards pointwise motion tracking in echocardiographic
image sequences--comparing the reliability of different features for speckle tracking,” Med Image Anal, vol. 10,
pp. 495-508, Aug 2006.
[92] B. H. Friemel, L. N. Bohs, K. R. Nightingale, and G. E. Trahey, “Speckle decorrelation due to two-dimensional flow
gradients,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 45, pp. 317-27, 1998.
[93] H. Shi and T. Varghese, “Two-dimensional multi-level strain estimation for discontinuous tissue,” Phys.Med.Biol.,
vol. 52, pp. 389-401, 2007.
[94] U. Techavipoo, Q. Chen, T. Varghese, and J. A. Zagzebski, “Estimation of displacement vectors and strain
tensors in elastography using angular insonifications,” IEEE Transactions on Medical Imaging, vol. 23, pp.
1479-1489, 2004.
[95] H. H. Hansen, R. G. Lopata, T. Idzenga, and C. L. de Korte, “Full 2D displacement vector and strain tensor
estimation for superficial tissue using beam-steered ultrasound imaging,” Phys Med Biol, vol. 55, pp. 3201-18,
Jun 7 2010.
[96] H. H. Hansen, A. E. Saris, N. R. Vaka, M. M. Nillesen, and C. L. de Korte, “Ultrafast vascular strain compounding
using plane wave transmission,” J Biomech, vol. 47, pp. 815-23, Mar 3 2014.
[97] K. L. Hansen, M. B. Nielsen, and J. A. Jensen, “Vector velocity estimation of blood flow - A new application in
medical ultrasound,” Ultrasound, vol. 25, pp. 189-199, Nov 2017.
[98] S. Fadnes, I. K. Ekroll, S. A. Nyrnes, H. Torp, and L. Lovstakken, “Robust angle-independent blood velocity
estimation based on dual-angle plane wave imaging,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 62, pp.
1757-67, Oct 2015.
[99] K. L. Hansen, J. Udesen, F. Gran, J. A. Jensen, and M. Bachmann Nielsen, “In-vivo examples of flow patterns with
the fast vector velocity ultrasound method,” Ultraschall Med, vol. 30, pp. 471-7, Oct 2009.
[100] I. K. Ekroll, T. Dahl, H. Torp, and L. Lovstakken, “Combined vector velocity and spectral Doppler imaging for
improved imaging of complex blood flow in the carotid arteries,” Ultrasound Med Biol, vol. 40, pp. 1629-40, Jul 2014.
[101] A. Goddi, C. Bortolotto, M. V. Raciti, I. Fiorina, L. Aiani, G. Magistretti, et al., “High-Frame Rate Vector Flow
Imaging of the Carotid Bifurcation in Healthy Adults: Comparison With Color Doppler Imaging,” J Ultrasound
Med, vol. 37, pp. 2263-2275, Sep 2018.
[102] A. Goddi, C. Bortolotto, I. Fiorina, M. V. Raciti, M. Fanizza, E. Turpini, et al., “High-frame rate vector flow imaging
of the carotid bifurcation,” Insights Imaging, vol. 8, pp. 319-328, Jun 2017.
[103] J. D’Hooge, A. Heimdal, F. Jamal, T. Kukulski, B. Bijnens, F. Rademakers, et al., “Regional strain and strain rate
measurements by cardiac ultrasound: principles, implementation and limitations,” Eur J Echocardiogr, vol. 1, pp.
154-70, 2000.
[104] E. E. Konofagou, J. D’Hooge, and J. Ophir, “Myocardial elastography--a feasibility study in vivo,” Ultrasound in
Medicine and Biology, vol. 28, pp. 475-482, 2002.
[105] T. A. Krouskop, T. M. Wheeler, F. Kallel, B. S. Garra, and T. Hall, “Elastic moduli of breast and prostate tissues under
compression,” Ultrason.Imaging, vol. 20, pp. 260-274, 1998.
[106] H. Blessberger and T. Binder, “Non-invasive imaging: Two dimensional speckle tracking echocardiography:
basic principles,” Heart, vol. 96, pp. 716-22, May 2010.
[107] N. R. Grubb, A. Fleming, G. R. Sutherland, and K. A. Fox, “Skeletal muscle contraction in healthy volunteers:
assessment with Doppler tissue imaging,” Radiology, vol. 194, pp. 837-842, 1995.
[108] J. Luo, R. X. Li, and E. E. Konofagou, “Pulse wave imaging of the human carotid artery: an in vivo feasibility
study,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 59, pp. 174-81, Jan 2012.
[109] C. Papadacci, M. Pernot, M. Couade, M. Fink, and M. Tanter, “High-contrast ultrafast imaging of the heart,” IEEE
Trans Ultrason Ferroelectr Freq Control, vol. 61, pp. 288-301, Feb 2014.
[110] P. Ricci, E. Maggini, E. Mancuso, P. Lodise, V. Cantisani, and C. Catalano, “Clinical application of breast
elastography: state of the art,” Eur J Radiol, vol. 83, pp. 429-37, Mar 2014.
[111] G. Sadigh, R. C. Carlos, C. H. Neal, and B. A. Dwamena, “Accuracy of quantitative ultrasound elastography for
differentiation of malignant and benign breast abnormalities: a meta-analysis,” Breast Cancer Res Treat, vol. 134,
pp. 923-31, Aug 2012.
[112] G. Gamble, J. Zorn, G. Sanders, S. MacMahon, and N. Sharpe, “Estimation of arterial stiffness, compliance, and
distensibility from M-mode ultrasound measurements of the common carotid artery,” Stroke, vol. 25, pp. 11-6,
Jan 1994.

187

&

APPENDICES

[113] J. A. Schaar, C. L. de Korte, F. Mastik, C. Strijder, G. Pasterkamp, P. W. Serruys, et al., “Characterizing vulnerable
plaque features by intravascular elastography,” Circulation, vol. 108, pp. 2636-2641, 2003.
[114] H. H. Hansen, G. J. de Borst, M. L. Bots, F. L. Moll, G. Pasterkamp, and C. L. de Korte, “Validation of Noninvasive In
Vivo Compound Ultrasound Strain Imaging Using Histologic Plaque Vulnerability Features,” Stroke, vol. 47, pp.
2770-2775, Nov 2016.
[115] J. Klingelhofer, “Ultrasonography of carotid stenosis,” Cerebrovascular Diseases, vol. 35, pp. 1-1, 2013.
[116] E. R. Greene, M. W. Eldridge, W. F. Voyles, F. G. Miranda, and J. G. Davis, “Quantitative evaluation of atherosclerosis using Doppler ultrasound,” IEEE Trans Med Imaging, vol. 1, pp. 68-78, 1982.
[117] H. B. van der Worp, L. H. Bonati, and M. M. Brown, “Carotid stenosis,” N Engl J Med, vol. 369, p. 2359, Dec 12 2013.
[118] D. P. Shattuck, M. D. Weinshenker, S. W. Smith, and O. T. von Ramm, “Explososcan: a parallel processing
technique for high speed ultrasound imaging with linear phased arrays,” J Acoust Soc Am, vol. 75, pp. 1273-82,
Apr 1984.
[119] S. Fadnes, S. A. Nyrnes, H. Torp, and L. Lovstakken, “Shunt flow evaluation in congenital heart disease based on
two-dimensional speckle tracking,” Ultrasound Med Biol, vol. 40, pp. 2379-91, Oct 2014.
[120] J. Udesen, F. Gran, K. L. Hansen, J. A. Jensen, C. Thomsen, and M. B. Nielsen, “High frame-rate blood vector
velocity imaging using plane waves: simulations and preliminary experiments,” IEEE Transactions on Ultrasonics,
Ferroelectrics, and Frequency Control, vol. 55, pp. 1729-43, Aug 2008.
[121] J. A. Jensen, S. I. Nikolov, J. Udesen, P. Munk, K. L. Hansen, M. M. Pedersen, P. M. Hansen, M. B. Nielsen, N.
Oddershede, J. Kortbek, M. J. Pihl, Y. Li, “Recent advances in blood flow vector velocity imaging,” in IEEE
Ultrasonics Symposium Proceedings, Orlando, FL, USA, 2011, pp. 262-271.
[122] A. Swillens, P. Segers, H. Torp, and L. Lovstakken, “Two-dimensional blood velocity estimation with ultrasound:
speckle tracking versus crossed-beam vector Doppler based on flow simulations in a carotid bifurcation
model,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 57, pp. 327-39, 2010.
[123] A. Swillens, P. Segers, and L. Lovstakken, “Two-dimensional flow imaging in the carotid bifurcation using a
combined speckle tracking and phase-shift estimator: a study based on ultrasound simulations and in vivo
analysis,” Ultrasound Med Biol, vol. 36, pp. 1722-35, Oct 2010.
[124] S. Fekkes, A. E. Swillens, H. H. Hansen, A. E. Saris, M. M. Nillesen, F. Iannaccone, et al., “2-D Versus 3-D Cross-
Correlation-Based Radial and Circumferential Strain Estimation Using Multiplane 2-D Ultrafast Ultrasound in a
3-D Atherosclerotic Carotid Artery Model,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 63, pp. 1543-1553, Oct 2016.
[125] R. Nayak, S. Huntzicker, J. Ohayon, N. Carson, V. Dogra, G. Schifitto, et al., “Principal Strain Vascular Elastography:
Simulation and Preliminary Clinical Evaluation,” Ultrasound Med Biol, vol. 43, pp. 682-699, Mar 2017.
[126] S. Korukonda, R. Nayak, N. Carson, G. Schifitto, V. Dogra, and M. M. Doyley, “Noninvasive vascular elastography
using plane-wave and sparse-array imaging,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 60, pp. 332-42, Feb
2013.
[127] A. E. Saris, M. M. Nillesen, S. Fekkes, H. H. Hansen, and C. L. de Korte, “Robust blood velocity estimation using
point-spread-function-based beamforming and multi-step speckle tracking,” in IEEE Ultrasonics Symposium,
Taipei, Taiwan, 2015, pp. 1-4.
[128] R. G. P. Lopata, M. M. Nillesen, I. H. Gerrits, J. M. Thijssen, L. Kapusta, and C. L. de Korte, “In vivo 3D cardiac and
skeletal muscle strain estimation,” Proc. IEEE Ultrasonics Int. Conf., Vancouver, Canada, 2006, pp. 744-747.
[129] J. A. Jensen and N. B. Svendsen, “Calculation of pressure fields from arbitrarily shaped, apodized, and excited
ultrasound transducers,” IEEE Trans.Ultrason.Ferroelectr.Freq.Control., vol. 39, pp. 262-267, 1992.
[130] J. A. Jensen, “FIELD: A Program for Simulating Ultrasound Systems,” Med.Biol.Eng.Comput., vol. 34, supplement
1, part 1, pp. 351-353, 1996.
[131] A. E. Saris, H. H. Hansen, S. Fekkes, M. M. Nillesen, M. C. Rutten, and C. L. de Korte, “A Comparison Between
Compounding Techniques Using Large Beam-Steered Plane Wave Imaging for Blood Vector Velocity Imaging
in a Carotid Artery Model,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 63, pp. 1758-1771, Nov 2016.
[132] X. Lai and H. Torp, “Interpolation methods for time-delay estimation using cross-correlation method for blood
velocity measurement,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 46, pp. 277-90, 1999.
[133] F. Viola, R. L. Coe, K. Owen, D. A. Guenther, and W. F. Walker, “Multi-Dimensional Spline-Based Estimator (MUSE)
for motion estimation: algorithm development and initial results,” Ann Biomed Eng, vol. 36, pp. 1942-60, Dec
2008.

188

BIBLIOGRAPHY

[134] E. Konofagou and J. Ophir, “A new elastographic method for estimation and imaging of lateral displacements,
lateral strains, corrected axial strains and Poisson’s ratios in tissues,” Ultrasound Med.Biol., vol. 24, pp. 1183-1199, 1998.
[135] R. D. Keane and R. J. Adrian, “Theory of Cross-Correlation Analysis of Piv Images,” Applied Scientific Research, vol.
49, pp. 191-215, Jul 1992.
[136] R. G. P. Lopata, H. H. G. Hansen, M. M. Nillesen, J. M. Thijssen, L. Kapusta, and C. L. de Korte, “Methodical Study
on the Estimation of Strain in Shearing and Rotating Structures Using Radio Frequency Ultrasound Based on
1-D and 2-D Strain Estimation Techniques,” Ieee Transactions on Ultrasonics Ferroelectrics and Frequency Control,
vol. 57, pp. 855-865, Apr 2010.
[137] S. K. Alam and J. Ophir, “Reduction of signal decorrelation from mechanical compression of tissues by
temporal stretching: applications to elastography,” Ultrasound Med.Biol., vol. 23, pp. 95-105, 1997.
[138] L. Tong, H. Gao, H. F. Choi, and J. D’hooge, “Comparison of Conventional Parallel Beamforming With Plane
Wave and Diverging Wave Imaging for Cardiac Applications: A Simulation Study,” IEEE Transactions on
Ultrasonics Ferroelectrics and Frequency Control, vol. 59, pp. 1654-1663, Aug 2012.
[139] M. M. Nillesen, A. E. C. M. Saris, H. H. Hansen, S. Fekkes, F. J. van Slochteren, P. H. M. Bovendeerd, et al., “Cardiac
Motion Estimation Using Ultrafast Ultrasound Imaging Tested in a Finite Element Model of Cardiac Mechanics,”
in Functional Imaging and Modeling of the Heart 2015, 2015, pp. 207-214.
[140] R. F. Wagner, S. W. Smith, J. M. Sandrik, and H. Lopez, “Statistics of Speckle in Ultrasound B-Scans,” IEEE
Transactions on Sonics and Ultrasonics, vol. 30, pp. 156-163, 1983.
[141] R. F. Wagner, M. F. Insana, and S. W. Smith, “Fundamental correlation lengths of coherent speckle in medical
ultrasonic images,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 35, pp. 34-44, 1988.
[142] J. M. Thijssen and B. J. Oosterveld, “Texture in tissue echograms. Speckle or information?,” J.Ultrasound Med.,
vol. 9, pp. 215-229, 1990.
[143] Q. He, L. Tong, L. Huang, J. Liu, Y. Chen, and J. Luo, “Performance optimization of lateral displacement estimation
with spatial angular compounding,” Ultrasonics, vol. 73, pp. 9-21, Jan 2017.
[144] H. Xu and T. Varghese, “Normal and shear strain imaging using 2D deformation tracking on beam steered
linear array datasets,” Med Phys, vol. 40, p. 012902, Jan 2013.
[145] B. Beulen, N. Bijnens, M. Rutten, P. Brands, and F. van de Vosse, “Perpendicular ultrasound velocity measurement
by 2D cross correlation of RF data. Part A: validation in a straight tube,” Experiments in Fluids, vol. 49, pp.
1177-1186, Nov 2010.
[146] B. Beulen, A. C. Verkaik, N. Bijnens, M. Rutten, and F. van de Vosse, “Perpendicular ultrasound velocity
measurement by 2D cross correlation of RF data. Part B: volume flow estimation in curved vessels,” Experiments
in Fluids, vol. 49, pp. 1219-1229, Dec 2010.
[147] J. Bercoff, G. Montaldo, T. Loupas, D. Savery, F. Meziere, M. Fink, et al., “Ultrafast compound Doppler imaging:
providing full blood flow characterization,” IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency
Control, vol. 58, pp. 134-47, Jan 2011.
[148] J. A. Jensen and S. I. Nikolov, “Directional synthetic aperture flow imaging,” IEEE Transactions on Ultrasonics,
Ferroelectrics, and Frequency Control, vol. 51, pp. 1107-18, Sep 2004.
[149] B. W. A. M. M. Beulen, M. C. M. Rutten, and F. N. van de Vosse, “A time-periodic approach for fluid-structure
interaction in distensible vessels,” Journal of Fluids and Structures, vol. 25, pp. 954-966, Jul 2009.
[150] A. Segal, “SEPRAN Introduction, User’s Manual, Programmer’s Guide and Standard Problems.,” Ingenieursbureau SEPRA, The Hague, The Netherlands 2004.
[151] B. J. Oosterveld, J. M. Thijssen, and W. A. Verhoef, “Texture of B-mode echograms: 3-D simulations and
experiments of the effects of diffraction and scatterer density,” Ultrason Imaging, vol. 7, pp. 142-160, 1985.
[152] A. Swillens, J. Degroote, J. Vierendeels, L. Lovstakken, and P. Segers, “A simulation environment for validating
ultrasonic blood flow and vessel wall imaging based on fluid-structure interaction simulations: ultrasonic
assessment of arterial distension and wall shear rate,” Med Phys, vol. 37, pp. 4318-30, Aug 2010.
[153] S. I. Nikolov and J. A. Jensen, “In-vivo synthetic aperture flow imaging in medical ultrasound,” IEEE Transactions
on Ultrasonics, Ferroelectrics, and Frequency Control, vol. 50, pp. 848-56, Jul 2003.
[154] C. Demene, T. Deffieux, M. Pernot, B. F. Osmanski, V. Biran, J. L. Gennisson, et al., “Spatiotemporal Clutter Filtering
of Ultrafast Ultrasound Data Highly Increases Doppler and fUltrasound Sensitivity,” IEEE Trans Med Imaging, vol.
34, pp. 2271-85, Nov 2015.

189

&

APPENDICES

[155] A. Harloff, F. Albrecht, J. Spreer, A. F. Stalder, J. Bock, A. Frydrychowicz, et al., “3D blood flow characteristics in the
carotid artery bifurcation assessed by flow-sensitive 4D MRI at 3T,” Magn Reson Med, vol. 61, pp. 65-74, Jan 2009.
[156] M. M. Pedersen, M. J. Pihl, P. Haugaard, K. L. Hansen, T. Lange, L. Lonn, et al., “Novel flow quantification of the
carotid bulb and the common carotid artery with vector flow ultrasound,” Ultrasound Med Biol, vol. 40, pp.
2700-6, Nov 2014.
[157] R. S. Reneman, T. van Merode, P. Hick, and A. P. Hoeks, “Flow velocity patterns in and distensibility of the carotid
artery bulb in subjects of various ages,” Circulation, vol. 71, pp. 500-9, Mar 1985.
[158] A. V. Finn, M. Nakano, J. Narula, F. D. Kolodgie, and R. Virmani, “Concept of vulnerable/unstable plaque,”
Arterioscler Thromb Vasc Biol, vol. 30, pp. 1282-92, Jul 2010.
[159] J. Ophir, E. I. Céspedes, B. Garra, H. Ponnekanti, Y. Huang, and N. Maklad, “Elastography: ultrasonic imaging of
tissue strain and elastic modulus in vivo,” European Journal Ultrasound, vol. 3, pp. 49-70, 1996.
[160] J. Ophir, S. K. Alam, B. Garra, F. Kallel, E. Konofagou, T. Krouskop, et al., “Elastography: ultrasonic estimation and
imaging of the elastic properties of tissues,” Proc.Inst.Mech.Eng [H.], vol. 213, pp. 203-233, 1999.
[161] R. A. Baldewsing, J. A. Schaar, C. L. de Korte, F. Mastik, P. W. Serruys, and A. F. van der Steen, “Intravascular
Ultrasound Elastography: A Clinician’s Tool for Assessing Vulnerability and Material Composition of Plaques,”
Stud.Health Technol.Inform., vol. 113, pp. 75-96, 2005.
[162] C. L. de Korte, “Strain estimation and/or hardness imaging of tissue or tissue structures,” PCT Patent 60.708.879,
2005.
[163] C. L. de Korte, E. I. Céspedes, S. G. Carlier, A. F. W. van der Steen, G. Pasterkamp, D. Thompson, et al., “Assessment
of stiffness and elevated mechanical stress in atherosclerotic plaques by intravascular ultrasound: in vitro
experience,” European Heart Journal, vol. 19, p. 620, 1998.
[164] C. L. de Korte, E. I. Céspedes, A. F. W. van der Steen, G. Pasterkamp, and N. Bom, “Intravascular ultrasound
elastography: Assessment and imaging of elastic properties of diseased arteries and vulnerable plaque,”
European Journal of Ultrasound, vol. 7, pp. 219-224, 1998.
[165] C. L. de Korte, E. I. Céspedes, A. F. W. van der Steen, and C. T. Lancée, “Intravascular elasticity imaging using
ultrasound: feasibility studies in phantoms,” Ultrasound Med.Biol., vol. 23, pp. 735-746, 1997.
[166] C. L. de Korte, M. M. Doyley, S. G. Carlier, F. Mastik, A. F. W. van der Steen, P. W. Serruys, et al., “High resolution IVUS
elastography in patients,” in IEEE Ultrasonics Symposium, Puerto Rico, USA, 2000, pp. 1767-1770.
[167] Y. Majdouline, J. Ohayon, Z. Keshavarz-Motamed, M. H. Roy Cardinal, D. Garcia, L. Allard, et al., “Endovascular
shear strain elastography for the detection and characterization of the severity of atherosclerotic plaques: in
vitro validation and in vivo evaluation,” Ultrasound Med Biol, vol. 40, pp. 890-903, May 2014.
[168] J. A. Schaar, E. Regar, F. Mastik, E. P. McFadden, F. Saia, C. Disco, et al., “Incidence of high strain patterns in human
coronary arteries: Assessment with three-dimensional intravascular palpography and correlation with clinical
presentation,” Circulation, vol. 109, pp. 2716-2719, 2004.
[169] M. Cinthio, A. R. Ahlgren, T. Jansson, A. Eriksson, H. W. Persson, and K. Lindstrom, “Evaluation of an ultrasonic
echo-tracking method for measurements of arterial wall movements in two dimensions,” IEEE Trans.Ultrason.
Ferroelectr.Freq.Control, vol. 52, pp. 1300-1311, 2005.
[170] H. H. G. Hansen, T. Idzenga, and C. L. de Korte, “Noninvasive Vascular Strain Imaging: from Methods to
Application,” Current Medical Imaging Reviews, vol. 8, pp. 37-45, Feb 2012.
[171] H. H. Hansen, M. S. Richards, M. M. Doyley, and C. L. de Korte, “Noninvasive vascular displacement estimation
for relative elastic modulus reconstruction in transversal imaging planes,” Sensors (Basel), vol. 13, pp. 3341-57,
2013.
[172] H. Hasegawa and H. Kanai, “Phase-Sensitive Lateral Motion Estimator for Measurement of Artery-Wall Displacement-Phantom Study,” IEEE Transactions on Ultrasonics Ferroelectrics and Frequency Control, vol. 56, pp.
2450-2462, 2009.
[173] C. Huang, X. Pan, Q. He, M. Huang, L. Huang, X. Zhao, et al., “Ultrasound-Based Carotid Elastography for
Detection of Vulnerable Atherosclerotic Plaques Validated by Magnetic Resonance Imaging,” Ultrasound Med
Biol, vol. 42, pp. 365-77, Feb 2016.
[174] M. Larsson, F. Kremer, P. Claus, T. Kuznetsova, L. A. Brodin, and J. D’Hooge, “Ultrasound-based radial and
longitudinal strain estimation of the carotid artery: a feasibility study,” IEEE Trans Ultrason Ferroelectr Freq Control,
vol. 58, pp. 2244-51, Oct 2011.

190

BIBLIOGRAPHY

[175] F. Liu, Q. Yong, Q. Zhang, P. Liu, and Y. Yang, “Real-time tissue elastography for the detection of vulnerable carotid
plaques in patients undergoing endarterectomy: a pilot study,” Ultrasound Med Biol, vol. 41, pp. 705-12, Mar 2015.
[176] R. L. Maurice, M. Daronat, J. Ohayon, E. Stoyanova, F. S. Foster, and G. Cloutier, “Non-invasive high-frequency
vascular ultrasound elastography,” Physics in Medicine and biology, vol. 50, pp. 1611-1628, 2005.
[177] C. Naim, G. Cloutier, E. Mercure, F. Destrempes, Z. Qin, W. El-Abyad, et al., “Characterisation of carotid plaques
with ultrasound elastography: feasibility and correlation with high-resolution magnetic resonance imaging,”
Eur Radiol, vol. 23, pp. 2030-41, Jul 2013.
[178] C. Schmitt, G. Soulez, R. L. Maurice, M. F. Giroux, and G. Cloutier, “Noninvasive vascular elastography: Toward a
complementary characterization tool of atherosclerosis in carotid arteries,” Ultrasound Med.Biol., vol. 33, pp.
1841-1858, 2007.
[179] H. Shi, C. C. Mitchell, M. McCormick, M. A. Kliewer, R. J. Dempsey, and T. Varghese, “Preliminary in vivo atherosclerotic carotid plaque characterization using the accumulated axial strain and relative lateral shift strain
indices,” Phys.Med.Biol., vol. 53, pp. 6377-6394, 2008.
[180] M. Correia, J. Provost, M. Tanter, and M. Pernot, “4D ultrafast ultrasound flow imaging: in vivo quantification of
arterial volumetric flow rate in a single heartbeat,” Phys Med Biol, vol. 61, pp. L48-L61, Dec 7 2016.
[181] T. Mirault, M. Pernot, M. Frank, M. Couade, R. Niarra, M. Azizi, et al., “Carotid stiffness change over the cardiac
cycle by ultrafast ultrasound imaging in healthy volunteers and vascular Ehlers-Danlos syndrome,” J Hypertens,
vol. 33, pp. 1890-6; discussion 1896, Sep 2015.
[182] H. Hasegawa and H. Kanai, “Simultaneous imaging of artery-wall strain and blood flow by high frame rate
acquisition of RF signals,” IEEE Trans.Ultrason.Ferroelectr.Freq.Control, vol. 55, pp. 2626-2639, 2008.
[183] J. Luo and E. E. Konofagou, “Imaging of wall motion coupled with blood flow velocity in the heart and vessels
in vivo: a feasibility study,” Ultrasound Med Biol, vol. 37, pp. 980-95, Jun 2011.
[184] H. H. G. Hansen, R. G. P. Lopata, T. Idzenga, and C. L. de Korte, “An Angular Compounding Technique Using
Displacement Projection for Noninvasive Ultrasound Strain Imaging of Vessel Cross-Sections,” Ultrasound in
Medicine and Biology, vol. 36, pp. 1947-1956, Nov 2010.
[185] F. Kallel and J. Ophir, “A least-squares strain estimator for elastography,” Ultrason.Imaging, vol. 19, pp. 195-208, 1997.
[186] F. Iannaccone, S. De Bock, M. De Beule, F. Vermassen, I. Van Herzeele, P. Verdonck, et al., “Feasibility of a priori
numerical assessment of plaque scaffolding after carotid artery stenting in clinical routine: proof of concept,”
Int J Artif Organs, vol. 37, pp. 928-39, Dec 2014.
[187] J. Fromageau, E. Brusseau, D. Vray, G. Gimenez, and P. Delachartre, “Characterization of PVA cryogel for
intravascular ultrasound elasticity imaging,” IEEE Trans.Ultrason.Ferroelectr.Freq.Control, vol. 50, pp. 1318-1324, 2003.
[188] S. Ricci, L. Bassi, and P. Tortoli, “Real-time vector velocity assessment through multigate Doppler and plane
waves,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 61, pp. 314-24, Feb 2014.
[189] P. M. Morse and K. U. Ingard, “Theoretical Acoustics,” in Theoretical Acoustics, ed: Princeton University Press,
1968, p. 949.
[190] H. C. Groen, F. J. Gijsen, A. van der Lugt, M. S. Ferguson, T. S. Hatsukami, A. F. van der Steen, et al., “Plaque rupture in
the carotid artery is localized at the high shear stress region: a case report,” Stroke, vol. 38, pp. 2379-81, Aug 2007.
[191] H. C. Groen, F. J. Gijsen, A. van der Lugt, M. S. Ferguson, T. S. Hatsukami, C. Yuan, et al., “High shear stress
influences plaque vulnerability Part of the data presented in this paper were published in Stroke 2007;38:237981,” Neth Heart J, vol. 16, pp. 280-3, Aug 2008.
[192] S. P. Timoshenko and J. N. Goodier, Theory of elasticity vol. Third Edition. Singapore: McGraw-Hill, 1970.
[193] Benjamin, “Heart Disease and Stroke Statistics-2018 Update: A Report From the American Heart Association
(vol 137, pg e67, 2018),” Circulation, vol. 137, pp. E493-E493, Mar 20 2018.
[194] W. E. Hellings, W. Peeters, F. L. Moll, S. R. Piers, J. van Setten, P. J. Van der Spek, et al., “Composition of carotid
atherosclerotic plaque is associated with cardiovascular outcome: a prognostic study,” Circulation, vol. 121, pp.
1941-50, May 4 2010.
[195] P. F. Davies, “Flow-mediated endothelial mechanotransduction,” Physiol Rev, vol. 75, pp. 519-60, Jul 1995.
[196] S. Fadnes, M. Wigen, S. A. Nyrnes, and L. Lovstakken, “In vivo intracardiac vector velocity imaging using phased
array transducers for pediatric cardiology,” IEEE Trans Ultrason Ferroelectr Freq Control, Apr 24 2017.
[197] A. H. Brandt, K. L. Hansen, C. Ewertsen, S. Holbek, J. B. Olesen, R. Moshavegh, et al., “A Comparison Study of
Vector Velocity, Spectral Doppler and Magnetic Resonance of Blood Flow in the Common Carotid Artery,”
Ultrasound Med Biol, vol. 44, pp. 1751-1761, Aug 2018.

191

&

APPENDICES

[198] P. M. Hansen, M. M. Pedersen, K. L. Hansen, M. B. Nielsen, and J. A. Jensen, “New technology - demonstration
of a vector velocity technique,” Ultraschall Med, vol. 32, pp. 213-5, Apr 2011.
[199] I. K. Ekroll and J. Avdal, “Adaptive clutter filtering based on tissue vector velocities,” in 2017 IEEE International
Ultrasonics Symposium (IUS), Washington DC, 2017, pp. 1-4.
[200] Y. M. Yoo, R. Managuli, and Y. Kim, “Adaptive clutter filtering for ultrasound color flow imaging,” Ultrasound Med
Biol, vol. 29, pp. 1311-20, Sep 2003.
[201] A. E. C. M. Saris, S. Fekkes, M. Nillesen, H. H. Hansen, and C. L. de Korte, “A PSF-Shape-Based Beamforming
Strategy for Robust 2D Motion Estimation in Ultrafast Data,” Applied Sciences, vol. 8, p. 429, 2018.
[202] S. Bjaerum, H. Torp, and K. Kristoffersen, “Clutter filters adapted to tissue motion in ultrasound color flow
imaging,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 49, pp. 693-704, Jun 2002.
[203] C. A. Villagomez Hoyos, M. B. Stuart, and J. A. Jensen, “Increasing the dynamic range of synthetic aperture
vector flow imaging,” in SPIE Ultrasound Imaging Symposium, San Diego, 2014.
[204] S. Fekkes, A. Saris, M. M. Nillesen, J. Menssen, H. H. G. Hansen, and C. L. de Korte, “Simultaneous Vascular Strain
and Blood Vector Velocity Imaging Using High-Frequency Versus Conventional-Frequency Plane Wave
Ultrasound: A Phantom Study,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 65, pp. 1166-1181, Jul 2018.
[205] J. Udesen, M. B. Nielsen, K. R. Nielsen, and J. A. Jensen, “Examples of in vivo blood vector velocity estimation,”
Ultrasound Med Biol, vol. 33, pp. 541-8, Apr 2007.
[206] K. L. Hansen, H. Moller-Sorensen, J. Kjaergaard, M. B. Jensen, J. A. Jensen, and M. B. Nielsen, “Aortic Valve
Stenosis Increases Helical Flow and Flow Complexity: A Study of Intra-Operative Cardiac Vector Flow Imaging,”
Ultrasound Med Biol, vol. 43, pp. 1607-1617, Aug 2017.
[207] K. L. Hansen, H. Moller-Sorensen, J. Kjaergaard, M. B. Jensen, J. T. Lund, M. M. Pedersen, et al., “Intra-Operative
Vector Flow Imaging Using Ultrasound of the Ascending Aorta among 40 Patients with Normal, Stenotic and
Replaced Aortic Valves,” Ultrasound Med Biol, vol. 42, pp. 2414-22, Oct 2016.
[208] J. B. Olesen, C. A. Villagómex-Hoyos, N. D. Moller, C. Ewertsen, K. L. Hansen, M. B. Nielsen, et al., “Non-invasive
Estimation of Pressure Changes using 2-D Vector Velocity Ultrasound: An Experimental Study with In-Vivo
Examples,” IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency Control, vol. PP, pp. 1-1, 2018.
[209] P. Tortoli, T. Morganti, G. Bambi, C. Palombo, and K. V. Ramnarine, “Noninvasive simultaneous assessment of
wall shear rate and wall distension in carotid arteries,” Ultrasound Med Biol, vol. 32, pp. 1661-70, Nov 2006.
[210] C. A. Villagomez Hoyos, M. B. Stuart, and J. A. Jensen, “Adaptive multi-lag for synthetic aperture vector flow
imaging,” in IEEE International Ultrasonics Symposium, Chicago, US, 2014, pp. 1722-25.
[211] C. Chen, G. Hendriks, R. J. G. van Sloun, H. H. G. Hansen, and C. L. de Korte, “Improved Plane-Wave Ultrasound
Beamforming by Incorporating Angular Weighting and Coherent Compounding in Fourier Domain,” IEEE
Trans Ultrason Ferroelectr Freq Control, vol. 65, pp. 749-765, May 2018.
[212] S. Holbek, C. Ewertsen, H. Bouzari, M. J. Pihl, K. L. Hansen, M. B. Stuart, et al., “Ultrasonic 3-D Vector Flow Method
for Quantitative In Vivo Peak Velocity and Flow Rate Estimation,” IEEE Trans Ultrason Ferroelectr Freq Control, vol.
64, pp. 544-554, Mar 2017.
[213] A. H. Brandt, J. Jensen, K. L. Hansen, P. Hansen, T. Lange, M. Rix, et al., “Surveillance for hemodialysis access
stenosis: usefulness of ultrasound vector volume flow,” J Vasc Access, vol. 17, pp. 483-488, Nov 2 2016.
[214] I. Fiorina, M. V. Raciti, A. Goddi, V. Cantisani, C. Bortolotto, S. Chu, et al., “Ultrasound Vector Flow Imaging - could
be a new tool in evaluation of arteriovenous fistulas for hemodialysis?,” J Vasc Access, vol. 18, pp. 284-289, Jul 14
2017.
[215] P. M. Hansen, J. B. Olesen, M. J. Pihl, T. Lange, S. Heerwagen, M. M. Pedersen, et al., “Volume flow in arteriovenous
fistulas using vector velocity ultrasound,” Ultrasound Med Biol, vol. 40, pp. 2707-14, Nov 2014.
[216] K. L. Hansen, K. Juul, H. Moller-Sorensen, J. C. Nilsson, J. A. Jensen, and M. B. Nielsen, “Pediatric Transthoracic
Cardiac Vector Flow Imaging - A Preliminary Pictorial Study,” Ultrasound Int Open, vol. 5, pp. E20-E26, Jan 2019.
[217] A. H. To, V. W. Li, M. Y. Ng, and Y. F. Cheung, “Quantification of Pulmonary Regurgitation by Vector Flow Mapping
in Congenital Heart Patients after Repair of Right Ventricular Outflow Obstruction: A Preliminary Study,” J Am
Soc Echocardiogr, vol. 30, pp. 984-991, Oct 2017.
[218] G. A. G. M. Hendriks, C. Chen, H. H. G. Hansen, and C. L. de Korte, “Quasi-Static Elastography and Ultrasound
Plane-Wave Imaging: The Effect of Beam-Forming Strategies on the Accuracy of Displacement Estimations,”
Applied Sciences-Basel, vol. 8, Mar 2018.

192

BIBLIOGRAPHY

[219] M. S. Salim, M. F. Abd Malek, R. B. W. Heng, K. M. Juni, and N. Sabri, “Capacitive Micromachined Ultrasonic
Transducers: Technology and Application,” Journal of Medical Ultrasound, vol. 20, pp. 8-31, 2012/03/01/ 2012.
[220] M. Pekar, W. U. Dittmer, N. Mihajlovic, G. van Soest, and N. de Jong, “Frequency Tuning of Collapse-Mode
Capacitive Micromachined Ultrasonic Transducer,” Ultrasonics, vol. 74, pp. 144-152, Feb 2017.
[221] P. Song, A. Manduca, J. D. Trzasko, and S. Chen, “Ultrasound Small Vessel Imaging With Block-Wise Adaptive
Local Clutter Filtering,” IEEE Trans Med Imaging, vol. 36, pp. 251-262, Jan 2017.
[222] L. Lovstakken, S. Bjaerum, K. Kristoffersen, R. Haaverstad, and H. Torp, “Real-time adaptive clutter rejection
filtering in color flow imaging using power method iterations,” IEEE Trans Ultrason Ferroelectr Freq Control, vol.
53, pp. 1597-608, Sep 2006.
[223] J. Baranger, B. Arnal, F. Perren, O. Baud, M. Tanter, and C. Demene, “Adaptive Spatiotemporal SVD Clutter
Filtering for Ultrafast Doppler Imaging Using Similarity of Spatial Singular Vectors,” IEEE Trans Med Imaging, vol.
37, pp. 1574-1586, Jul 2018.
[224] T. L. Szabo, “Array beamforming,” in Diagnostic ultrasound imaging, ed, 2004, pp. 171-212.
[225] G. A. G. M. Hendriks, H. H. G. Hansen, C. Chen, and C. De Korte, “Optimization of transmission and reconstruction
parameters in angular displacement compounding using plane wave ultrasound,” Unpublished work, 2018.
[226] J. A. Jensen, H. Liebgott, F. Cervenansky, and C. A. V. Hoyos, “SA-VFI: the IEEE IUS challenge on Synthetic
Aperture Vector Flow Imaging,” in 2018 IEEE International Utrasonics Synposium (IUS), Kobe, Japan, 2018, pp. 1-5.
[227] A. Swillens, L. Lovstakken, J. Kips, H. Torp, and P. Segers, “Ultrasound simulation of complex flow velocity fields
based on computational fluid dynamics,” IEEE Trans Ultrason Ferroelectr Freq Control, vol. 56, pp. 546-56, Mar
2009.
[228] K. Van Canneyt, A. Swillens, L. Lovstakken, L. Antiga, P. Verdonck, and P. Segers, “The accuracy of ultrasound
volume flow measurements in the complex flow setting of a forearm vascular access,” J Vasc Access, vol. 14, pp.
281-90, Jul-Sep 2013.
[229] I. Cheng, K. S. Vyas, S. Velaga, D. L. Davenport, and S. P. Saha, “Outcomes of Carotid Endarterectomy with
Primary Closure,” Int J Angiol, vol. 26, pp. 83-88, Jun 2017.
[230] D. Mannheim, B. Weller, E. Vahadim, and R. Karmeli, “Carotid endarterectomy with a polyurethane patch versus
primary closure: a prospective randomized study,” J Vasc Surg, vol. 41, pp. 403-7; discussion 407-8, Mar 2005.

&

193

PUBLICATIONS AND PRESENTATIONS

Publications and presentations
Journal publications
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, J.J.M. Menssen, M.M. Nillesen, C.L. de Korte. In vivo
blood velocity vector imaging using adaptive velocity compounding in the carotid artery
bifurcation. Ultrasound in Medicine and Biology, 45(7): 1691-1707, 2019.
S. Fekkes, H.H.G. Hansen, J.J.M. Menssen, A.E.C.M. Saris, C.L. de Korte. 3D strain imaging
of the carotid bifurcation: methods and in human feasibility. Ultrasound in Medicine and
Biology, 45(7): 1675-1690, 2019.
A.E.C.M. Saris, S. Fekkes, M.M. Nillesen, H.H.G. Hansen, C.L. de Korte. A PSF-shape-based
beamforming strategy for robust 2D Motion Estimation in Ultrafast Data. Applied Sciences,
8(3), 429: 1-19, 2018.
S. Fekkes, A.E.C.M. Saris, J.J.M. Menssen, M.M. Nillesen, H.H.G. Hansen, C.L. de Korte.
Multi-Plane Ultrafast Compound 3D Strain Imaging: Experimental Validation in a Carotid
Bifurcation Phantom. Applied Sciences, 8(4), 637: 1-18, 2018.
A.E.C.M. Saris, S. Fekkes, M.M. Nillesen, J.J.M. Menssen, H.H.G. Hansen, C.L. de Korte.
Simultaneous vascular strain and blood vector velocity imaging using high-frequency versus
conventional-frequency plane wave ultrasound: a phantom study. IEEE Transactions on
Ultrasonics, Ferroelectrics, and Frequency Control, 65(7): 1166-81, 2018.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte.
A comparison between compounding techniques using large beam-steered plane wave
imaging for blood vector velocity imaging in a carotid artery model. IEEE Transactions on
Ultrasonics, Ferroelectrics, and Frequency Control, 63(11):1758-1771, 2016.
S. Fekkes, A.E.S. Swillens, H.H.G. Hansen, A.E.C.M. Saris, M.M. Nillesen, F. Iannaccone, P.
Segers, C.L. de Korte. 2D versus 3D cross-correlation-based radial and circumferential
strain estimation using multiplane 2D ultrafast ultrasound in a 3D atherosclerotic carotid
artery model. IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency Control,
63(10):1543-1553, 2016.
H.H.G. Hansen, A.E.C.M. Saris, N.R. Vaka, M.M. Nillesen, C.L. de Korte. Ultrafast vascular strain
compounding using plane wave transmission. Journal of Biomechanics, 47(4):815-823, 2014.
C.L. de Korte, M.M. Nillesen, A.E.C.M. Saris, R.G.P. Lopata, J.M. Thijssen, L. Kapusta. New
developments in paediatric cardiac functional ultrasound imaging. Journal of Medical
Ultrasonics, 41(3):279-290, 2014.

195

&

APPENDICES

A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, C.L. de Korte. Correlation-based discrimination
between cardiac tissue and blood for segmentation of the left ventricle in 3-D echo
cardiographic images. Ultrasound in Medicine and Biology, 40(3):596-610, 2014.
V.L. Nguyen, M.E. Kooi, W.H. Backes, R.H.M. van Hoof, A.E.C.M. Saris, M.C.J. Wishaupt,
F.A.M.V.I. Hellenthal, R.J. van der Geest, A.G.H. Kessels, G.W.H. Schurink, T. Leiner. Suitability
of pharmacokinetic models for dynamic contrast-enhanced MRI of abdominal aortic
aneurysm vessel wall: a comparison. PLoS One, 8(10): e75173, 2013.

Conference proceedings
A.E.C.M. Saris, M.M. Nillesen, S. Fekkes, H.H.G. Hansen, C.L. de Korte. Robust blood
velocity estimation using point-spread-function-based beamforming and multi-step
speckle tracking. Proceedings IEEE International Ultrasonics Symposium 2015, Taipei,
Taiwan.
S. Fekkes, A.E.S. Swillens, H.H.G. Hansen, A.E.C.M. Saris, M.M. Nillesen, F. Iannaccone, P.
Segers, C.L. de Korte. 2D versus 3D cross-correlation-based radial and circumferential strain
imaging in a 3D atherosclerotic carotid artery model using ultrafast plane wave ultrasound.
Proceedings IEEE International Ultrasonics Symposium 2015, Taipei, Taiwan.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte.
Does large beam-steered angle velocity compounding using plane wave transmission
improve blood vector velocity estimation in a 3D carotid artery flow field? Proceedings IEEE
International Ultrasonics Symposium 2014, Chicago, USA.
S. Fekkes, A.E.S. Swillens, H.H.G. Hansen, A.E.C.M. Saris, M.M. Nillesen, F. Iannaccone,
P. Segers, C.L. de Korte. Semi-3D strain imaging of an atherosclerotic carotid artery by multi
cross-sectional radial strain estimations using simulated multi angle plane wave ultrasound.
Proceedings IEEE International Ultrasonics Symposium 2014, Chicago, USA.
A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, C.L. de Korte. Correlation-based discrimination
between cardiac tissue and blood for segmentation of 3D echocardiographic images.
Proceedings SPIE Medical Imaging 2013, Florida, USA.
A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, F.N. van de Vosse, C.L. de Korte. Correlation-
based discrimination between myocardial tissue and blood in 3D echocardiographic
images. Proceedings IEEE International Ultrasonics Symposium 2012, Dresden, Germany.

196

PUBLICATIONS AND PRESENTATIONS

Conference presentations
Dutch Biomedical Engineering Conference 2019, Egmond, The Netherlands.
A.E.C.M. Saris, H.H.G Hansen, S. Fekkes, J.J.M. Menssen, M.M. Nillesen, C.L. de Korte.
Adaptive velocity compounding for blood vector velocity imaging in carotid arteries. Oral
presentation
Euroson 2018, Poznan, Poland.
A.E.C.M. Saris, S. Fekkes, M.M. Nillesen, H.H.G Hansen, C.L. de Korte. A novel vector
velocity imaging technique for carotid arteries: from bench to bedside. Oral presentation
The Artimino Conference on Medical Ultrasound Technology 2017, Artimino, Italy.
A.E.C.M. Saris, S. Fekkes, H.H.G Hansen, M.M. Nillesen, C.L. de Korte. Ultrafast vector
velocity imaging in the carotid. Oral presentation
IEEE International Ultrasonics Symposium 2017, Washington, USA.
A.E.C.M. Saris, S. Fekkes, M.M. Nillesen, H.H.G. Hansen, C.L. de Korte. Vector flow imaging
using high frequency versus conventional frequency plane wave ultrasound. Poster
presentation
Dutch Biomedical Engineering Conference 2017, Egmond, The Netherlands.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte. Carotid
blood vector velocity estimation using plane wave ultrasound imaging. Oral presentation
Dutch Biomedical Engineering Conference 2017, Egmond, The Netherlands.
A.E.C.M. Saris, S. Fekkes, H.H.G. Hansen, M.M. Nillesen, C.L. de Korte. High frequency
versus conventional ultrasound blood flow and vessel wall dynamics in a carotid artery
phantom. Oral presentation
Acoustical Society of America 2016, Honolulu, Hawaii.
AECM Saris, S Fekkes, MM Nillesen, HHG Hansen, CL de Korte. High frequency ultrafast flow
and strain imaging in the carotid bifurcation: an ex vivo phantom study. Oral presentation
IEEE International Ultrasonics Symposium 2016, Tours, France.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte.
Performance evaluation of compounding techniques for carotid blood velocity estimation
using angled plane wave transmissions. Poster presentation
International Conference on Ultrasonic Biomedical Microscanning 2016, Klarendijk, Bonaire.
A.E.C.M. Saris, S. Fekkes, H.H.G. Hansen, M.M. Nillesen, C.L. de Korte. High frequency
versus conventional ultrasound blood flow and vessel wall dynamics in a carotid artery
phantom. Oral presentation

197

&

APPENDICES

IEEE International Ultrasonics Symposium 2015, Taipei, Taiwan.
A.E.C.M. Saris, M.M. Nillesen, S. Fekkes, H.H.G. Hansen, C.L. de Korte. Robust blood velocity
estimation using point-spread-function-based beamforming and multi-step speckle
tracking. Poster presentation
The Artimino Conference on Medical Ultrasound Technology 2015, Helsinborg, Sweden.
A.E.C.M. Saris, M.M. Nillesen, S. Fekkes, H.H.G. Hansen, C.L. de Korte. Increased robustness
of blood velocity estimation. Oral presentation
Dutch Biomedical Engineering Conference 2015, Egmond, The Netherlands.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte. 2D
blood velocity imaging using plane waves. Oral presentation
International Tissue Elasticity Conference 2014, Snowbird, USA.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte. Plane
wave displacement compounding for estimation of large displacements. Oral presentation
IEEE International Ultrasonics Symposium 2014, Chicago, USA.
A.E.C.M. Saris, H.H.G. Hansen, S. Fekkes, M.M. Nillesen, M.C.M. Rutten, C.L. de Korte. Does
large beam-steered angle velocity compounding using plane wave transmission improve
blood vector velocity estimation in a 3D carotid artery flow field? Poster presentation
The Artimino Conference on Medical Ultrasound Technology 2013, Lake Rosseau, Ontario,
Canada.
A.E.C.M. Saris, H.H.G. Hansen, M.M. Nillesen, C.L. de Korte. Vector velocity imaging using
plane waves: simulations of flow in a vessel phantom. Oral presentation
SPIE Medical Imaging 2013, Florida, USA.
A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, C.L. de Korte. Correlation-based discrimination
between cardiac tissue and blood for segmentation of 3D echocardiographic images.
Oral presentation
Dutch Biomedical Engineering Conference 2013, Egmond, The Netherlands.
A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, C.L. de Korte. Cardiac segmentation in 3D ultrasound
images: boundary optimization using temporal information. Oral presentation
IEEE International Ultrasonics Symposium 2012, Dresden, Germany.
A.E.C.M. Saris, M.M. Nillesen, R.G.P. Lopata, F.N. van de Vosse, C.L. de Korte. Correlation-based
discrimination between myocardial tissue and blood in 3D echocardiographic images. Poster
presentation
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Awards
Dutch Nominee Young Investigator, European Federation of Societies for Ultrasound in
Medicine and Biology. “A novel vector velocity imaging technique for carotid arteries:
from bench to bedside”. Euroson 2018, Poznan, Poland
Netherlands Heart Institute, Young@Heart, Crazy Idea, top 5 proposals
3rd best oral presentation. “Carotid blood vector velocity estimation using plane wave
ultrasound imaging”. Dutch conference on Biomedical Engineering 2017, Egmond,
the Netherlands
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PHD PORTFOLIO

PhD portfolio
Name PhD candidate
AECM Saris
Department
Medical Ultrasound Imaging Center
Research School
Radboud Institute for Health Sciences

PhD period
2013-2018
Promotors
Prof. CL de Korte
Co-promotors
Dr. HHG Hansen, Dr. MM Nillesen
Year(s)

ECTS

2013
2014
2014
2014
2014
2015

3
3
2.5
0.5
1.5
3

2013
2013
2014
2014
2015
2015

1
0.2
0.2
0.2
0.2
0.2

2013, 2015, 2017
2013
2013, 2015, 2017
2012, 2014-2017
2014
2016
2016
2018

2.25
1.5
3.75
6.25
1.25
1.25
0.25
1.25

2013-2018
2013-2018
2013-2018
2017
2017

5
5
3
0.6
0.1

2017

1.5

TRAINING ACTIVITIES
a)
-

Courses & Workshops
Management for PhD students
Academic writing
Summer school in Advanced Ultrasound imaging (DTU)
Scientific Integrity
Advanced conversation
Education in a nutshell

b) Seminars & lectures
- USART training course on Ultrasound Image Processing
- IUS short course on Ultrasound Imaging Systems
- IUS short course on Elasticity Imaging
- IUS short course on Ultrasound Vector Velocity Imaging
- IUS short course on Ultrafast Ultrasound Imaging
- IUS short course on Acoustic Radiation Force Elasticity Imaging
c)
-

(Inter)national Symposia & congresses
Dutch conference on Biomedical Engineering*
SPIE Medical Imaging*
Artimino Ultrasound Conference*
IEEE International Ultrasonics Symposium#
International Tissue Elasticity Conference*
International Conference on Ultrasonic Biomedical
Microscanning*
- Symposium Echography: New recipe, better than ever!
- Euroson*
d) Other
- Weekly Radiology and Nuclear Medicine research meetings
- Weekly MUSIC research meetings
- Bi-annual meetings NVMU
- Visit Duke University, department of Biomedical Engineering
- Visit University of North Carolina at Chapel Hill, Gallippi
Ultrasound Laboratory
- Crazy Idea, top 5 proposals, Young@heart, Netherlands Heart
Institute
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TEACHING ACTIVITIES
e) Lecturing
- Assisting practical assignment KME-2
- Assisting ultrasound course Orthodontics
- Onderzoeker in de klas, primary school

2014-2018
2014, 2016
2015

4
2
3

f ) Students
- Student supervision (Internship Biomedical Engineering)
- Student co-supervision (Medical Physicist in Training)

2015
2016, 2017, 2018

2
6

TOTAL
*Indicates an oral presentation, #indicates a poster presentation.
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DANKWOORD

Dankwoord
Dit dankwoord is het allerlaatste hoofdstuk van dit proefschrift. Het is echt zo, het is af!
Soms leek dit moment heel ver weg, maar ook ik mag nu mijn woorden van dank opschrijven,
een bijzonder moment.
Het is 4 april 2019, een mooie lenteavond. Ik zit op de bank met een kop thee en probeer
de afgelopen 5 en een half jaar terug te halen in mijn herinneringen. Vele ups en downs,
tegenslagen en succesmomenten, frustraties, leermomenten, maar vooral veel mooie
herinneringen. Ik kom, onder andere, tot de volgende conclusie: hoewel dit proefschrift
gaat over de ontwikkeling van een ultra-snelle echografische techniek voor het afbeelden
van de bloedstroming in de vaten, ging die ontwikkeling soms precies alles behalve
ultra-snel! En toch is de tijd voorbij gevlogen. De afgelopen jaren zijn ontzettend leerzaam
geweest, een periode waarin ik met heel veel plezier heb gewerkt aan dit stuk onderzoek.
Dit terwijl ik omringd werd door een heleboel fijne mensen. Graag wil ik iedereen die, op
wat voor manier dan ook, een bijdrage heeft geleverd aan dit proefschrift bedanken,
waaronder sommigen in het bijzonder.
Allereerst natuurlijk mijn promotor Chris de Korte. Chris, ik herinner me nog precies onze
eerste kennismaking, toen nog op het KFL. Ik was op zoek naar een leuke afstudeer
opdracht. Jouw enthousiasme over het onderzoek werkte aanstekelijk en de hartelijke, warme
sfeer die jij en de rest van de groep uitstraalde maakte dat ik begon aan een afstudeer
opdracht in Nijmegen. Wie had kunnen denken dat dat het begin van onze, ondertussen
toch al wel langdurige samenwerking zou zijn. Jouw onuitputtelijke enthousiasme, positiviteit
en passie voor het doen van onderzoek werken aanstekelijk en motiveren mij enorm.
Ook als het even tegenzit maak je tijd om te luisteren en vind je vaak ook een oplossing.
Die betrokkenheid waardeer ik erg. Bedankt voor je vertrouwen en voor alle ruimte die
je mij gegeven hebt. Het is fijn om in jouw onderzoeksgroep te mogen werken, om
onderdeel te zijn van de MUSIC-familie. Bedankt voor het creëren van die fijne werksfeer.
Mijn eerste was jouw honderdste en ik kijk uit naar de komende tijd, waarin er hopelijk
nog veel meer publicaties samen zullen volgen.
Mijn co-promotoren, Maartje Nillesen en Rik Hansen. Met z’n drieën begonnen we aan
het ultra-snelle avontuur, vanaf het begin af aan voelde dat heel vertrouwd. Het VICI-team
was compleet met Stein en zo werden we een team, dat elkaar perfect aanvulde. Ik heb
het als ontzettend prettig en fijn ervaren om jullie als dagelijkse begeleiders en collega’s
te hebben. Bedankt voor al het meedenken en jullie adviezen tijdens de lange VICImeetings, het lezen en nog eens lezen van mijn artikelen, de opbeurende woorden als
het even tegenzat en de gezelligheid tijdens de reizen die we samen hebben gemaakt,
de roadtrip naar Frankrijk in het bijzonder. Rik, jouw kennis op het gebied van ultrageluid
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en alle bijkomende zaken is enorm, ik heb veel van je geleerd. Ik bewonder je manier van
werken en wil je bedanken voor al je adviezen en tijd, die je altijd wel wist vrij te maken als
ik hulp nodig had. Ik heb vaak versteld gestaan van jouw snelle manier van denken en het
vinden van nieuwe ideeën en oplossingen. Bedankt voor de fijne samenwerking. Maartje,
al vanaf mijn afstudeerproject, waar jij mijn dagelijkse begeleider was, heb ik ontzettend
fijn met jou samengewerkt. Ik heb veel geleerd van jouw inhoudelijke kennis en kritische
kijk op het onderzoek en mijn papers. Bedankt voor alle fijne gesprekken over werk en privé
(ik mis ze), je luisterend oor, je adviezen en gezellige verhalen over thuis. Het is ontzettend
zonde dat onze gezamenlijke poging tot een vervolgonderzoek niet is gelukt, we waren
een sterk team samen! Ik ben blij voor je dat je het nu op de HAN naar je zin hebt.
De leden van de manuscriptcommissie, prof. Rongen, prof. Thijssen, bedankt voor het
lezen en beoordelen van mijn manuscript. Dr. Fadnes, dear Solveig, thank you for reading
my thesis and for taking the time and effort to come to Nijmegen to be a part of my defense.
Alle leden van de corona wil ik ook hartelijk bedanken voor de genomen tijd en moeite.
Alle personen die bereid waren deel te nemen aan mijn onderzoek wil ik hartelijk bedanken.
Dames van de afdeling Vaatfunctie onderzoek van het Radboudumc, in het speciaal
Marie-José Beelen, bedankt voor jullie tijd en ondersteuning bij het opnemen van de
data bij de vrijwilligers. Zonder jullie was het laatste artikel (hoofdstuk 5) er nooit gekomen.
Willem de Boode, bedankt voor de altijd oprechte interesse in het onderzoek van MUSIC
en speciaal voor mijn onderzoek. Alle inspirerende en motiverende gesprekken hebben
geleid tot een gezamenlijke pilot studie die nu loopt. We onderzoeken of we met de
nieuwe techniek ook iets kunnen betekenen voor te vroeg geboren baby’s. Ik kijk uit naar
onze verdere samenwerking.
Ook wil ik alle leden van de VICI-gebruikerscommissie bedanken voor hun interesse en
waardevolle input. Speciale dank aan Livia Kapusta, Arie van Dijk en Wim van de Vooren.
Bedankt voor jullie trouwe support tijdens, maar ook zeker buiten de meetings.
Richard Lopata en Marcel Rutten, bedankt voor al jullie hulp. Tijdens het eerste jaar van
mijn promotie was ik weer even terug op de veilige ‘thuisbasis’ in Eindhoven. Bedankt
voor de gastvrijheid, gezelligheid en alle hulp met het model. Gezellig dat we elkaar nog
regelmatig tegenkomen! Iedereen van de TU/e en het Erasmus MC die heeft bijgedragen
aan de gezelligheid tijdens de vele congresreizen, bedankt!
Dennis Hulsen, Marleen van Aartrijk en Teun Minkels, mede dankzij jullie mogen we
de ultra-snelle metingen uitvoeren bij patiënten. Bedankt voor al jullie inzet!
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Mark van de Hei, er staan hele mooie experimenten beschreven in dit proefschrift mede
dankzij jouw vakmanschap. Bedankt voor de prettige samenwerking, het (gezamenlijk)
ontwerpen en bouwen van de opstellingen.
En dan, alle (oud-) collega’s van het MUSIC-team. Mede dankzij de fijne sfeer op onze
kamers, de prettige samenwerking en alle gezelligheid heb ik de afgelopen jaren met veel
plezier aan dit onderzoek gewerkt. Bedankt allemaal voor de fijne tijd! Ook alle studenten
die de afgelopen jaren een tijdje hebben doorgebracht bij MUSIC, bedankt voor al jullie
gezelligheid.
Jan en Gert, jullie samen zijn de onmisbare basis van MUSIC. Bedankt voor al jullie
technische ondersteuning, hulp, adviezen en jullie interesse in mij en mijn onderzoek.
Jan, jij bent de stille kracht achter het VICI-project. Ik sta iedere keer weer versteld van
jouw enorme kennis. Bedankt voor je hulp bij de veiligheidsmetingen, de experimentele
flow-opstellingen, het programmeren van de Verasonics, het bouwen van snelle algoritmes
en zo kan ik nog wel even doorgaan. Ook bedankt voor alle momentjes die je nam om
achter mijn pc of voor het magneetbord mee te denken over technische uitdagingen
en oplossingen. Gert, bedankt voor je hulp met het beheren van al(!) mijn data en alle
pc-gerelateerde zaken. En dat terwijl je zelf ook aan het promoveren was. Fantastisch dat
het nu ook (bijna) af is, geniet ervan! Shreya, wat is het gezellig dat jij ruim een jaar
geleden begon aan je PhD bij MUSIC. Met je lieve, warme persoonlijkheid en humor ben
je een hele fijne collega. Laten we snel een keer Indiaas gaan eten met z’n vieren! Thomas,
ik kan niet wachten om in december dit jaar onze huizen te zien! Succes met de verbouwing
en gezellig dat we nu een kamer delen. Khalid, bedankt voor alle gezelligheid, de goede
gesprekken over het leven en alles wat ons bezig houdt en de gezellige verhalen over
thuis. Je bent een fijne collega. Gijs, jij begon later maar was bijna eerder klaar, respect
daarvoor. Bedankt voor de fijne, gezellige samenwerking. Anton, bedankt voor je interesse
en gezelligheid, maar vooral ook heel erg bedankt voor al je hulp bij de ronddraaiende-
schijf-experimenten. Die paar dagen samen in het lab waren erg gezellig! Veel succes met
je onderzoek. Chuan, dank voor al die keren dat je ons weer allemaal aan het lachen
kreeg. Ik ben blij dat we pas ontdekt hebben wat mijn favoriete Chinese snoep is. Succes
met de afronding van je onderzoek. Leon, af en toe mogen we van je droge humor
genieten. Bedankt voor de gezelligheid en veel succes met het project. Roel, we zien je
niet zo vaak, maar dat is zo gek ook niet, met alle projecten die jij hebt lopen. Knap werk!
Ik vind het altijd gezellig om even bij te kletsen. Remy, bedankt voor je gezelligheid. Jouw
meer klinische blik is goed voor MUSIC. Judith, gelukkig kwam jij om de vrouwelijke kant
van het team nog net iets meer te versterken. Gezellig dat je er bent. Sandra en alle
dames van het secretariaat, bedankt voor al jullie hulp en ondersteuning. Sandra, bedankt
voor al je gezelligheid, we vormen een goede dagjeuit-commissie samen. Livia, bedankt
voor al je interesse in mijn onderzoek en voor alle warmte en heerlijke chocolade die je
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altijd meebrengt als je weer even in Nederland bent. Han, bedankt voor de interesse in
mij en mijn onderzoek. Ik vind het bijzonder dat ik iemand met zoveel kennis en ervaring
heb mogen ontmoeten. Bedankt voor alle hulp, voornamelijk tijdens het eerste jaar van
mijn promotie. De korte bezoekjes voor een kopje koffie zijn altijd erg gezellig. Marinette,
bedankt voor de interesse die je altijd in mij toont. Het is gezellig dat je nog in de buurt zit.
Aisha, bedankt voor de gezellige tijd en fijne gesprekken. Ik vind het super knap en stoer
wat je nu allemaal doet! Lianne, het was gezellig dat je af en toe even kamergenoot was.
Bedankt voor de fijne gesprekken. Heel veel succes en geluk in de toekomst! Jeroen, jouw
korte colleges bij ons op de kamer over statistiek of andere zaken zijn onvergetelijk. Het is
zonde dat onze onderzoeken elkaar nooit echt hebben kunnen treffen, ik had graag veel
geleerd van al jouw kennis en ervaring. Bedankt voor de interesse in mijn onderzoek.
Francien, ik vind je een fantastisch leuk, lief mens. Gezellig dat we elkaar regelmatig
treffen op werk-gerelateerde feestjes, in de stad voor een kop koffie of thuis. Sonja,
bedankt voor al die jaren vol goede zorgen, hulp, aandacht en interesse in mij en mijn
onderzoek. Alles was altijd tot in de puntjes voorbereid en aan alles was gedacht. Je hebt
ons verwend met je warme en lieve persoonlijkheid, bedankt voor alles! Het is een gemis
dat je weg bent bij MUSIC, maar gelukkig zit je nog in de buurt. Laten we snel weer een
kop koffie gaan drinken. Branislav, Tim, Maria en Augustine, het is al weer een hele tijd
geleden, maar ook jullie bedankt voor de fijne tijd, ik heb er goede herinneringen aan.
En natuurlijk Kaj en Stein, waar moet ik beginnen? Bij het begin misschien: de roadtrip
door West-Amerika na een congresbezoek. Een kleine 3000 km in 6 dagen (dat ging dan
wel weer ultra-snel; Chris, nog bedankt voor het reisadvies!). De prachtige natuur,
de verkleedpartij, de race voor de zonsondergang bij de Grand Canyon, de onvergetelijke
avond in Vegas, puffend door Death Valley, een romantisch diner voor drie in Yosemite,
dansen in San Francisco, wedstrijdjes in het zwembad, Spaanse les in de auto, de dagsoep
en de steaks, ‘Home’, een reis vol bijzondere herinneringen. Die reis was de basis voor
een hele waardevolle vriendschap. Wat was het een feest om gelijktijdig met jullie een
promotietraject te doorlopen. We hebben gelachen, gehuild (oke, vooral ik..), maar vooral
heel veel gelachen! Bedankt voor alle gezellige borrelavonden, goede gesprekken,
dansavonden, waar dan ook ter wereld, goede etentjes, thuis, of waar dan ook ter wereld,
het wadlopen (of niet..?), het helpen kiezen van de jurkjes voor elke presentatie, het leren
herkennen van visuele prikkels. Kortom, bedankt voor alle avonturen die we samen
hebben beleefd! Ik vind het bijzonder dat ik naast jullie mocht staan tijdens jullie
verdediging en ben heel blij dat jullie ook naast mij zullen staan tijdens de verdediging
van dit proefschrift. Op naar nog heel veel meer avonturen samen!
Stein, naast alle fantastische avonturen die we beleefd hebben zaten we ook samen in
het VICI-team, jij op strain, ik op flow. Een draai op mijn stoel en daar zat jij, als rotsvaste
sparringpartner voor al mijn problemen, maar ook als eerste publiek voor alle nieuwe
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resultaten. Bedankt voor die fijne samenwerking, waarin we zowel ups als downs hebben
gekend. Ik heb er veel van geleerd en zal ‘makeL...’ (2x) niet snel vergeten. Kaj, een collega
zoals jij vind je niet snel. Ik mis onze woensdag-alleen-op-de-kamer-werk-ontwijkende-
goede-gesprekken over vanalles en nog wat.
Lieve familie en vrienden, bedankt voor de getoonde interesse en voor alle afleiding en
gezelligheid! Het schrijven van dit dankwoord doet me nog eens extra beseffen wat een
geluk ik heb met zo veel lieve, fijne mensen om me heen.
Latjes (en stapjes), wat een feest dat we het allemaal zo goed met elkaar kunnen vinden.
We hebben al heel wat bijzondere (levens)momenten meegemaakt samen en daar ben ik
dankbaar voor. Lieve Fenneke en Evita, we gaan het gewoon weer samen doen dit jaar,
de 4-daagse! Hoe het dit keer ook zal eindigen (ik hoop bij de finish), alle voorbereidingen
zijn al één groot feest, we stappen en lachen wat af. Bedankt voor de gezelligheid. Dat we
nog maar vaak met z’n allen aan een goede, dikke borrelplank mogen zitten, hier in
Nijmegen, of in Zeist.
Lieve Marike en René, wat een geluk dat ik bij jullie in huis kwam wonen toen ik verhuisde
naar Nijmegen. Bedankt dat jullie (keuken)deur altijd open stond voor een goed gesprek
of een lekkere kop koffie. Mede door jullie en de jongens is Nijmegen mijn thuis geworden.
Bedankt voor alle gezelligheid en warmte.
Lieve Anita, de eerste paar jaar samen in Nijmegen hebben we wat af gewandeld,
gezwommen en gegeten samen, dat was erg gezellig! Nu wat verder weg in Leuvenheim,
zien we elkaar wat minder vaak. Ik geniet van de creatieve uitspattingen die we soms
hebben samen en de goede gesprekken. Bedankt voor je fijne vriendschap.
BMT-vrienden, ondertussen met een heleboel aanhang en zelfs de eerste baby op komst!
De meeste van jullie weten wat het is, promoveren. Heel fijn om soms die herkenning te
vinden en elkaar zo te kunnen steunen. Anneloes, Bart, Elien, Ellen, Ellen, Mark, Esther,
Jelle, Germaine, Rob, Jeire, Raf, Joke, Marcel, Stefan, Stijn en Leola, bedankt voor alle
gezelligheid tijdens onze jaarlijkse weekendjes weg, dagjes uit en avonden bijkletsen.
Germaine en Esther, onze middagjes in Den Bosch zitten vol gezelligheid, lekker eten en
goede gesprekken, bedankt daarvoor! Ellen en Mark, de BBQ’s bij jullie zijn altijd gezellig,
bedankt voor al jullie gastvrijheid. Laten we snel weer samen gaan mountainbiken!
Voorlopig zitten wij nog wel in Nijmegen, dus jullie zijn altijd welkom voor de 4-daagse
feesten. Stefan, het heeft zo moeten zijn denk ik, jij en ik de laatste twee. Jij gaat het hek
sluiten, zet ‘m op met de laatste loodjes!
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Lieve vriendinnen, Claudia, Maroeska, Daisy, Babet en Evelien, ook al zien we elkaar
niet vaak genoeg, het is altijd gezellig als we weer wat ondernemen samen en even
goed bijkletsen. Babet, bedankt voor alle avondjes ontspanning tijdens Boogie Woogie.
Daisy, hopelijk gaan we elkaar vaker zien straks als we ‘buurvrouwen’ worden. Claudia en
Maroeska, ik geniet van onze weekendjes in eigen stad of dorp, de mooiste vakanties, het
tuinieren, samen eten en de goede gesprekken, soms ook over ons werk. Promoveren is
hard werken, maar wat jullie doen is zo knap, ik ben trots op jullie!
De allerleukste familie, lieve ooms en tantes, neven, nichten en aanhang! Al onze familiedagen en tradities hebben voor de nodige ontspanning gezorgd de afgelopen jaren.
De houthakkersdag, vissersdag, vaderdagBBQ, samen oliebollen bakken, kerst knutselen
en alle verjaardagen, het zijn altijd heel gezellige, fijne dagen! De basis daarvoor is gelegd
door opa en oma en ik hoop dat we het nog heel lang zo vol blijven houden! Met alle
kleintjes erbij wordt het alleen maar gezelliger. Bedankt dat jullie altijd even vroegen hoe
het ging met het onderzoek, maar dat er daarna ook vooral tijd was voor gezelligheid.
Lieve Lieselot, bedankt voor al je interesse en de nodige ontspanning tijdens een hapje
eten of dansend in een kroeg, tent of op de Zwarte Cross.
Lieve schoonfamilie, Aly, Jan, Margriet, Martijn en sinds kort ook lieve, kleine Yentl.
Willem-Jan ontmoeten was een groot geluk, maar er zo’n schoonfamilie bijkrijgen is een
cadeau! Ook al zien we elkaar niet altijd even vaak, het is steeds heel fijn om een weekendje
bij jullie in Friesland te zijn. Jullie hebben niet het hele promotietraject meegemaakt,
maar vooral het (lange) einde. Altijd waren jullie erg geïnteresseerd in mijn werk en de
voortgang. Bedankt daarvoor en bedankt voor alle warmte.
Lieve papa en mama, bedankt voor alle kansen en mogelijkheden die jullie mij gegeven
hebben. Dankzij jullie heb ik zorgeloos kunnen studeren en mezelf kunnen ontwikkelen.
Bedankt voor jullie interesse en onvoorwaardelijke steun, maar vooral bedankt voor de
fijne, warme thuisbasis in Oirschot. Het eerste jaar nog op en neer vanuit Oirschot, stond
er ‘s avonds altijd een lekker bord eten klaar en was er iemand om de dag mee door te
spreken. Later kwam ik altijd graag weer even thuis in het weekend, voor alle gezelligheid
daar. Nu afwisselend bij ons thuis in Nijmegen of thuis in Oirschot, het feest is dan echt
compleet als we met z’n allen aanschuiven voor pasta ‘la mama’. Ik geniet van alle fijne
momenten samen. Ik weet dat ik altijd bij jullie terecht kan en dat is een heel fijn gevoel.
Bedankt voor alle liefde.
Lieve Lieke en Rob, allerliefste zus en broer. Wat ben ik blij met jullie en zo ontzettend
trots op jullie! Bedankt voor jullie interesse in mijn werk, jullie luisterend oor, adviezen en
peptalks. Maar vooral bedankt voor alle gezellige afleiding, ik geniet van alle leuke dingen
die we samen ondernemen! Lieke, ik sta soms echt te kijken van alle details die je weet
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over mijn onderzoek. Bedankt voor het lezen van mijn stukken. John en Bram, fijn dat
jullie er ook bij horen! Ik ben blij met zulke lieve, zorgzame zwagers. Ook al wonen we niet
bij elkaar om de hoek en zien we elkaar soms te weinig, we zijn er onvoorwaardelijk voor
elkaar en dat is fijn. En natuurlijk Siem, mijn vriendje, wat breng jij ons veel geluk! Je mag
altijd komen logeren, pannenkoeken eten en spelen!
Lieve Willem-Jan, wat is het leven fijn met jou! Ergens tijdens dit promotietraject hebben
wij elkaar ontmoet (met een beetje hulp van het Radboud), een groot geluk. Bedankt voor
al jouw steun en de nodige afleiding, vooral tijdens de laatste maanden van het afronden
van dit proefschrift. Een boekje schrijven combineren met het kopen van ons huis werd
mij soms wat veel, maar jij wist altijd de rust te bewaren. Bedankt, gewoon voor wie je
bent, mooi, lief. Jij maakt me aan het lachen en geeft me rust. Bij jou ben ik thuis. Ik kan
niet wachten op ons eigen huis en de rest van ons leven samen!
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