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Abstract

Free flap surgery is a common reconstructive technique to repair tissue damage after trauma or cancer
removal. Tlis complex procedure involgghe transfer of tissue, along with its associated blood supply,
from one part of the body to another. While these surgeries have high overall success rates, the risk of
vascular complications remains a concern. Thus, rigorousopesative vascular mowiting of free

flaps is requiredor the earlydetecion and intervention ofomplications to prevent tissue ne¢sosr

complete flap failure. Despite the critical importance of vascular monitoring, clinicians do not currently
have an objective measurement tool that can quantify the volume of blood perfusing the flap. Instead,
they rely on tools which indicate the pemce or absence of blood flow (e.g. Doppler peasgpled

with visual inspection of the flap. As a result, vascular compromise can go unnoticed for several hours

which increases the risk of partial or total flap failure.

Ultrasound imaging is a potential solution to the vascular monitoring of free flaps given its ability to
accurately measure blood flow velocities at the bedside. However, the accurate quantification of blood
flow volumes requires the use of higblumerate 3D ultrasound imaging which generally lacks
bedside applicability due to the large size of the associated processing electronics. The goal of this
thesis is to investigate novel solutions which enable the acquisition of accurate 3D flow measurements
with portable ultrasound systemSpecifically, this work has two primary focal points: 1) the
investigation and validation of data reduction strategies for 3D ultrasound to facilitate the use of
portable processing systems, and 2) the enhancement efabéghltrasound flow estimation@gacy
to optimize the performance of volumetric blood flow measurements. At the end of this work, the first

in vivovolumetric blood flow measurement with a portable 3D ultrasound system is showcased.

Overall, thisthesispresents several advances on the siitbe-art of 3D ultrasound flow imaging
technology. The capabilities of smaltale 3D ultrasound technology are demonstrated indicating a
positive outlook for future clinical applications. Indeed, the core foctisi®fvork on accurate blood
flow quantification is to ensure that clinicians have access to reliable, quantitative data enabling them
to make objective decisions on patient care. In the case of free flap vascular monitoring, 3Dnaltraso
has the potential to significantly improve the early detection of vascular complications which could

mitigate the need for additional surgeries and reduce the rates of partial and total flap failures.
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Chapter 1

l ntroducti on

1.1 Clinical Motivation

Reconstructive surgery is a formpméstic surgery that is used to rebuild portions of the body that have
been impacted by diseases or injudphi{n Hopkins Medicine, 2023)n cases of extensive tissue
damage or removal, the use of a fAfree fl apd ma
functionality, and improve appearandeahn School of Medicine at Mount Sin&019 Saber et al.,

2022. Free flaps are donor tissues which have their blood supply severed from the donor site and re
attached at the recipient site throwgtvanced microvascular surgical techniques. This is in contrast to
tissue grafts which rely on natural revascularization of the donor tissusysgsty and do not require

the detachment and reconnection of donor blood vessels. Free flaps also diffethfeorflap types

such as local, rotator, or pedicled flaps which are used when the blood vessels can remain intact between
the donor and recipient sites. Thus, free flaps are the surgical method of choice for the repair of large
defects which require sigfitant blood perfusion as well as defects that do not have a suitable tissue
donor nearby (i.e. the donor flap must be taken from a distant part of the body and the blood vessels
must be severed). While free flaps can be composed of a single tissu¢hggpare commonly
compound tissues containing any combination of skin, fat, muscle, and evendadme chool of
Medicine at Mount Sinai2019, Saber et al., 2022

Reconstructive surgeons have a higher proclivity for the use of free flaps in specific disease and
injury conditions. Indeed, one of the most common applications of free flap surgery is in breast cancer
patients for reconstruction after mastectomies duthdosize and compound nature of the required
donor tissue$aaristo et al., 201Rose & Puckett, 2093Another common application is for head and
neck cancer patients after tumor excision which requires complex surgical planning and has a high
emphasi®n the resulting appearand ¢ kK aet ah, 202). Aside from cancer, free flaps are also used
for repair after trauma in both the upp&ullocks et al., 2006, Koepple et al., 201&nd lower
(Khundkar, 2019Alam Atiq et al., 202D extremities and, less commonly, in patients suffering from

acute or secondary burrBréwin et al., 2020Jalr et al., 2015.

1.1.1 Post-Operative Complications of Free Flaps

Despite the many advances in surgical planning and methodologies, the rate -sifirgicst
complications remains high and there is a-negligible risk of flap failure. For free flap surgeries, the
1



rate of complications generally ranges from483 Rose & Puckett, 2023Allam et al., 2022Lese

et al., 202} with complications being more common in maxillofacial surgeries (up tag D&Xis et

al., 2023. In about 5% of free flap surgeries (7% in maxillofacial surgeries) the flap undergoes total
failure requiring the removal and disposal of the donor tidgsumk & Agarwal 2017 Pohlenz et al.,

2012. Moreover, even without a complete failure of the flay2556 of complications require the
surgical reexploration of the flapRui et al., 2007 Salgado et al., 2009Aside from infections and
systemic complicationge.g. pneumonia)many complications are directly related to the vascular
function of the flap including thrombosis, compressive occlusion, hematoma, or bledires @l.,
2007,Pohlenz et al., 20)2Even simple clinical errors such as overly tight bandages or wound closures
increase the risk of vascular occlusi®olilenz et al., 20)2Vascular complications reduce or fully
eliminate the perfusion of blood in the flap tissue which, without rapid intervention, can lead to tissue
necrosis and partial or total flap failure. Furthermore, larger flaps require increased perfusion and are
more at risk to vascular complications am&bue necrosis without deliberate surgical planning to
increase the blood supplyde & Mun, 2016. While there are clinical predictors of patients at risk for
postsurgical vascular complicationkgse et al., 2021 the most important factor in identifig (and

ideally saving) flaps with vascular complications is extensive-gagfical monitoring by skilled
clinicians Chen et al., 20QBalgado et al., 2009).

1.1.2 Monitoring of Vascular Function in Free Flaps

The postoperative vascular monitoring of free flaps is crucial to the success of the procedure and must
be performed diligently. In most cases, patients are admitted to an intensive care unit (ICU) for recovery
immediately following the procedure enablifrgquent checlins, however, there is no established
universal protocol for the monitoring of free flaps. The most widely used monitoring technique utilizes
Doppler pens to detect the presence of blood flow in the major vessels of ti&aflzgdp et al2009,
Knoedler et al., 2023 Doppler pens are ultrasonic devices that leverage the Doppler effect to measure
the movement of acoustic scatterers (including red blood cells) and output an audible Doppler signal to
the user. Alternative or supplementary methods of monitoring leveirsgg inspection, temperature,

blood oxygenation, tissue pH, laser Doppler, or any combination theBatfado et al., 2009
Regardless of the technology being used, most centers follow a strict timeline for monitoeindicgp

on how many hours have passed since the operation. A typical example of such a timeline is:

0 to 24 hour§ Monitoring every 30 minutes.
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24 10 48 hour$ Monitoring every 60 minutes.
48 to 72 hour$ Monitoring every 4 hours.
>72 hours Monitoring every 812 hours.

Unfortunately, there remains a critical flaw in the available tools for vascular monitoring no matter how
frequently they are applied. None of the existing technologies provide a quantitative, repeatable, and
direct measurement of the underlyimgicome of vascular complications: the volume of blood passing

in and out of the tissue flap. Indeed, both clinicians and researchers have called for novel techniques
that would provide a more cleaut measurement of flap perfusion with minimal user ddpace
(Sapbado et al., 2009 hao et al., 2013<noedler et al., 2023

1.1.3 Ultrasound as a Solution for Free Flap Monitoring

Given its bedside applicabilitbpfazGomezet al., 202}, ultrasound imaging is a potential candidate

for the postoperative monitoring of free flaps in the ICld.fact, utrasound color flow imaging (CFl)
hasalreadybeen used in multiple quantitative research studies on fysséldorp & Pennington,
2014,Steenbeek et al., 2022, Rubino et al., 208@wever, clinical ultrasound systems are typically
2-dimensional (2D) while volumetric blood flow (VBF) is an inherentigifiensional (3D) quantity
resuting in the need to perform multipleD scans to estimate its value. Additionally, several
approximations about the flow and veseskhracteristicare also required for the calculatiofhe
procedure for estimating VBF from 2D ultrasound is effectively the same today as it was in the 1990s
where studies questioned the accuracy of the meRatoirf, 1999, Hussain et al., 1998 recent study

on modern scanners indicates that these estimations can be reasonably accurateinatitiest

however they alo acknowledge the need for updated methodolobjliegt et al., 2009).

The most logical solution to accurate VBF measurements with ultrasound imaging is to use 3D
ultrasound instead of 2D, yet there are many roadblocks to the implementation of bedside 3D ultrasound
flow imaging Currently, clinical 3D ultrasound systems are limited to extremely low volume rates
(<10Hz) whichare not suitable for flow imaging. Additionally, research scanners capable of high
volumerate imaging (up to 10kHz) are typically very large systems that are not suitable for bedside
clinical applicationgJensen et al., 2018etrusca et al., 2018pmaller scale solutions on the other
hand suffer fronmeducedsignatto-noise ratios (SNR)r lower temporal samplindRoux et al., 2018,

Sauvage et al., 2018ecause of these challenges, little research has been performed to optimize flow
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estimation performance in 3D ultrasound leaving the reliability of resultant VBF estimations uncertain.
Certainly, there remainssagnificant technological gap between the current state of 3D ultrasound and
accurate bedside VBF monitoring using 3D ultrasaimad must be addressed.

1.2 Research Objectives

To reliably measure VBF with 3D ultrasound at the bedside, a portable ultrasound system with
improved SNR and optimized acquisition schemes needs to be developed. Ideally, such a system would
be similarly sized to modern 2D ultrasound scanners and haveacaiphe data rates. To this end, the
following research objectives are pursued in this thesis:

1) To increase the SNR of ultrasound flow estimation by designing a novel framework centered
around existing signal enhancement strategies.

2) To investigate the feasibility of 3D ultrasound data reduction with sparse transducer arrays that
utilize similar channel counts to modern 2D ultrasound systems.

3) To optimize the higivolumerate ultrasound acquisition scheme for maximized velocity
estimation accuracy and minimized velocity estimation variance.

4) To devise a framework for estimating VBF from 3D ultrasound flow estimations acquired from

a portable ultrasound system.

Each of these research objectives addresses a critical problem in the development of bedside 3D
ultrasoundfor reliable VBF estimationsBy addressing these problems, 3D ultrasound technology
moves closer to the potential application to VBF monitoring in free flEps.following subsections
provide a higHevel overview of the problems driving these research objectives and how the objectives

themselves are approached in this thesis.

1.2.1 Objective 1: Increasing SNR of High-Frame-Rate Flow Estimations

High-rate ultrasound imaging, both in 2D and in 3D, is well known for its ability to resolve dynamic
flows with high temporal resolutiofTanter & Fink, 2014)however, the benefits of dynamic imaging
come at a direct tradaff with the SNR of the images. Low SNR flow estimates have generally
increased variances which will in turn result in less reliable VBF estimations. Thus, there is a distinct
need for SNR ehancement if a robust VBF estimation platform is to be realized. Ultrasound signal
enhancement cabe realized using coded excitations which are typically-thimgtion transmissions

that can be compressed upon reception to preserve spatial resolution while increasing the intensity of
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the echoefMisaridis & Jensen, 2005ayet, coded excitations have long been considered incompatible
with traditional ultrasound flow imagin@Misaridis & Jensen, 20058} 0 address this incompatibility,

a novel ultrasound flow estimation framework is describedhapter 3 that is specifically designed

for use with coded transmissions. This framework not only increases the SNR of the flow signal, but

also enhances the velocity estimation accuracy and extends the velocity estimation range.

1.2.2 Objective 2: Assessing Sparse Array Feasibility for High-Volume-Rate

Ultrasound Imaging

High-volumerate ultrasound imaging with fully populated matrix transducer arrays can produce data
rates approaching0GB/s which limits its implementation to powerful, largeale scanners that do not

fit the pointof-care ultrasound paradigdensen et al., 2013, Petrusca et al., 20R8jucing this
immense data rate, thereby enabling the use of portable scanners, is possible by employing sparsely
populated transducer arrays which reduce the element count and in turn the amount of raw data
collected However, the transmission characteristics of sparse arrays have yet to be established in high
volumerate imaging schemes making their ability to accurately estimate flow velocities uncertain.
Hence, a rigorous analysis of the transmission performance of a spergen highvolumerate

imaging schemes is presentecCinapter 4. This investigation demonstrates the adequate capability of
sparse arrays and suggests that they are suited fowdligimerate imaging applications including

flow estimation.

1.2.3 Objective 3: Optimizing High-Volume-Rate Ultrasound Acquisitions for High

Performance Velocity Estimations

Ultrasound flow estimations can be acquired along multiple directions avbigimerates with the
use of steered transmissions. By collecting muitectional estimates, the velocity vectors of the
underlying flow can be deduced. In 2D ultrasound, stutiave shown that the combination of steered
transmissions directly impacts the flow vector estimation perform@vice & Yu, 2016). In 3D
ultrasound, no such analysis has been performed to account for the additional degree of freedom in the
beam steeringnd as such recent studieay have sulmptimal performance for thegiven system
(Rossi et al., 2020, Holbek et al., 2@1HAolbek et al., 201, Correia et al., 2016, Correia et al., 2020).
While these studies have shown reasonable performangapttr@ialuse of excessive transmissions
sacrificeghe achievable velocity estimation limit. Therefore, velocity estimation accuracy is quantified
in a parametric sweep of transmission sequenc€apter 5. This study uncovers the strong effect
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of transmission steering angles on the velocity estimates but also shows that relatively few
transmissions are required to obtain high accuracy estimates.

1.2.4 Objective 4: Devising a VBF Estimator Using a Portable Ultrasound Scanner

To date VBF has been estimated from 3D ultrasound flow vedtowsvoin previous works on large

scale ultrasound scanndfSorreia et al., 2016, Holbek et al., 2@1Torreia et al., 202®ut not on

any portable system#dditionally, there has been limited investigation of the robustness of the VBF
estimators to changes in flow orientation or position in the imaging frame. Nonetheless, these studies
have demonstrated promising performance of VBF estimates from 3Déicers. To further advance

this research directiorChapter 6 presents VBF estimations acquired from a portable ultrasound
system and investigates the impact of flow properties (direction and location) on the estimation
performance. This study confirmedatiprecise VBF estimates from a portable ultrasound scanner are
possible, albeit with notable offsets from the ground truth depending on the flow orientation and
location.With additional work to calibrate the VBF estimates, it is possible that this framework could

be applied in clinical studies and eventually in the clinic for free flap monitoring.

1.3 Thesis Outline

The remaining chapters of this thesis are organized as follows:

Chapter 2 presents background information including 2D and 3D ultrasound imaging, ultrasound
flow estimation, and highate ultrasound imaging. The contents of this chapter are intended to prime
readers for the subsequent chapters which describe the thesis resglrichdetail.

Chapter 3 introduces a novel framework for the estimation of blood flow using -cuded
excitations to enhance Doppler SNR when using unfocused transmisBathsthe theoretical

explanation and initro experimentabalidation of the framework are provided.

Chapter 4 details the field profile study performed on a sparse spiral array to assess its suitability
for unfocused imaging applications. This chapter focuses on the hydrophone and simulation study

results on the array as well as demonstrates #mo@e imaging gaabilities.

Chapter 5 presentsa study of the effects of transmission sequences on the accuracy of 3D vector
flow imaging. The effects are studied on multiplevitro straight tube flow conditions and the optimal

transmission scheme is demonstrated on multidirectional and anthropomorphic models.
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Chapter 6 showcases VBF estimations from a portable ultrasound scanner using a fully populated
matrix array. VBF estimations are performed on severatro models as well a# vivoin a brachial

artery.

Chapter 7 summarizes the contributions of this thesis and suggests future research directions that

could further extend and advance this work.



Chapter 2

Background

2.1 Ultrasound Imaging for Free Flap Monitoring

Ultrasound is a point of care imaging modality that enables the live viewisiguatures within the

body while simultaneously providing quantitative measurements such as blood flow veldaity (
GOmezet al., 2021). The imaging capabilities of ultrasound give it a distinct advantage over existing
free flap monitoring technologies, such as Doppler pens, which do not provide the user with any visual
feedback. A known limitation of flap monitoring with Ppler pens is the risk of the clinician
accidentally monitoring the recipient tissue vasculature and not that of the donor tidgadq®aal.,

2009). Such errors may lead the care team to believe that a flap has normal vascular function even when
it is occluded and requires immediate intervention. Currently, to differentiate the donor and recipient
vessels, clinicians can comprels flap to temporarily restrict blood flow and ensure that the Doppler
signal is also los(Salgado et al., 2009However, compressing the freshly transplanted tissue risks
damage and is a nadeal solution. Therefore, there remains a need for imaggagd technologies,

such as ultrasound, enabling clinicians to distinguish between donor and recipient vessels more easily.

The following sectionsdescribe how ultrasound images and ultrasound flow estimations are

performed to prime the readers for the subsequent chapters of this thesis.

2.1.1 Ultrasound Image Formation

Biomedical ultrasound is an imaging modality which uses acoustic waves, commonly i2GkiHx
range, to construct an image of a region of interest in the human body. The acoustic waves are
transmitted and received by ultrasonic transducers which camrtaiegctrical signals into acoustic
signals and vicerersa. These waves travel through a medium and are reflected off various scatterers
resulting in echoes which return to the transducersaaadonverted back into electrical signals
(referred to asadofrequency (RF) dajaln 2D ultrasound, a linear array of transducer elements is
used form a planar image. In 3D ultrasound, a 2D arrangement of transducer elements (commonly
referred to as a matriarray or 2D array) is used to form a volumetric image. In both 2D and 3D
ultrasound imaging, the design of the transducer array is critical to the imaging properties of the system
(Kino & DeSilets, 1979, Macovski, 1979, Turnbull & Foster, 199 )typical rule of thumb in
ultrasound transducer array desigtoignaintain an element pitch of less than or equal to one half of a
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wavelength (&), that is, the el ement pitch shoul

pitch, transmitted and received ultrasound beams are expected to be uniform and free from grating lobes
(Macovski, 1979)

To form ultrasound images a puseho sensing paradigm is leveraged. First, an aperture of the array
is used to transmit a focused ultrasound beam into the imaging migtdipicted in Figure A(a)]. As
the beam permeates the medium it is scattered and reflected by the tissues resulting in echoes returning
to the transducer array which can be received by the transducer elements (oftentimes the same aperture
in transmit and receive is used, but aati#nt aperture may be used if desired). Note that thecaks
are not able to simultaneously transmit and receive information and so a short transmission pulse must
be used to allow shallow echoes to be recorded. The received echoes are dynamically focused using a
process known as delandsum (DAS) beamformignwhich enables every pixel location to be focused
on receive. The reception on a single aperture of the array, from a single transmission event, is used to
form a single scanline of the ultrasound image. The location of the scanline is centered below the
aperture used in its formation. After receiving is completed, the transmit aperture is stepped laterally
by a fixed number of elements and the protocol is repeated. One full image is formed when the transmit
receive aperture traverses the full array atcWligoint it returns to the beginning to continue scanning.
Typically, the output image to the scanner display is ectogpressed version of the image known as

a brightness map or-Biode image.

While scanline Bmode imaging is the gold standard for ultrasound image quality, it is not without
limitations. Scanline imaging requires many ptésto cycles to form an image covering the full array
aperture which limits the achievable frame rate. T&cing between subsequent transmissions is
known as the pulse repetition interval (PRI) and the corresponding inverse is the pulse repetition
frequency (PRF). Therefore, the frame rate of a scanlineo@e image is the PRF divided by the
number of scanlirebeing used. While increasing the PRF can increase the imaging frame rate, its
increase is limited by the desired imaging depth since the echoes from greater depths require a longer
time to reach the array and the array cannot transmit and receive sgoulily. Typical clinical
ultrasound scanners operate ata8de frame rate around 30Hz. This frame rate is suitable for smooth

live imaging; however, it is not sufficient to capture dynamic events within a single cardiac cycle.



a) Scanline Imaging b) Plane Wave Imaging c) Diverging Wave Imaging
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Figure 2-1 Diagram of scanline, plane wave, and diverging wave imaging. (a) Scanline imaging
focused beam transmissions from a-aplerture and receives the echoes on the sataaperture (typically).
The subaperture is stepped laterally across the array to form an image resulting in a frame rate of P
the number of transmissions. (b) Plane wave imaging emits a broad view pulse with a flat wavefront -
array elemets and receives on all elements simultaneously. The frame rate is equal to the transmiss
(c) Diverging wave imaging is the same as (b) except with a spherical wavefront.

2.1.2 Pulsed Wave Doppler Ultrasound
Pulsed Wave Doppler (PWD) is one means of acquiring blood flow measurements using clinical
ultrasound scanners. Like most ultrasound flow measurement techniques, PWD leverages the Doppler
effect, that is, the shift in frequency of a wave when it refle#or® fa moving scatterer. The frequency
shift, known as the Doppler frequenéy is related to the frequency of the acoustic whyethe speed
of soundg, the flow magnitudey, and the bearflow angle,, through the Doppler equati¢®.1).

¢Q 0AT,0

W

P

To perform PWDa region of interest in the-Biode image is selected by the user, known as a range
gate[Figure 22(a)]. Then, the scanner transmits a series of focused beams centered on the range gate
at a high PRF. If there is flow in region identified by the range gate, each consecutive received echo
has a slight phase shiftepicted in Figure 2(b)] which is directly related to the Doppler frequency
[as shown in Figure-2(c)]. By performing frequency analysis on the range gate across multiple pulses

(i.e. along the sloviime direction), typically via a Fast Fourier Transform (FFT), the Doppler spectral
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information is uncovered. As more pulseho cycles are performed, the frequency analysis slides in
time producing what is known as a Doppler spectrogram. However, for the Doppler spectrum to be
converted to a velocity range, the precise beam flow angtéust be knowrisee equation (2.1)In

clinical ultrasound scanners, the beam flow angle is typically a user input and therefore is a notable

source of velocity estimation error.

The velocities estimated from PWD can be used to estimate the VBF within a blood vessel by
extracting either the instantaneous mealwocity, thepeak veloci, or the mean velocity over time.
For this method to be accurate, it is critical that the range gate be wide enough to cover the entire width
of the vessel so that the radial velocity profile is adequately sampled. The instantaneous mean velocity
in the vesel can be multiplied by the cresectional area of the vessel (estimated from the vessel
diameer) to estimate the VBF. The mean velocity over time can be used to estimate thectiaged
VBF in the same way. Alternatively, the instantaneous peak veldsityed by twocan be used to
approximate the mean velocity, assuming the flow profile is parabolic. Given the pulsatile nature of
arterial flow, the assumption of parabolic flow is often inaccurate resulting in further VBF estimation

error.

Certainly,PWD hasseveral drawbacks that render it a #id@al tool for VBF estimation. First, the
beamflow angle and the range gate setting are both user dependent and risk bethnohtiraer
operator variability. Additionally, the measurement of the vessel-sexdsnal area generally assumes

a) b) <)
Rxi :
Rx2 - - t+ Tpg
o
E
'; Rz —  t+2Ten
82
0
Rx4 - t+ 3Ter
Slow Time
v Rx5 - t+ 4T

Range Gate

A\ 4

Fast Time

Figure 2-2 Diagram of pulsed Doppler imaging. (a) A range gate for flow estimation is placed withi
transmit/receive beam. (b) Received RF data from five trarremétive on the range gate with an interval
Ter. Fasttime is along the RF data samples and diiove is along the transmiteceive repetitions. (c) Ar
extracted set of slowime data points at a single fasnhe location [blue line in (b)]. The frequency of tt
oscillation along the slovime directio is equal to the Doppler frequency at thaintin fasttime (depth).
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a circular crossection which is often inaccurate. Finally, PWD only provides a single location
measurement that | imits the usero6s ability to av

errors.

2.1.3 Ultrasound Color Flow Imaging

Color Flow Imaging (CFI) is an alternative mode to produce velocity estimates from a clinical
ultrasound scanner. Unlike PWD, CFI estimates velocities across the entire imaging view and not just
at a single range gate. This wider view provides a mordiirguepresentation of the flow to the user,

but the frame rate is limited to roughly 20Hz. Overall, the principle behind ultrasound CFl is the same
as PWD, except, instead of outputting a Doppler spect@ihcomputes a mean Doppler frequency

at each pigl location and outputs the corresponding mean velocity as a color map overlayirg the B
mode imagéMerritt, 1987)

The mean Doppler frequencg, in CFl is estimated from the average phase shift between multiple

p ul sye & one pixel location through equati@?2) (Cobbold, 2007)

3f ¢y '@ &

The phase shift is extracted using a technigue known amkagutocorrelatio(Kasai et al., 1985)
Lag-one autocorrelation, as the name suggests, is the calculation of the autocorrelation between the
slow-time signal at a particular range gate, S, and the once lagged copy of the same signal. The phase
angle of the autocorrelation is the average pbhi#efrom equatior{2.2) within the range gate and is

given in equatiorf2.3).
3y ” Y aYQ p C®

As in PWD, the velocity estimates from CFI must consider the Beamangle which remains a
user input parameter leading to significant potential for effitchell, 1990) Additionally, the
velocity estimation range in CFl is limited by the PRF at each pixel location. According to sampling
theory, frequencies in the sleime direction(Doppler frequencies)an only be resolved to half of the
sampling frequency (PRF) before aliasing occurs. While this is also the case in PWD, the use of a
spectrogram mads the identification of aliasing easier since the spectrum can be seen wrapping around
the frequency axis. In CFl, aliasing results in-4owored pixels which can be more challenging to

distinguish from accurately colored pixels. These limitations of G&Ve led to numerous
12



developments in recent decades to improve both the detectable velocity limits and reduce the operator
dependence.

2.2 High-Frame-Rate Ultrasound for Enhanced Flow Estimations

The field of highframerate ultrasound imaging was formed from the need to improve upon the frame
rates of scanline ultrasound and CFI such that in vivo dynamics could be visualizedrakrtigiate
ultrasound uses novel transmission strategies whichcepture fast flow velocities without a
dependence on the bedlow angle. The key concept behind most of the work in this rapidly
developing field is that by insonofying a larger area with each transmission, fewer transmissions are
required to form each iage frame compared to scanline imaging. Therefore, bothrtiale and flow
imaging frame rates can be increased dramatically to upwards of(TkHter & Fink, 2014)

Unfocused transmissions, such as plane and diverging waves, insonofy the entire imaging window
in a single transmission thereby resulting in frame rates as high as th@dfiR#ed in Figure -4(b)
for plane waves and Figure-1Zc) for diverging waves)However, the downfall of unfocused
transmissions is the loss in image quality. The reason for the loss in image quality is twofold: (1) the
transmitted signal energy into the imaging region is reduced compared to focused imaging, and (2) the
returning eboes cannot easily be localized to a specific image region in DAS beamforming and thus
far-away scatterers can make undesired contributions to pixels with overlapping delays. To combat the
reduced image quality, methods such as coherent compounding of plaaémages (i.e. pixelwise
summation of images formed from different plane waves) have been developed to improve quality

while maintaining high frame ratéslontaldo et al., 2009)

Regardless of the loss in signal quality, the development offtagierate ultrasound techniques
has incredible value in dynamic ultrasound imaging. Since the development of unfocused imaging, the
field of ultrasound flow imaging has flourished with nbtechniques that take advantage of newly
achievable frame raté€oture et al., 2012, Ekroll et al., 2013, Yiu & Yu, 2013, Yiu et al., 2014, Lenge
etal., 2015, Leow et al., 201%)ne of the most prominent developments was the advent of vector flow
imaging (VFI) techniques which can produce highmerate flow estimations that are independent of
the bearfflow angle. Removing the dependence of bdkerw angle from the velocity estimation
eliminates a significant source of estimation uncertainty and apatependence resulting in a more

robust technique. Numerous methods have been developed to derive flow vectors from ultrasound data
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(Jensen et al., 2016a, Jensen et al., 201&) for the sake of brevity, only mutingle Doppler VFI
will be discussed here.

2.2.1 Multi-Angle Doppler Ultrasound

Multi-angle Doppler methods are an extension of pulsed Doppler methods, such as CFl, inte the high
framerate VFI domain. Multiangle Doppler techniques acquire velocity estimations along two or more
different ultrasound beam directions and then use sirgptEmetrical arguments to convert the

individual estimations into flow vectors. The use of multiple known flow sampling directions facilitates
velocity estimations that are independent of the bBaw angles, eliminating the need for user input.

As derival by Yiu and Yu 2016, the Doppler equation can be written in terms of the transmit and
receive steering angl es, d and o, respeceti vel vy,
directions, y and v, given in equation (2.4).

C e P
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This modifiedversion of the Doppler equation is no longer dependent on thefodamw angl e, G,
now has two unknown componemtgandv,. Therefore, a minimum of two independent realizations
of this equation are required to solve for the 2D velocity vectors. These realizations come from Doppler

frequency measurements at different transmit and receive angles.

Methods usingwo sets of transmiteceive angles are known as daagle Doppler and have been
reviewedby Dunmire et al. (2000jor single range gate flow calculations. By using unfocused
transmission schemes dwalgleDoppler is ndonger limited to flow estimation in a single range gate
but instead could be performetder an entire image simultaneou@Bkroll et al., 2013, Fadnes et al.,
2015) However, duahngle Doppler methods can be subjediigh estimation variance without large

slow-time ensemble length{&kroll et al., 2013)

Multi-angle Doppler methods leverage more than two sets of traresnite beams to reduce the
estimation variancéYiu et al., 2014, Yiu & Yu, 2016)This is done by creating an ow#gtermined
system of equations and solving using a lsgstares approadtYiu & Yu, 2016). The system of

equations is given in matrix form Bguations (2.5) and (2.6).

AT c®
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Whereu is equal to the righhand side of equatiof2.4). To compute the leasguares solution to
this system of equations, the psedaieerse of matridA is usedas given in equation (2.7)

T AA A7 ¢
Sincethis method relies on manyansmission angles, it is robust to errors present in a single

transmission due to unfavorable be#low angles or other factors.

2.2.2 Limitations of High-Frame-Rate Ultrasound

While high-framerate ultrasound techniques such as martjle Doppler have been widely successful

in enhancing the dynamic imaging capabilities of ultrasound, they remain restricted to 2D image planes.
The 2D flow vectors obtained with these methods are merejgctions of the underlying 3D flow
profile onto the imaging plan@ne study by Hansen et al. (2014) found that VBF measurements from
2D VFI in the kidney had similar error levalempared to VBF measured from CFl in previous works
(Huisman et a) 2005, Schwarz et al., 2003). These results indicate that there is a limit to the accuracy
of 2D based VBF estimation methods because of the assumptions about-dffiglaoe flow and

vessel geometry; however, the variance was reduced using 2D VFItfremmeduced operator
dependenceéddditionally, tasks such as vessel segmentation for calculating theserctisnal area are

more challenging in higframerate ultrasound compared to scanline ultrasound because of the
reduction in image quality. For wisound to reliably measure VBF with minimal assumptions and user

input, it must be extended into 3D and leverage the recent advances-frahighate 2D ultrasound.

2.3 High-Volume-Rate Ultrasound: The Next Generation of Ultrasound Flow

Estimation

3D ultrasoundechnology enables the more intuitive capture of complex structures and dyimamics
vivothan 2D ultrasound. 3D ultrasound has the potential to acquire complete 3D flow profiles even in
traditionally difficult imaging scenarios such as bifurcations, aneurysms, and other tortuous vessels.
Furthermore, capturing the complete 3D flow profile ldesa the derivation of VBF without any
assumptions on the flow profile or vessel geometry. Indeed, 3D ultrasound could revolutionize the post

operative maitoring of free flaps providing clinicians with a reliable, objective metric on the vascular
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health of the transplanted tissue. Yet, despite its promise, 3D ultrasound remains far from widespread

clinical use.

Typically, 3D imaging is performed by leveraging 2D matrix transducer arrays to capture volumetric
data. In modern clinical scanners with 3D imaging capabilities, these matrix arrays are operated in a
similar manner to 2D scanline ultrasound except with thousantsrtdducer elements instead of
hundreds. Given that the focused beams must now be stepped over a planar surface, the time required
to capture a single volumetric image far exceeds that of 2D scanline imaging. For this reasemg high
clinical 3D ultrasound scanners are typically limited to volume rates <10Hz renderingpliuthe,
dynamic flow imaging impossible. The uskbroad view transmissions can increase the volume rates
to the PRF limit; however, this requires the simultaneous acquisition of data on the 1000+ elements of
a matrix array which can reach upward$06GB/s. Currently, there are only a select few ultrasound
scanners globally that can process data at such high(datesen et al., 2013, Petrusca et al., 2018)
Recent works othese systems have demonstrated their capability fordtilgime rate imagin vivo
(Correia et al., 2016, Santos et al., 2016, Provost et al., 20a#rtunately these powerful systems
are large and do not preserve the portable, fictre reputation of ultrasound rendering them
unusable in ICUs for free flap monitoring. This has led to extensive researchutimegdund channel
count reduction strategies which aim to minimize the loss in image quality while significantly reducing

the data load.

The most prominent channel count reduction strategies fall under two broad categories: 1) novel
array designs with low channel counts, and 2) traditional matrix arrays with reduced receive channels.

The following subsections will provide an overview of twousidins from each of these categories.
2.3.1 Novel Array Designs

2.3.1.1 Sparse Arrays

Sparse arrayare perhaps the simplest method to reduce the channel count from 2D matrix arrays for

3D ultrasound imaging systems. Sparse array designs remove certain elements from 2D matrix arrays

to reduce the channel count. This removal of elements in 2D sparse gerarally leads to a greater

than &/ 2 spacing between the el ements which <can
and receive beamon Ramm & Smith, 1990)Thus, sparse arrays must be carefully designed to

optimize beam wgality.
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Advancedsparse array design methodologies such as simulated annealing can optimize the arrays
with many degrees of freedom including element counts, location, and weighting to produce arrays
with good field propertie§Trucco, 1999, Roux et al., 2016)dditionally, with the development of
capacitive micromachined ultrasound transducer (CMUT) arrays, the design flexibility of sparse arrays
has increased opening the door for more complex layouts such as spirals and with fewer restrictions on
element shae and size(MartinezGraulleraet al., 2010, Diarra et al., 2013, Ramalli et al., 2015)

Recently, a few studies have applied sparse arrays in im@nget al, 2018) Doppler(Mattesini
et al., 2020, Rossi et al., 202@nd even super resolution experimgitarput et al., 2020)These
results have shown comparable resolution performance betweereled2dnt 2D matrix arrays and
sparse arrays with 25@lements with a reduction in contrast for the sparse array in foamkd
unfocusednode imagindRouxet al, 2018) They have also shown comparable Doppler performance
with unfocused tramsissiong(Rossi et al., 2020 hese studies have reached a maximum volume rate
of 500Hz(Harput et al., 2020)hich is lower than typical 2D VFI which is often performed at >1kHz.
This reduced volumeate is a result of the significant image compounding required to maintain a
suitable signato-noise ratio (SNR) with sparse arrays. In general, the SNR loss msastenotable
limitation of using 2D sparse arrays for 3D higblumerate imaging.

2.3.1.2 Row-Column Addressed Arrays

RCA arrays provide a means to reduce the channel count of a 2D matrix array, without sacrificing the
signal strengttiMorton & Lockwood, 2003)These arrays use a full 2D matrix of elements which can
only be addressed rewr columnwise and not elementise. By removing the individual addressing

of the elements, the channel count for abyA\N array is reduced fromo just 2N. However, beam
steering and focusing can only be performed along one axis in transmit and on the orthogonal axis in
receive sincenly the rows or the columns can be addressed at any given time thus limiting the angle
combinations available for methods such as raultle Doppler. In addition, a key consideration in

the application of RCA arrays to higlolumerate applications ishat the orthogonal transrmigceive

(e.g. columrarow) pair must be flipped (e.g. reeolumn) in order to achieve an isotropic point spread
function and thus image qualit(Sauvage et al., 2018)rhis double transmission requirement

effectively halves the RF of any imaging mode resulting in a reduced velocity estimation range.
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2.3.2 Reduced Receive Systems

2.3.2.1 Array Multiplexing

Multiplexing reduces the data transfer betweematrix arrayand the scanner by switching between
subapertures of elements on the ar(&ysser et al., 2016)This technique enables a lowdrannel
count scanner to drive a 2D matrix array. For example, a-é@2dent 2D matrix array with 4:1
multiplexing circuit can be connected to a 26Bannel scanner. The multiplexing circuits themselves
can be ASICs in the probe headirectly integrated with the array chip in CMUT array®s be
performed on the uthsound scanner with larger electronithe downside of multiplexing is that it
divides the achievable frame rate by at least the number of multiplexing channels

2.3.2.2 Micro-Beamforming

Micro-beamformingis a technigue which divides a 2D matrix array into severalapatures and
beamforms those apertures directly in the probe head on application specific integrated circuits (ASICs)
(Savord, 2000)This means that RF channel domain data does not need to be transferred from each
individual array element to the scanner. Instead, partially beamformed data with a reduced channel
count according to the number of sajpertures is transferred. This teafue has been commercially
adopted (for examplby Frey & Chao, 2008 and has been used to implement array designs with
thousands of elements. However, mibeamforming restricts the possible imaging modes on the probe

by having fixed delay settings in the ASICs and is therefore adsah candidate for researching novel
high-volumerate imaging modes. That said, one study has demonstrated volume rates up to 610

volumes/s using micrbeamforming coupled with diverging wave transmissi@antos et al., 2016)

2.3.3 Limitations of High-Volume-Rate Ultrasound

The most apparent limitations of higlblumerate 3D ultrasound are the achievable data transfer rate
and processing rate of modern systems and the reduction in signal quality compared to 2D ultrasound
techniques. With constant advancements in computstqnt#ogy, such as GPUs, it is likely that data
transfer and processing limitations will continuously improve over time from research outside of the
ultrasound domain. However, improvements to 3D ultrasound signal quality are a less straightforward
issue. Wfocused transmissions in 3D ultrasound imaging are hindered by their complete defocusing
on the plane parallel to the array. In contrast, linear ultrasound arrays for 2D imaging generally employ

acoustic lenses to provide focusing onto the imaging plaaer{ one lateral direction). The lack of
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focusing combined with channel count reduction methods, such as sparse arrays, leads to severely
reduced SNR which may jeopardize the ability to use unfocused transmission schemesttte high
imaging in 3Din vivo. Alternative methods such as multiplexing, mibeamforming, and RCA arrays

tend to have higher SNR than sparse arrays, however, these methods each suffer from frame rate
reductions or programming flexibility that limit their usability in novel higlumerate imaging
developments.
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Chapter 3
Chi-Bpased Velocity Estimation (Chi VE]

Enhanced Flow I maging with Wi deban:

3.1 Introduction

Recentadvances in Doppler ultrasound imaging have facilitated the quantification and visualization of
highly dynamic flows through a transition from traditional Hramerate focused beam techniques to
novel highframerate ultrasound (HiFRUS) techniques witinfocused broad view transmissions
(Goddi et al., 2018)Broad view transmissions have enabled the realization of numerous vector flow
imaging frameworkgJensen et al., 2016a, Jensen et al., 20Y¥&i) HIFRUS encounters performance
limitations fran broad view imaging though the inherent sigioahoise ratio (SNR) reductioiVhile
methods have been proposed to enh@isode SNRMontaldo et al., 2009)o date no specialized
methods have been developed to enhance the SNR of broad view Doppler ultrasound without
sacrificing the frame ratén addition to the SNR reduction, HiIFRUS also has a performancedffide
related to the bandwidth of the transmitted pulse; low variance Doppler velocity estimations can only
be achieved with narrolwandwidth trasmissions, whereastBode resolution is enhanced with wide
bandwidth transmission$he bandwidth tradeff implies that neither mode can be optimized with a
single transmission and has forced most recent works to utilize interleaved DopplBrnamde
specific transmissions to improve performance at the cost of framd hatee frame rate reductions

lead to proportional reductions in the velocity estimation limits, inhibiting the accurate estimation of
high-velocity flows. Given thelow SNR and thebandwdth tradeoff, high-framerate Doppler
ultrasound would benefit from a specially designed signal enhancement framawgakticular one

that does not limit the achievable frame rate.

Coded transmissions are a candidate for broad view signal strength enhancement for both Doppler
and Bmode imaging. Coded transmissions can be pulse compressed upon reception to yield sharp high
intensity signals. Some codes, such as Golay codes and Bades, however, are not well suited to
Doppler processing due to their intolerance to phase shifts during compr@dsardis & Jensen,
2005a)and their requirement for paired transmissions which halves the achievable frame rate. Chirped
signals, in cotrast, can be used as excitation codes that are robust to phase shifts and do not require

paired transmissions. Additionally, chirps have recently been demonstrated in spectral Doppler
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(Ramalli et al., 2021as well as previously in-Bhode imagingPederson et al., 2003, Chiao & Hao,
2005, Misaridi & Jensen, 2005b, Misaridi & Jensen, 2005c, Oelze, .2007)

The barrier to using chirps in Doppler ultrasound stems directly from their wideband nature which
makes them incompatible with traditional processing techniques. Most commonly, Doppler ultrasound
uses a harrowband pulse to produce a corresponding narmb\lBlogapler frequency spectrum, thus
yielding a lowvariance estimation of the flow velocity. While wideband chirps have been used in
spectral Doppler to increase SNRamalli et al., 2021)a corresponding wideband Doppler spectrum
was observed which wilhievitably increase the variance of the resulting velocity estimates. To reduce
the velocity estimation variance stemming from wideband Doppler spectrabéiliks can be used to
parse the spectra into sbnds(Gran et al., 2008)But subband processing does not utilize the
continuous Doppler spectrum available and potentially loses information. A specialized pipeline to
process chirped signals for Doppler velocity estimation could leverage the entire wideband spectrum
to yield amore robust velocity éisnation while simultaneously increasing both the Doppler and B

mode signal strength.

In this work, we present the first specialized Doppler velocity estimation technique focoteg
signals. Our technique, hereafter referred to as-dldaged velocity estimation (ChiVE), is intended to
yield twofold benefits: 1) to enhance the Doppagnal strength, which is especially needed when
performing highframerate imaging with broad view transmissions, and 2) to overcome the bandwidth
related performance tragef whenutilizing a single transmission for Doppler anehidde imaging.
Theguid ng proposition behind Chi VEG6s algorithmic
estimate flow velocities by leveraging the linearity of frequencies (Doppler and RF) in the Doppler
equation. The frequency linearity, quantified through linegression over a 2D frequency space, can
be exploited to achieve extendehge velocity estimation. The ChiVE framework presented in this
work was tested on in vitro flow scenarios, including steady straight tube flows and pulsatile flows in
a bifurcation and assessed for Doppler SNR enhancements and velocity estimation performance. The
ChiVE technique provides a novel approach to Doppler ultrasound that enables reliaiviayidmee
velocity estimations in reduced signal scenarios while facilitatingmpcomised Doppler and-Bode

performance.
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3.2 ChiVE Framework

The ChiVE framework is a frequencdpmain method of velocity estimation in Doppler ultrasound
which leverages the wideband nature of chirps for robust velocity estimation. The framework is based
in the linearity of the Doppler frequendy, and the transmission frequenty, in the Doppler equation
(equation (2.1))For a chirp transmissioffzr is a spectrum instead of a singular frequency value and,

in turn, fq will also be a spectrum. Therefore, the goal of the ChiVE framework is to analyze the trend
relating the two spectra to evaluate Evaluating the trend in frequencies, rather than individual
frequency components, allows the framework to identify aliasing phenomena and output aliasing
resistant velocity estimations. This analysixjuires a novel processing pipeline to extract and

processing the frequency spectra.

To achieve robust velocity estimations, the framework is divided into three fundamental modules
(Figure 31):

1) preprocessing steps including pulse compression, beamforming, and clutter filtering followed by
the frequency domainonversionof image range gatds extractthe Doppler frequency and RF

components;

2) mean velocity estimation and aliasing detection from the frequency domain data to obtain a coarse

estimate of the velocity at a range gate;

3) modal velocity estimation via the radon transform of the frequency domain data to refine the

velocity estimate and suppress the effects of velocity averaging.

These three modules are an alternative to the traditional CFI processing pipeline basednen lag

autocorrelation.

The first module forms the ultrasound images, performs clutter filtering, and extracts the image range
gates. The range gates are formed into arrays and converted to the frequency domain such that an
analysis of the ultrasound and Doppler frequency speatmebe performed. From these spectra, the
second module fits the mean Doppler frequencies to a linear trend with the RF frequencies. The linear
fitting used in this module accounts for potential aliasing in the Doppler frequency axis and enables the
framework to detect aliasing and correct for it before the final velocity estimation. Finally, the slope of
the linear fit from the second module is used in the third module as an initial guess at the velocity

estimate as well as to unwrap the frequency arsapeeded. The third module takes a projection
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ChiVE Pipeline
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Figure 3-1 Schematic of the ChiVE framework. Modulei lpre-processing, range gate extraction, a
frequency domain conversion; modulé thean slope estimation, and modulerBodal velocity estimation.
Details of the modukeare presented in the syplanels Module 1:(a) postbeamforming and clutter filtering
the range gates witk pixels are extracted from each frame ffdirames). Pcorresponds to the current floy
processing pixel and:s the subsequent flow processing pixel; (b) the range gates doe Bssembled intc
a temporal array with fagime and slowtime components. The array can be zegadded in the fagtme
direction withN, pixels and the slowime direction withK, pixels; (c) the 2D Fourier transform converts t|
temporal range gate array indofrequency range gate array with RF and Doppler frequency compor
Module 2: (d)the frequency range gate array from which the chirp bandwidth is (gédr each RF band
within the chirp bandwidthyuse the WieneKhinchin theoremand lagone autocorrelatioto calculate the
mean Doppler frequencyf) the mean Doppler frequencies for each RF bin are linearly fitted and the
of the slopem, is outputtedModule 3: (g)a radon transform is performed on the frequency range gate
over a rang surrounding the mean slope estimaig,(h) The resulting sinogram from the radon transfo
where the centerline can be extracted for analysis. The centerline is the portion of the projection the
through the origin of the frequency range gate arfg@yThe centerline of the sinogram will havepaak
corresponding to the modal slopayeda; (j) the modal slope can be converted to a modal velocity estir
via the Doppler equation
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through the frequency matrix and determines the higiwser slope from the projection. The highest
power slope is equivalent to the modal velocity estimate.

3.2.1 RF-Doppler Frequency Domain Conversion

The first module of the ChiVE framework (see tig 31) performs all pregorocessing steps in the

pipeline prior tothe initial coarse velocity estimate. This begins waithtched filtering bthe raw RF

data to compress the chirp pulses. Then, the compressed signals are beamformed into a series of image
frames which are subsequently clutter filtered on the im& direction. It is important to note that

since ChiVE is a frequency domain framork, the axial sampling rate after beamforming must be at
leasttwice the wavenumber of the maximum chirp frequency used in transmission to satisfy the Nyquist
criterion. Additionally, analytic signal conversion is omitted from the framework to preserve both
positive and negative frequency components of the RF specttherwise, the requirements for
beamforming and clutter filtering for the ChiVE framework are identical to that of a typicahiag
autocorrelatiorbased CFI framework.

The resulting images are divided into range gates contdiifagttime pixels each [Figre 3-1(a)].
Therange gate is extracted from a stime ensemble oK frames at the same spatial location. The
range gates configured into a 2IN-by-K temporal array denoted gqFigure 3-1(b)]. The temporal
array,g, can be zerpadded in both the fatime and slowtime directions by, pixels andK, frames.

Then, the 2D Fourier transform gfis taken to produce the 2D frequency range gate a&@ayhere

one direction corresponds to the Doppler frequefgyand the other to the Rke By taking the
squared magnitude &, the power of each individuRIF-Doppler frequency pair is obtained. The array
|G|? [Figure3-1(c)] is expected to contain a linear trend amongst the highest power components within
the RF frequencies transmitted in the chirp, according to the Doppler eqiahirequency range

gate array is used to compute the value of a single flow pixel in the final flow map.

When the algorithm steps to the subsequent range gate location for prodéssingpixels axially
are shared with the previous range gate. At the bottom of an image column, the algorithm steps to the

subsequent column and no pixels are shared with the previous range gate.

3.2.2 Mean Slope Estimation and Aliasing Detection

The second module of the ChiVE framework performs a coarse estimation of the slope between the RF

and Doppler frequencies as well as determines the number of aliasing cycles present on the Doppler
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axis. This process starts by computing the mean Doppler frequency at each RF bin in the 2D Fourier
transform (module 2 ifrigure 3-1). First, the RF bins corresponding to the transmitted chirp are
identified in the matri{GJ? [Figure 3-1(d)]. Then, for each RF bin in the chirp, the power spectral
density is calculated. Using the power spectral densityoiegautocorrelation can be performed in the
frequency domain by leveraging the Wietrinchin theorem and the trapezoid rule for ruival
integration Figure 3-1(e)]. The angle of the lagne autocorrelation output is an estimate of the mean
Doppler frequency for a giveRF bin. Thus, this process generates a set ahB&n Doppler frequency

pairs which, according to the Doppler eqoat should follow a linear trend passing through the origin.

The slope of this trend is directly proportional to the underlying flow velocity.

However, in cases where some of the Doppler frequencies have aliased (i.e. surpassed the Nyquist
limit of [fere/2|) the linear trend will wrap around the Doppler axis resulting in a discontinuity in the
trend. To fit the linear trend while accounting for aliash@ged discontinuities, ideal HPoppler
frequency datasets can be generated for a range of possiitéiesl The ideal datasets, computed
from the Doppler equation, cover the RF spectrum of the chirp bandwidth and give the corresponding
Dopplerfrequency value according to the velocity being tested. Doppler frequencies within the ideal
datasets that exceed the aliasing limit are wrapped around the Doppler frequency axis such that they
match the experimental data B[4 For every test velocity, the ideal Doppler frequency values are
compared to the mean Doppler frequencies computed @@rfof every RF bin in the chirp. A mean
absolute error (MAE) value is computed for each test velocity. The test velocity value that yields the
minimum MAE is he best fit to the experimental dakdure 3-1(f)]. The MAE is used here instead
of root mean squared error (RMSE) to prevent outlying datapoints from skewing the slope estimate.
Since the number of Doppler frequency axis unwraps is known for all test velocities, the number of

aliasing cycles for thbest fitting velocity is also determined.

While at this point in the framework the slope could be converted to a velocity estimate, mean
Doppler frequency estimators are known to suffer from underestimation of the true peak velocity. Thus,
the framework can improve upon the slope estimate usendpittal framework module which is a modal

velocity estimator.

3.2.3 Modal Velocity Estimation

Modal velocity estimation is performed via the discrete radon transfot@®|dfFigure 3-1(g)]. Prior

to performing the radon transfori@|? is unwrapped according to the number of aliasing cycles found
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Table 3-1 Transmission parameters

CH2 CH4 CH6 ST5
Pulse Type Linear upchirp Sinusoid
Center Frequency 5MHz
Pressure at Center 286.4Pa (100V bias)
Frequency .
166.3kPa (60V bias)
Duration les
5¢s
(5 pulse cycles)
Programmed
Bandwidth 2MHz 4MHz 6MHz N/A
Real Bandwidth
1.66MHz 3.60MHz 5.46MHz 1.28MHz
(-6dB)
Window 10% Tukey Hamming
PRF 2kHz
Table 3-2 Prebeamforming bandpass filter parameters
CH2 CH4 CH6 ST5
Transmission 4.1771 3.21 6.8 2.277 4.361
band -6dB 5.83 7.73 5.64
limits (MHz)
Passband 3.57 6.5 25175 151 8.5 471 6
limits (MHz)
Filter Order 150

in the mean slope estimation modul@e radon transform is a projection throyGif over a range of

angles (or slopes) which, in this case, are defined based on the mean slope estimate from the previous

module of the framework. For each angle in the radon transform, the d&{aisnsummed along the

direction defined by the angle into a vector. Subsequent angle projections are stackgessiddo

for a radon transform matrix. The radon transform matrix is known as a sinograiguia3-1(g), the

mean slope estimate is shown as the orange line and the maximum and minimum projection slopes are

shown as the red lines markegh. andmy.a, respectively. When the radon transform is performed, the

sinogram inFigure 3-1(h) is produced. Here, the slopas. andmy:a are on the right and left edges of

the sinogram respectively and the mean slope estimgtés the vertical line in the center marked in

orange. Since the frequency relationship in the Doppler equation passes through the origin of the
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frequency range gate array, only the center portion of each projection angle needs to be analyzed [see
yellow box in Figure 3-1(h)]. The centerline (or alternatively an average of the centerline and
surrounding lines can be used) is plotte&igure 3-1(i). The peak of the centerline corresponds to the
projection slope that had the highest total power through the origin and is thus the modal slope. This
slope can be used in the Doppler equation to produce a modal velocity edtigated-1(j)].

3.3 Imaging Methods

The acquisitions for the ChiVEamework have been realized using the UOR 256 research
ultrasound scann€Boni et al., 2016and a prototype 256lement linear capacitive micromachined
ultrasound transducer (CMUT) array. The UO® 256 system allows for arbitrary waveform
generation and is thus suitable for the transmission of chirped Wédneewide bandwidth of the CMUT
arrayenables the accurate conversiothaf programmed chirp waveforms into acoustic transmissions.
The array was biased with 100V in all imaging experimentssaritherwise noted. A working voltage
of 20Vpeakpeak Was used in all experiments. The UIG¥ 256 system was set to a sampling rate of

39.06MHz.Upon reception, all RF data was transferred to storage for offline processing.

3.3.1 Transmission Parameters

In this study, the ChiVE framework was tested with three unique chirp transmissions and compared to

a CFI framework with a standard transmission. A
linearly from low to highfrequency with a center frequey of 5MHz. Chirp bandwidths of 2, 4, and

6MHz were tested (note that these are the ideal programmed bandwidths, not-6dBro@ndwidths

after windowing). To simplify the descriptions in this work, the chirp pulses are given the shortforms

CH2, CH4,and CHS6, respectively. The standard transmission for the CFI framework was centered at
5MHz with a length of ulse cycles. The standard pulse is given the shortform ST5 from here forward.

A pulse repetition frequency (PRBf 2kHz was used in all studies. A complete summary of the
transmission parameters can be foun@idahle3-1. Here it is shown that the bandwidths of the chirped

and standard pulses do not match. The standard pulse was intentionally left unmatched to the

bandwidths of the chirped transmissions such that it would better reflect a commonly used transmission
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Table 3-3 Beamforming resolution

CH2 ‘ CH4 ‘ CH6 ‘ ST5
Lateral 100
resol uti
Axial resolution 58.33 50 43.75 100
(em)

in a typical CFI framework and thus provide a reasonable baseline to compare the ChiVE framework

to commonly used flow imaging schemes.

3.3.2 Pre-Filtering, Pulse Compression, Beamforming, and Clutter Filtering

After the data were transferred and saved for offline processing, all subsequent steps were performed
in Matlab(MathWorks, Natick, MA, USA, including filtering, pulse compression, beamforming, and
velocity estimations. First, the charwtlimain RF data was filtered using an FIR bandpass filter to
remove frequency components outside of the expdagdency bands (the specific filter parameters
varied depending on the transmission and are listedainle 3-2). At this point, the standard
transmissions tde used in the CFI framework are ready to be beamformed, however, the chirped
transmissions for the ChiVE framework must undergo pulse compression first. Pulse compression of
the chirped transmissions is executed in this study via matched filtering. Ttieeohdilter kernels

were generated from hydrophone measurem@@L-400, ONDA Corporation, Sunnyvale, CA,

USA) of the chirp pulses.

The received signals for both frameworks were beamformed with a previously describdzh&elJ
delayandsum beamforme(Yiu et al., 2011) The Fnumber was set to 1 in all casd$e lateral
beamforming resolution was fixed for all scenarios in this study while the axial beamforming resolution
was varied for the images to be used in the ChiVE framework. The axial sampling rate (post
beamforming) in the ChiVE framework was increaiedarly with the chirp bandwidth to prevent
aliasing in the RF (fagime) axis which would be detrimental to the performance of the framework.
The maximum axial sample spacing to satisfy the Nyquist criterion is half the wavenumber of the
maximum transmission frequency and thus the axial sample spacing in beamforming was $6¢to
shorter than this limit in each case. Details of the beamforming parameters for both the CFl and ChiVE

frameworks aréound inTable3-3.
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The postbeamformed image frames were then passed through an Flipdsglfilter for clutter
filtering (order: 365, cutoff: 20Hz The parameters of the clutter filter were kept constant between all
transmissions for both framevks: With the tissue signals suppressed from clutter filtering, the flow
regions were segmented via thresholding of the Doppler power signal. This segmentation method
provided satisfactory results for simple flow scenarios (constant flows) while morengivadie

scenarios (pulsatlflows) were cleaned up via manual segmentation.

3.4 Experimental Methods

To evaluate the performance of the ChiVE framework and comprehensively compare it to a typical CFlI
framework a series of experiments were performed. First, Doppler SNR and flow estimation
performance was assessed in constant flow conditions in a stusdghpttantom. Then, the impact of

the Doppler SNR changes between ChiVE and the typical CFl framework were investigated by
reducing the transmission pressure to simulate a reduced SNR scenario. Finally, performance in a more

clinically relevant scenario wasudied via a complex anthropomorphic flow model.

3.4.1 Straight Tube Phantom Studies

To evaluate the accuracy of the ChiVE framework compared to a typical CFl framémwerkp

straight tube flow experiments were performed with constant flows. The flow phantom used in these
experiments was a wadlkss polyvinyl alcohol (PVA) based vessel fabricated-hiouse using
previously described protoco¥iu & Yu, 2013). In brief, the PVA mixture for this phantom was
composed of 10% PVA (341584; SigrA&rich, St Louis, MO, USA), 3% graphite (282863; Sigma
Aldrich), 0.3% potassium sorbate (85520; Sigfiddrich), and 86.7% degassed water. The mixture
was cast in a box molaround a 6mm diaeter rod. After 3 freezthaw cycles of the phantom, the
tissue mimic was removed from the box and the rod was extracted to yield a 6mm diameter vessel.
After fabrication, thgphantom was connected to the flow circuit showFRigure 32 (a). This circuit

had the phantom inlet connected to a straight pipe (length: 1m, inner diameter: 6mm) which ensured
that fully developed laminar flow was entering into the phantom. The inlet pipe was connected to a
programmable flow pumfHo et al., 2017)hrough vinyl tuoing and flow connectors which was in turn
connected to the fluid reservoir. The outlet end of the phantom was connected back to the fluid reservoir
to complete the flow circuit. The flow fluid in this study was orgdsed blood mimicking fluid

(Ramnarine et al., 1998)hich was fabricated via previously described procedittest al., 2017)
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Flow pump x-axis (mm)

1m straight tube

Figure 3-2 (a) Schematic of the straight tube flow experiment setup. (b) Diagram of a straigh
acquisition highlighting the locations of the cregstions on which the RMSE was evaluated

All experiments in this work on the straight tube phantom setup described above were performed
with constant flow rates. Since the flow in the phantom is laminar, the flow profile was assumed to be
parabolic. Even so, since there is potential deviationvdmt the pump output flow and the
programmed values, the peak flow velocity was measured experimentally as well as calculated
analytically. The peak flow measurements were performed using the mean spectrogram trace from a
clinical ultrasound scanner (Saifiouch; Analogic Ultrasound) over several seconds. To acquire peak
flow measurements with minimal anglependence, a bediow angle of 60° was used (10° transmit
steering + 20° probeessel angle). The 60° bedlaw angle was chosen to limit the impact of the

angle on the conversion between measured Doppler frequency and velocity estimation.

3.4.1.1 Doppler SNR Measurements

The Doppler SNR was evaluated from the Doppler spectrogram over 2000 frames at a range gate in the
center of the straight tube vessel with a 5mL/s flow rate. The spectrogram was segmented to yield
distinct noise and signal regions along the Doppler freqjuaris. The signal region was defined from
the-6dB bandwidth of the transmitted signakéTable3-2 for theRF band limits) which were then
converted to Doppler frequencies. The conversion from transmission to Doppler frequencies used the
Doppler equabn with the measured peak velocity. The noise region was defined as a fixed region for
all transmissions and ranged from the normalized frequencies of 0.6 to 0.8 (normalized by the PRF).
The signals in the noise and signal bands were integrated at macpdiint in the spectrogram. The

noise signal was then normalized by the bandwidth it was measured over and then multiplied by the
total Doppler bandwidth to yield the total noise energy in the spectrogram. The total signal and noise
energies were then aaged over time and the ratio of mean signal energy over mean noise energy was

taken to obtain the Doppler SNR.
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3.4.1.2 Constant Flow Estimation

The ChiVE framework was tested on a range of constant flow rates in the straight tube phantom and
compared to the CFI framework. The range gate length was sefpi®el® for ChiVE with 20pixel
zeropadding. The ensemble length was set tér&@@hes for loth the ChiVE and CFI frameworks with

no zerepadding added for the ChiVE framework. The flow rates examined in this experiment were 3,
5,7,9, 11, and 13mL/s. Considering the transmission center frequency, PRF, arftblvesngle, it

is expected that ehflow rates of 11 and 13mL/s will contain aliased flow estimatibnaddition to

the standard ChiVE framework samplified framework will also be studied where the modal velocity
estimation is omittefi.e. the mean slope estimate is converted to a velocity estimate and the steps in
Figure 31(gj) are not performed]The addition of theimplified frameworkis intended to assess the
value in adding the modal velocity estimation steps.

The RMSE of the measured flow profiles will be evaluated based on the ideal parabolic profile
calculated from the experimentally measured peak velocity at each flow rate. The RMSE was calculated
on three crossections of the vessel [cressctions indicatd in Figire 3-2(b)] over 48frames. The
RMSE values of the ChiVE and CFI frameworks will be compared directly to assess the framework
performance at each cressction.A KolmogorovSmirnov test will be run to assets® normality of
the RMSE data for thé¢hree standard ChiVE framework test cases, the three simplified ChiVE
framework test cases (without modal velocity estimation), and therlacautocorrelation test case
prior to significance testing. If the data in any of the test cases is found tom®moal, then all the
data wil/ be I og transfor med. Levenebs test wil
RMSE data between the different test cases. | f
then an ANOVA will be run toast for a significant main effect between the RMSE data of each of the
test cases. If a significant main effect is fouthén a correedt-test will be usedvhere the correction
factor will be equal to the number of tests run (similar to a Bonferroni correctidn) Leveneds t
indicates that the variances are inhomogeneous,
significant main effect is found wiestwillb¥eseédc hdés A
where the correction factor is thensa as aboveTlhe significance level for all testing will be set at
U=0.01.
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Figure 3-3 Color flow images at @) 7mL/s flow rate and (&) 13mL/s flow rate for each of the four testt
transmissions. The peak velocity in the 7mL/s flow was within the aliasing limit of the 5MHz center freq
of each transmission. The peak velocity in the 13mL/s flow exceeded the aliasing limit.

3.4.1.3 Reduced Transmission Pressure Experiments

The chirp transmissions utilized in the ChiVE framework are hypothesized to yield enhanced SNR in
velocity estimation. Therefore, a functional test of the velocity estimation performance in a reduced
SNR scenario was performed by reducing the transmissisnvoltage applied to the CMUT array in

both the ChiVE and CFI frameworks from 100V to 60V. The reduction in bias voltage yielded a lower
transmitted pressure at 5MHz from 286.4 to 166.3kPa (measured by a hydrophone) and thus lowered
the received echogials returning to the array and in turn lowered the SNR. Like the previous flow
estimation experiment, this experiment will assess the velocity estimation performance under these new
conditions by calculating the RMSE between the measured velocity pratfiizcrossections and the

ideal parabolic profile. The RMSE values of the ChiVE and CFI frameworks will be directly compared
as an indicator of relative performance in reduced SNR scenarios. In this study, only the CH6 and ST5

transmissions were comjear.

3.4.2 Stenosed Carotid Bifurcation Phantom Experiments

To compare the ChiVE and CFI frameworks in a more challenging and clinically relevant scenario,
experiments on a stenosed carotid bifurcation phantom were performed. In this studyessvealtotid

bifurcation phantom with a 50% internal carotid ar&gnosis was used. This phantom was fabricated
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Figure 3-4 Flow profiles from flow rates ranging from 3 to 13mL/s including the ChiVE flow estima

with the CH6transmission, lagpne autocorrelation with the ST5 transmission, and the ideal flow prc

The solid line indicates the mean estimate over 48 frames and the shaded region represents one

deviation above and below the mean. (e) and (f) have tbhevedocity line marked in grey.
using the protocols described in previous work for tortuous vessel geonfilies al., 2017)The
composition of this phantom is identical to the straight tube phantom described above. The common
carotid artery of the phantom was connected to the programmable flow pump via flow connectors and
vinyl tubing. The internal and external carotid artemylets of the phantom were connected back to the
BMF reservoir to complete the flow circuit. In this study the flow pump was set to output a carotid
pulsatile flow with a peak flow rate of 5mL/s and a pulse rate of 60 beats per minute. The flow
estimation performance between the two frameworks will be qualitatively compared for the CH6 and

ST5 transmissions.
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3.5 Results

3.5.1 Chirp Transmissions Enhance Doppler SNR Over Standard Transmissions

The chirp transmissions were found to have an increased Doppler SNR compared to the standard pulse
(with the same transmission bias). The CH2, CH4, and CH6 transmissions had Doppler SNRs of
22.845.4, 21.3+£3.9, 22.6+3.6dB, respectively, whereas the ST&ntisgion had a Doppler SNR of
13.445.2dB.

3.5.2 ChiVE Produces Aliasing Resistant Parabolic Velocity Profiles with Reduced
RMSE

The CFlimages produced by ChiVE appear similar todag autocorrelation at modest flow rates and,

at high flow rates, are found to be aliasing resistant wheonrnagautocorrelation aliasesigure 3-3
shows CFIl images at flow rates of 7mL/sdjeand 13mL/s (1) for each ChiVE transmission and the
standard transmission, respectivelly.the 7mL/s case, all ChiVE cases perform similarly to the
standard method. However, in the 13mL/s case aliasing has occurred in the standard transmission
estimation but not in the ChiVE estimations. Yet, even in flow scenarios without aliasing, CheVE wa
found to improve the estimation of peak velocities in the flow profilesurEig-4 shows the cross
sectional flow priiles for ChiVE with CH6 compared to lamne autocorrelation with ST5 and the ideal
flow profile. In general, ChiVE estimations have a better resemblance of a parabolic flow profile
[Figure 3-4(a-d)] and maintain this shape even if the PRF is sampling below the Nyquist limit when
lag-one autocorrelation is afflicted by aliasing [tig 3-4(ef)]. Despite the threéimes increased

bandwidth from ST5 to CH6, ChiVE achieves similar standard deviations-tmtagutocorrelation.

When the RMSE was analyzed, ChiVE was found to perform outperformniagutocorrelation
with statistical significance in nine of twelve tested cases. Also, the full implementation of ChiVE
generally performed better than the simplified version withathivd module of the frameworkhe
RMSE for all cases was found to be normally distributed (Kolmog8rairnov testat x =-10, 0O,
10mm, respectively for each flow ra@mL/si p=0.12, 0.53, 0.37; 5mLisp=0.67, 0.88, 0.42; 7mL/s
T p=0.012, 0.23, 0.9@mL/si 0.31, 0.90, 0.29 The RMSE between test cases was found to have
unequal variances (Leveneds test: p<0.01), there
in the data. In every cros®ctional location and at every flow rate a significant main effect wasettect
t hrough Wel chds WAIOYHestfwiph<the pr@lukedorreced by a factor of six to
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Figure 3-5 RMSE boxwhisker plots for (&) 3, (df) 5, (g) 7, and (jl) 9mL/s at three vessel cressctions
(x =-10, 0, 20mm) for lagpne autocorrelation, ChiVE at three transmission bandwidths, and ChiVE wit
modal velocity estimator (radon transform stegthoved. The boxes signify the range from the first to
third quartile of each dataset where the centerline is the median value. The whiskers represent the int
range (i.e. Q3+1.5*IQR where IQR = €I31) and the dots are outliers beyond thage Significance of
p<0.01 is indicated separately for results with lower RMSE thato@gautocorrelation and results wi
higher RMSE.
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Figure 3-6 Flow profiles at 7mL/s flow rate with (a)66kPatransmissionpressureand (b)286kPa
transmissionpressure The solid line indicates the meastimate over 48 frames and the shaded reg
represents one standard deviation above and below the mean.

account for each instance of ChiVE being compared totegautocorrelationyas used to determine

the specificeffects. Note that at the 7mL/s flow rate, two out of the 48 ST5 frames processed by lag
one autocorrelation contained strong artifacts and were omitted from the statistical analysis. To better
visualize the differences in performance, the RMSE is plétteglach algorithm on a bexhisker plot

(Figure 3-5) for the flow rates below the aliasing limit at the 5MHz center frequencyrd=3g alo
contains the results for the simplified ChiVE algorithm in which the velocity estimates are extracted
before the radon transform is performed. Here, it is observed that ChiVE with CH6 most often has the
lowest RMSE; the improvement of CH6 over Haige atocorrelation with ST5 is statistically
significant (p<0.01) in all but 3 plots shown [Big 3-5(b, €, f)]. Also, there is a decrease in the RMSE

of ChiVE corresponding to the increase in transmission bandwidth in all tested cases. The simplified
versionof ChiVE without the radon transform generally has a higher median RMSE thamndag

autocorrelation and never outperforms-tatg autocorrelation with statistical significance.

3.5.3 ChiVE Maintained Performance in a Reduced SNR Scenario

When tested at a reduced transmission pressure (166kPa from 286kPa), the performance of ChiVE was
minimally impacted compared to lame autocorrelation. Fige 3-6 shows the estimated centerline

flow profiles form a straight tube vessel with transmission pressures of 166kPa (a) and 286kPa (b). The
performance of ChiVE is consistent both in error and variance between (a) and (b) wheoeees lag
autocorrelation hasicreased error and variance. The data at both 166kPa and 286kPa were found to
be normally digibuted KolmogorovSmirnov testat 60V: p=0.054; 100V: p=0.49) with unequal
variancesl{ e v e n eabts 6t0e satn d 1 0 0 V :testpndi€atedttia) the RM&EIdistiibdtisns t

for lag-one autocorrelation (median RMSE of 4.2cm/s) and ChiVE (median RMSE of 4.3cm/s) were
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Figure 3-7 RMSE boxwhisker plot for 7mL/s flow rate with (a)66kPatransmissiorpressureand (b)

286kPatransmissiorpressureThe boxes signify the range from the first to the third quartile of each ds
where the centerline is the median value. The whiskers represent the interquartile range (i.e. Q3+
where IQR = Q3Q1) and the dots are outliers beyond that range.

not significantly different at 286kPa (p=0.48). At 166kPa, the RMSE of ChiVE (median RMSE of
5.0cm/s) was significantly lower than lage autocorrelation (median RMSE of 9.2cm/s) (p<0.01).
Figure3-7 shows a boxvhisker plot of the RMSE for both pressures and both transmissions. Here, the
change in RMSE is very apparent in the-tag autocorrelation when the transmit pressure is lowered.
In this test, the Doppler SNR at 166kPa wd82+4.49dB and @4+3.21dB for ST5 and CHS6,
respectively. At 286kPa, tfeNRs were 12.27+5.3dB and 18.82+3.42dB respectively.

3.5.4 ChiVE Can Map Dynamic Flows Across the Cardiac Cycle

ChiVE was found to produce aliasifige flow estimations in a 50% stenosed carotid bifurcation
phantom with pulsatile flowMovie 3-1 showsa complete cardiac pulse cycle in the bifurcation
phantom estimated using ChiVE with CH6 (a) anddag autocorrelation with ST5 (b). Throughout
the cardiac cycle, ChiVE remains aliasiinge and produces a smooth color flow map. In contrast, lag
one autocorrelation héarge, aliasedegions for most of the systolic phase and sporadic inconsistencies
during the dia®lic phase. Figre 3-8 showcases a frame from peak systole and end diastole for each
method from Movies-1. ChiVEdemonstrates aliasirfgee performance during the systolic phase while
the standard method is cngcle aliased [see snapshot in Ufig3-8(ab)]. During diastole, ChiVE
demonstrates a more stable performance on the slow flow thaméagutocorrelation, especially
within the lower branch of thieifurcation [Figure 3-8(c-d)]. The regions of slowest flow (i.e. near the

wall at diastole) contained more noise in-tage autocorrelation compared to ChiVE.

At systole, ChiVE better traced the maxima and minima of the flow compared -“ndag

autocorrelationFigure 3-9 shows theDoppler spectrogram from the ST5 pulse at a range gate in the
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Figure 3-8 Snapshots from Movig-1 (a) and (b) at systole for ChiVE and dage autocorrelation
respectively and (c) and (d) at diastole.

stenosed region of the bifurcation phantom in M@ Thetraces overlayed on the spectrogram are

the velocity estimations from ChiVE witBH6 (yellow) and lagone autocorrelatiowith ST5 (red)

from the same spatial location as the spectrogram. The peak flow estimation from ChiVE surpassed the
two-cycle aliasing limit and better follows the upper limit of the Doppler spectrogram compared to lag
one autocorrelation. The velocitytiesations from ChiVE are inherently aliasifigge whereas the

velocity esimations from lagone autocorrelation were manually-aléased.
3.6 Discussion

3.6.1 Statement of Contribution

This work presents the first Doppler velocity estimation technique that is fully customized for chirp
coded transmission3he use of chirps has previously been shown to enhance Dopplerande3
SNR(Ramalli et al., 2021, Pederson et al., 2003, Chiao & Hao, 2005, Misaridis & Jensen, 2005b, Oelze,
2007) but their highhandwidtls have limited their application in velocity estimation as it leadatge
varianca in traditional velocity estimation frameworkithe ChiVE frameworkby contrastleverages
the wideband nature of chirpand the linearity of the Doppler equatitm enhance the velocity
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Figure 3-9 Doppler spectrogram of the carotid bifurcation phantom flow from a range gate in the cel
the stenosed region for the ST5 pulse. The velocity estimation traces at the same spatial location are
for ChiVE with CH6 (yellow) and lagpne autocorlation with ST5 (red). The lagne autocorrelation tract
and the spectrogram itself were manually unwrapped along the flow velocity axis. The aliasing lirr
labelled in blue.

estimation while maintaining a low estimation variar@ar study focused on several kasrformance
indicatorsincluding: 1) Doppler SNR, 2) flow estimati@nror, and 3) aliasing resistance. An average
Doppler SNR increase of 8.8dB was found between all chirp transmissions &ibttnansmission

When tested on a range of flow rates, the RMSE (shown mrd-8j5) was significantlylower for

ChiVE (with the highest bandwidth) compared to-tage autocorrelation in 9 out of 12 casesurég

3-4 shows tht ChiVE can produce smooth parabolic flow profiles with estimated peak velocities closer
to the true peak than laane autocorrelation. Additionally, Rige 3-4 highlights the aliasing resistance
inherent to the ChiVE framework that is unmatched by traditional methods. When tested at a reduced
SNR, as shown in Figes3-8 and3-9, the velocity estimation performance of ChiVE is minimally
affected compared to the baseline SNR whereas the estimation fromdagitocorrelation is severely
degraded. Finallyrigure3-11 demonstrates the ability of ChiVE to track the extrema of the flow profile

in a dynamic flow scenariddith these results, it has been demonstrated that the ChiVE framework
succeeds in increasing the Doppler SNR of broad view imaging schemes while also providing accurate
velocity estimation, even in the case of high velocity, dynamic flows. This outcome is promising for
the use of chirps to enhance performance in-figitmerate flow imaging studies with broad view

transmissions.
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3.6.2 Interpretation of Results

This studysubstantiated that chirp transmissions, coupled with pulse compression, are an effective
means of increasing Doppler SNR which can, in turn, facilitate higher fidelity flow estimations-in low
SNR scenarios. However, the increases in Doppler SNR obsenthi$ iwork did not follow the
anticipated trend in which the SNR increase sgaiegortionally to the timéandwidth product of the
chirp transmissiorfWehner, 1995)The deviation from the expected treisdikely due to waveform
norridealities in the transmitted chirpboth varying pulse amplitudes and slight phase shifts compared
to the ideal pulse were observed in hydrophone measurements of the chirp transmissions. Since the
waveform distortions are more prominent in the higher bandwidth chirp transmissions, therDopp
SNRs produced were similar to that of the lowest bandwidth chirp transmission. Yet, in{88/Rw
test, the ST5 pulse resulted in an unreliable velocity estimation witbnklagutocorrelation (median
RMSE increase of 5.0cs) whereas the ChiVE estimation saw only a modest increase in RMSE
compared to the baseline transmission pressure (median RMSE increase of 0.7cm/s). Moreover, the
velocity estimates in the lower branch of the bifurcation model were visibly smoother Witk Ch
because of the increased SNR (see@f€d-8). The difference in performance between ChiVE and lag
one autocorrelation in low SNR conditiohighlightsthe performance impact of increasing Doppler

SNR in broad view imaging.

The specialized design of the flow estimation pipeline of the ChiVE framework also contributed to
the improved performance compared to-damg autocorrelation. By considering a frequency spectrum
rather than an isolated frequency value, ChiVE is more tdbusstimation errors. A key novelty in
the design of the ChiVE framework is the use of the radon transform to extract {hepRler
frequency trend. Using the maximum of the radon transform projection rather than linearly fitting the
individual mean Dopler frequency components produces a modal velocity estimation instead of a
mean velocity estimation. This methodology was sjetified according to the results in kig 3-5
where a poor relative performance of the mean frequency fitting method is observed. The modal
velocity estimation also contributes to a better estimation of the peak velocities in the parabolic profiles

compared to lag@ne autocorrelation (see g 3-4).

The velocity estimations produced by ChiYigve also been shown to be resistant to aliasing when
imaging high velocity flows. Our results show that ChiVE is aliasing resistant on flows that were 2.2
times the aliasing limit of the center frequency (5MHz) ortBres the aliasing limit of the peak

frequency (8MHz). Aliasing resistance was demonstrated in a highly dynamic flow scenario as well as
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for constant flow. As a result, pelsbc dealiasing algorithmgMuth et al., 2011, Yatchenko et al.,
Nahas et al., 2020nhay not be required in many scenarios when using ChiVE thereby removing
additional processing steps after the velocity estimation. Nevertheless, it must be noted that ChiVE is
not an aliasingoroof framework. When the slope of the Doppler and RF compsriEtomes too

steep, the algorithm may not be able to reliably extract the trend. Thus, the aliasing resistant limits of
ChiVE should le determined to ensure it always operates within those conditions, otherwise, novel
aliasingrelated error removal methods would need to be developed (e.g. extrapolation of incorrect

flows).

3.6.3 Limitations and Future Work

This work has demonstrated the capabilities of a framework to increase Doppler SNR while also
enhancing flow estimation accuracy through wideband transmissions, yet there are still some
limitations and directions that require follewp. First, a more though investigation of the effect of

chirp transmission parameters on the framework performance should be performed. Such an
investigation should include additional chirp duration and bandwidth combinations to assess the
Doppler SNR gain limits as well asitsspect unwanted effects such as spatial averaging of the velocity
estimates stemming from the long duration chirps. Additionally, a study on different chirp center
frequencies should be performed to investigate the effects of attenuation and dispersien o
framework. These effects are predicted to become more prominent as the frequency contained in the
chirp increases (either from higher center frequency or higher bandwidth) and may limit the

applicability of ChiVE in applications such as deep vesaabing.

A second study direction is on the computational efficiency of the ChiVE framework. The addition
of frequency spectrum analysis in this framework adds significant computational complexity compared
to lagone autocorrelation. Therefore, GPldsed acceleratn of the framework is required for real
time velocity estimations. A redilme mode for this framework is likely to operate with a live
visualization at 3@®0Hz and a slownotion playback at the PRF limited frame rate similar to previous
implementationsi HIFRUS(Yiu et al., 2019)

Finally, the Doppler SNR enhancement shown in this work is of benefit to broad view imaging in
general, however, its benefits may be even greater if extended to the field-ebhigterate imaging.
Currently, 3D ultrasound imaging with 2D matrix array$fers from low SNRs which are critically
reduced by utilizing broad view transmissions. Furthermore, the use of channel count reduction
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strategies such as sparse matrix arrays reduces the SNR even(Matfett et al., 2022)Thus, a key
area of future investigation is the application of the ChiVE framework in-Vogimerate flow
imaging studies.

3.7 Conclusions

HiIFRUS flow imaging with broad view transmissions is hindered by low SNR, yet traditional methods
of SNR enhancement such as chirp coded excitations are known to undesirably increase the Doppler
estimation variance. Here, we described a novel velocitsnagtn framework called ChiVE which
leverages chirps to increase the Doppler SNR without increasing the Doppler estimation variance. This
framework produces more accurate velocity estimates thaonkgutocorrelation while providing
aliasing resistance tover twice the Nyquist limit of the center frequency. With the ChiVE framework,
Doppler ultrasound is no longer limited to narrowband transmissions for high quality velocity
estimations, in fact wideband transmissions have been shown to have sevbtalathtantages. This
framework improves performance when acquiringnBde and Doppler data in a single transmission

as it eliminates any trae®ff between velocity estimation accuracy and transmission bandwidth,
thereby maximizing the achievable framerdtmally, it is predicted that the Doppler SNR and
corresponding velocity estimation improvements shown here will be invaluable when applied to high

volumerate 3D flow imaging with broadiew transmissions.
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© 2022 IEEE. Reprinted, with permission, froR. Ma f f e Urnifocused FieldaAhalysis ofia
DensityTapered Spiral Array for Highvolume-Rate 3D Ultrasound Imaging EEEE Trans. Ultrason.
Ferroelectr. Freq. Contrglvol. 69, no. 10, Oct. 2022.

4.1 Introduction

Dynamic 3D ultrasound imaging has demonstrated potential in tracking physiological events such as
blood flow on a timeesolved basigHolbek et al., 2016, Correia et al., 201&jowever, the
development of dynamic-B ultrasound methods is dependent on higlumerate acquisitions [e.g.,

1000 volumes per second (vps)] that cannot be realized using conventidnahe®ying strategies
based on mechanical scanning, as these gieatgypically yield volume rates below 1 vps. The advent

of 2-D matrix arrayshas been a major step in this field that increased volume rates significantly over
the physical scanning of linear arrays (from <*10 vps)(Fenster et al., 2001, von Ramm & Smith,
1990) yet, the volume rate remains too low to image dynamic flow events within a single cardiac cycle
if traditional scanline (focused beam) imaging is u@édskins, 201Q)To address the volume rate
limitations of 3D scanline methods, unfocused transmission schemes developdd iftrasound
(Jensen et al., 2016a, Jenseral., 2016bxould potentially be extended into théd3maging space.
Unfocused transmissions have enablddl @trasound imaging at rates of,Q00 frames/s through the
insonification of the full imaging view on each firing. Nevertheless, the extension of unfocused
transmission schemes frorrDlarrays to 2D matrix arrays is nontrivial given the immense increase in

element count.

A 2-D matrix array typically contains over 1000 transducer elenjemngs, (Petrusca et al., 2018)]
that correspond to high channel counts as well as highgamformed data rates. The costs of using
2-D matrix arrays become especially apparent in unfocused imaging schemes where all elements are
receiving data simultaneously. The corresponding data oat 2D matrix arrays can easily exceed 50
GB/s depending on the acquisition parameters (i.e., pulse repetition frequency and sampling rate). Such
high dag rates are not manageable by clinical or research ultrasound s¢arme¥&erasonics or ULA

OP 256(Boni et al., 2016)jithout hardware modifications, thereby rendering higlumerate 3D
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ultrasound investigations with2 matrix arrays unattainable except on highly specialized and bulky
systems(Petrusca et al., 2018, Jensen et al., 20I8)make highsolumerate ultrasound studies
available for the wider research community, data rate reduction strategies must be developed to
eliminate the need for expensive scanner hardware modifications. A more economical approach is to
reduce the dateates directly from the probe rather than altering the scanner. Currently, there are two
proposed solinns that reduce data rates directly on the probei column addressing (RCA) and
sparse arrays. RCA arrays maintain the element densitipahatrix arrays and reduce channel counts

via crossed electrodes where only entire rows and columns can besaddats timg¢Morton &
Lockwood, 2003, Demore et al., 2008jowever, RCA prevents full-B steering and halves the
maximum volume ratéHolbek et al., 2016)Sparse arrays instead reduce the element density to reduce
the channel counts. This latter typE2-D array is not subjected to constraints HD 3teering and

volume rate that are faced by RCA arrays.

In general,2-D sparse arrays have the potential in realizing Niglamerate 3D ultrasound
i maging. Yet, the beam degradation arising from
of sparse arrays to produce accurate flow measurements. Therefeparfa arrays to truly be suitable
for high-volumerate 3D ultrasound, the arrays must be appropriately designed so that they can
produce highkguality field transmission profiles. Many studies have focused on optimizing the layout
of sparse aays using in silico methodsockwood & Foster, 1996, Trucco, 1999, Yen et al., 2000,
Austeng & Holm, 2002, MrtinezGraulleraet al., 2010, Diarra et al., 2013, Ramalli et al., 2015, Roux
et al., 2016) To robustly assess the performance of prototype sparse arrays in a range of transmission
conditions, direct field profile measurements should be acquired. Such measurements will allow
researchers to mitigate imaging irregularities stemming from norldsah profiles in any imaging
mode. They are also impant to exposure safety assessments in determining whether the generated
acoustic intensities are within regulatory limits, such as those set forth by the Food and Drug
Administration (FDA)(Duck, 2007)

In this work,we assess the acoustic field performance and the safety of a spiral array transducer with
a sparse-D aperture to determine whether it can properly support the realization efdligherate
3-D ultrasound imaging. Specifically, we evaluate the fieldilg® of unfocused transmissions (both
plane and diverging waves) from a densépered spiral array, which has demonstrated-igility
focused beam characteristics in sili¢amalli et al., 2015and in vitro(Savoia et al., 2018)ut ha

yet to be investigated for unfocused beam transmissions. In addition, we examine the surface
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Figure 4-1 Layout of the physical CMUT densitgpered spiral array with hexagonal elements.

temperature of the array to evaluate its safety for future in vivo studies. The physical array studied in
this work is a densityapered spiral array design that preserves the nongridded and nonsymmetric
layout, and it was realized through a capacitive rammachined ultrasound transducer (CMUT)
fabrication approacfSavoia et al., 2018)We posit that the transmission characteristics of the spiral
array, such as beam intensity and arrival time profile, will be preserved in unfocused transmission
modes. Thdield profile analysis, performed both in silico and in vitro, will examine both steered and
unsteered transmissions over a range of depths relevant to peripheral vascular imaging in vivo. This
study serves to lay the groundwork for future applicatiotbetlensitytapered spiral array as a viable

transducer configuration for higlolumerate 3D ultrasound imaging of physiological dynamics.

4.2 Experimental Methods

Therationale for performing both hydrophone measurements and field profile simulations in this study
is twofold. First, hydrophone measurements can directly assess the true transmission properties of an
array, whereas simulations provide reference profilensore that there is no systemic error from the
experimental setup. Second, direct field profile measurements will be subject to nonidealities of the
array (e.g., nhonuniform element excitations and sensitivity), whereas simulation results havedidealiz

array performance, which provides a theoretical base for the hydrophone measurements.

The densitytapered spiral array used in this study is a CMUT array with 256 eleiffantsalli et
al., 2015, Savoia et al., 2018 has a twewayi 6-dB bandwidth centered at 7 MHz. The array, shown
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Figure 4-2 Schematic of diverging wave steering. Virtual point sources are shifted on the surface of a
centered at the center of the array to maintain a constant degree of divergence with steering.

Table 4-1 Transmission, measurement, and medium properties

Parameter Experimental Setup Simulation
Center frequency 7.5MHz
Pulse shape 5-cycle sinusoid
Window 20% Tukey
Sampling frequency 100MHz
Speed of sound ~1480m/s (degassed 1480m/s
water)
Wavelength ~197.3em
Attenuation ~0d B/ ¢ mAM| 0dB/ c mAl
Spatial sample spacin 100e m~e(/ 2) 50 m~a(/ 4
200 m~&()
Spatial averaging 0.13 mm Oec rh
inFigure4-1, has hexagonal el ements with a diameter

19 circular subelements. The elements follow a Blackman widzhsed density tapering with the
center and edges of the array containing, respectively, the highest sl éd@ment spatial density.

This type of density tapering is used here since it was found to have a favorable performance tradeoff
(in focused beam simulations) between various parameters, including lateral resolution, grating lobe
levels, and effectiveperture for small vessel imaging compared to other density tapering functions of
the Fermat spirgRamalli et al., 2015)The total footprint of the array is a circular surface with a 1 cm

diameter. With density tapering, the effective array diameter is 0.6 cm.

Three types of unfocused transmissions were studied: 1) plane wave (PW); 2) diverging wave with
a virtual point source 30 mm behind the array (DIV30); and 3) diverging wave with a virtual point

source 20 mm behind the array (DIV20). Every pulsing eventved the use of a fiveycle, 7.5MHz

46

(0



a) ) b) c) 3-axisn;& stage
2 )Cjk )Cé — ¥ T
Xs T3

20mm T Probe holder s |
/
Bl 20mm % > Probe d—
— Hydrophone [ 1 |
D) 1
40mm X

- Water tank

60mm >

60mm ‘\XJ\* Water tank frame

Figure 4-3 (a) Acquisition planes on the %Zand YZ planes where the width in3Xs two-times the
theoretical beam width at 60 mm depth. (b) Acquisition planes orpléMes where the widths; X3 and

Y 123are defined by the theoretical beam width at each depth. (c) Schematic of the hydrophone meas
setup with the hydrophone mounted to th&x8 motion stage and the spiral array mounted to the water
frame.

sinusoidal pulse with a 20% Tukey window. The pulse parameters were selected to generate the typical
pulse used for pulsed Doppler measurements. The array was biased at 75 V (the maximum voltage
without damaging the array elements), and a working volta@® & peakto-peak was used for all
transmissions. No transmit apodization was applied on the array since the density tapering serves as a
physical apodization. The DIV30 and DIV20 firings were studied at transmission angles of 0°, 5°, and
10° with the wrtual point source maintaining a constant distance from the center of the array (see Fig

4-2). The PW firings were studied at transmission angles of 1°, 5°, and 10°; 0° was not studied because
it caused unexpected behavior of the pulsers due to the high peak current required during the
simultaneous firing of all 256 elements. The range of stgeasingles studied in this work was an
empirical parameter choice that was made based on previous studies that often used an angle span of
20A (i . e. , +10° fornmulirahgle ADoppler estimatiofYiu & Yu, 2016) Complete

transmission specifications are listedliamble4-1.

The pressure field profile was acquim@eer two planes perpendicular to the probe surface and three
planes parallel. The perpendicular planes, one on the XZ plane and one on the YZ plane, had a width
of two times the theoretical maximum main beamwidth in theixd Y-directions. They each spaed
from 20 to 60 mm depth in the-direction [see Figre4-3(a)]; this range in depths of the measurement
planes was set to match the typical depths used in peripheral vascular imaging (e.g., brachial and

carotid). The remaining three acquisition plamese parallel to the probe surface on XY planes at
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depths of 20, 40, and 60 mm and were sized to match the maximum main beamwidth as well as centered
with the main beam [see kige4-3(b)].

4.2.1 Hydrophone Measurements

Hydrophone measurements were performed in a degassed water tank D480, m/s) with an

attached threaxis motion stage (IntelLiDrives, Inc., Philadelphia, PA, USA). The motion stage has a
20em motion resolution on all three axes and was
400 capsule hydrophone (Onda Corporatidunnyvale, CA, USA) was mounted on the motion stage

and was immersed in the water tank [seaiféig-3(c)]. The hydrophone was oriented such that the
measurement surface was diegtupward toward the array surface. This model of hydrophone has an
aperture of 400 em resulting in spatial averagi |
was connected to an ABD1G100 preamplifier (Onda Corporation, Sunnyvale, CA, USA) tred

signal was routed to a Rigol DS1104 oscilloscope (Rigol, Portland, OR, USA) that sampled at 100
MHz. The same personal computer controlling the motion stage was used to read the hydrophone
acquisitions from the oscilloscope.

The densitytapered spiral array was mounted on the water tank frame using a cuBtqriried
probe holder and was placed in the scan tank with the array pointing downward [sest3(r)].
The probe orientation thus had a fixed alignment with the frame of the water tank. The surface of the
array was located < 5 mm below the surface of the water. The array was driven by@RJ236
research ultrasound scantiBoni et al., 2016Wwith a CMUT adapter board. A sync output from the
scanner was also conrted to the oscilloscope to provide a trigger for the hydrophone measurements.
The scanner was controlled through a second personal computer where the transmission profiles were

programmed.

With the array and hydrophone in place in the scan tank, the hydrophone was moved underneath the
array. The origin of the XY scan planes for the hydrophone was set at the center of the array using a
focused beam transmission from the array. Using incrgigdine step sizes, the hydrophone could be
placed at the peak of the transmission witke5h accur acy . For steered tran
moved in the X or Y-directions from the array center to the center of the steered beam. To set the
desired épth of the hydrophone below the array, the time between the trigger pulse and the recorded
wave on the hydrophone was measured on the oscilloscope. The time between the pulses (after

subtracting a fixed transmission delay value) was multiplied by thel sgesund in the water, 1480
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m/s, to yield the depth of the hydrophone below the array. The depth of the array was accurate to 50

Em.

To record the field profile of various transmissions, the hydrophone was stepped dvegra 2n
the desired plane. For acquisition planesupto®cm area, a step size of 10

al | | arger acquisition planes, step sizes of 20C¢

4.2.2 Field Profile Simulations

Simulations of the pressure field profile from the density tapered spiral array were performed in
MATLAB (MathWorks, Natick, MA, USA) using Field I{Jensen & Svendsen, 1992, Jensen, 1997)

The simul ated array contained 256 square el emeni
physical spiral array. The element size between simulation and the physical array is similar since a 220

¢ mdiameter hexagon when measured from cornerjop osi t e corner has a 200
from side to opposite dé. The simulated transmissions were set identically to the experimental
transmissions and the simulated medium was set to match the properties of water. Unlike the
hydrophone measurements, thenulated data points have no spatial averaging. All other key

simulation parameters are listed in Tadig.

4.2.3 Intensity Analysis

The peak absolute pressure at each point on the acquisition planes was extracted and converted to
decibels to yield the intensity of the point. The XZ and YZ planes were used to observe the beam
properties across depth while also identifying secondanglobiside of the main beam. In this work,
secondary lobes are considered to be regions outside the main beam with an intensity close to the main
beam intensity (e.g., greater than wparter of the main beam intensity). Their emergence may be
attributed o grating lobes and sidelobes in the field profile. They were identified by applyityaB

intensity threshold relative to the main beam peak on each XZ and YZ plane. The XY planes were used

to study the radial properties of the beam.

4.2.4 Arrival Time Analysis

The XZ and YZ planes were used to observe the propagation of the generated wavefront across depth.
A cineloop of the wavefront propagation across depth can be formed by steppinglsasaieple on
all acquisition points on the XZ and YZ planes simultaisgoand saving each sample time as a video

frame. On the XY planes, the wavefront arrival time can be calculated at each acquisition point by
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computing the lag of the maximum cross correlation between the excitation pulse and the measured
waveform. To evaluate the main beam arrival time performance, the wavefront arrival time profiles in
experiments and simulations were compared to an expeat®ie jpor the transmission. For PWs, the
expected profile is simply a plane that matches the steering angle. For diverging waves, the expected
profile takes the form of a hyperboloid. Specifically, for a given spatial point in front of the array
aperture(Xo, Yo, Zo)) and a virtual point source locatiord Yvp, Zy), the arrival timet of a diverging
wavefront can be theoretically calculated frequation (4.1).

W o ®w W a a

0 7 7 7‘ T@

w w w

wherecis the speed of sound. The raneansquared error (RMSE) between the expectedhagdired

arrival time profiles was accordingly calculated for both simulations and experiments.

4.2.5 In Vitro B-Mode Imaging

Unfocused Bmode imaging performance of the array was assessed using two phantoms: 1) CIRS
Multi-Purpose MultiTissue Ultrasound Phantom (CIRS, Inc., Norfolk, VA, USA) with an attenuation

of 0.3 dB/cniMHz and 2) an irhouse fabricated wire target phantom immersed in waterg100

tungsten wires aligned axially spaced 1 cm apart). Wire targets in both phantoms were imaged with the

y -axis of the spiral array aligned parallel with the line targets. PWDéwid0 firings (the leastand
mostdivergent firingswer e used with ten transmissioeatis,angl es
omitting 0°, with no steering on the-gxis. A 3D GPUbased delaandsum beamformer, essentially

an extended version of thel2GPU beamformefYiu et al., 2011)was used to form the images for

each transmission angle followed by coherent compounding of all angles. The resulting images were
assessed for their penetration depth and spatial resolution. The penetration depth in the CIRS phantom
was assessed qualitatly by obseving at which depth the targets became indistinguishable from the
surrounding speckle pattern. The spatial resolution was calculated from tivedfhllat halfmaximum

(FWHM) of the point targets in the-xand z-axes of the images of both phantoms. aberage sidelobe

level (SLL) was evaluated on the images from the water phantom on the ZX plane. The SLL was
extracted from | ater al positions of x<1T1.5 mm ar
axial range from 5 pixels above the poingerdepth to the depth of the point target (to include the

upward curving nature of the sidelobes). The average SLL for each point target was then normalized to

the peak intensity of the point target.

50



4.2.6 Probe Surface Temperature Measurements

Surface temperature measurements on the array agergred in accordance with the International
Electrotechnical Commission (IEC) standard protocol (IEC 6@B01T). In brief, a tissuenimicking
phantom made from a poly(viny#icohol hydrogel was immersed in a 33°C water bath for 1 h. Then,
with the phatom still in the water bath, the probe was placed on the phantom surface. The probe was
set to transmit a DIV20 transmission without steeringldtid PRF for 30 min, after which an infrared
camera (TG165, Teledyne FLIR, Wilsonville, OR, USA) was useddasnore the temperature of the
array surface. A final surface temperature of 43°C or less is considered safe for external in vivo use of

an ultrasound array.

4.3 Results

4.3.1 Spiral Array Produces High-Quality Beam Profiles for Unfocused Firings

The densitytapered spiral array had measured peak negative pressures (PNPs) of 93.9, 59.3, and 45.6
kPa for PW, DIV30, and DIV20, respectively. big4-4(a) (i) shows the intensity of the XZ planes
measured by the hydrophone. The left, center, and right columns, respectively, show the XZ planes for
PW, DIV30, and DIV20 firings, whereas the top, middle, and bottom rows, respectively, show the XZ
planes athe steering angle of 0°/1°, 5°, and 10°. The inset figure on each XZ plane is a binary map
wi t h -dB thredhdld from the main beam peak applied. OverallyrEig-4 shows the intensity

profiles across all transmission types. The PW firings show a consistent beamwidth across depth, while
the DIV30 and DIV20 firings expand across depth as expected. The presence of secondary lobes in all
firings is apparent from thetnensi ty profil es; however, -dBnly a
threshold (i.e., higher than owmgarter) of the main beam intensity. &ig 4-4(j) and (I) shows an
intensity crosssectimal plot taken at a depth of 40 mm and overlaid for each steering angle of the same
transmission type. These plots highlight the secondary lobe levels compared to the main lobe. For PW
[Figure4-4(j)], the main lobeo-secondary lobe ratio is 24.84 dB for 1° steering and 14.26 dB for 10°
steering; for DIV30 [Figre4-4(k)], it is 18.67 dB for 0° and 6.74 dB for 10°; and for DIV20 [kig

4-4(1)], itis 18.45 dB for 0° and 14.40 dB for 10°. While not explicitly shown here for brevity, the array

performed sintarly between the xand yaxis steering.

Figure 4-5(a) (c) shows the XY plane of the 1° PW, 0° DIV30, and 0° DIV20 firings, respectively,

at a depth of 40 mm as measured by the hydrophonareHieb(d) i (f) shows the same planes from
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Figure 4-4 Intensity measurements for PW (left column), DIV30, (center column), and DIV20 (
column) for 0 and 1° steering (top row), 5° steering (second row), and 10° steering (third row). Inset
top three rows of théigure show the beam intensity plots with12dB threshold applied. Intensity profile
at 40 mm depth are shown in the bottom row overlayed for each steering angle to highlight the redt

main beam intensity with steering coinciding with the inoeéassecondary lobe intensity.
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Figure 4-5 Intensity measurements on XManes at a depth of 40 mm in hydrophone experiments (top
and simulation (bottom row) for PW (left), DIV30 (center), and DIV20 (right).

the simulated results. Here, the radial beam characteristics of the array can be observed and compared
to the ideal performance of the simulated array. The simulated results show a uniform radial
performance since each element is transmitting at idemtioplitudes. The physical array has some

beam imperfections resulting in a less uniform radial performance [e.greBi§(a) has a less circular
intensity pattern than Rige 4-5(d)]. On all XY planes in simulation and hydrophone measurements,
there areno directiondependent beam patterns and the main beams are relatively circular in nature.
However, there is a notable difference in intensity between the hydrophone and simulated results,
especially toward the outer edges of the main beam where thasonsishow a much higher intensity

than the hydrophone measurements.

4.3.2 Wavefronts Generated from the Spiral Array Match the Expected Profiles

Movie 4-1 shows the wavefront propagation for the 1° steered PW as well as 0° steered DIV30 and
DIV20 firings on the XZ plane as measured by the hydrophone. Here, it can be observed that the
wavefront profile remains consistent as it propagates without any significant distortion in the main
beam area (highlighted by the white borders). Outside of thelmeam, the secondary lobe wavefront

has an uneven and fluctuating profile as it propagates in all cas@®4-8(a) (c) shows the snapshots

from Movie 4-1 at three overlayed timepoints on each panel. The expected main beam profile is traced

by the dotted lines and shows a close match to the measurememts4f&a) (c) also shows that the
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Figure 4-6 Top row: Overlayed stills from Movi¢-1 at 5, 15, and 25&gs fr
the oscilloscope for unsteered PW (a), DIV30 (b), and DIV20 (c) firings. Solid white lines mark the ec
the theoretical main beam. Dashed white lines mark the expected wavefront profile. Bottddverlayed

stills from Movie4-2 at the same timepoints as the top row for PW (d), DIV30 (e), and DIV20 (f) fir
steered at 10°.

wavefronts are followed by comet tails, which are secondary axial peaks that emerged as a result of
using an el ement spacing | arger than &/ 2 on the
correspondingly give rise to axial image artifactzar echogenic image featurdsovie 4-2 shows a

similar wavefront propagation for the 10° steered firings of each type. Here, the main beam wavefront
again remains coherent over its axial course of propagatiameBig(d)i (f) shows the snapshots from

the steered propagations and highlights the close match between the expected and measured profiles.

Figure 4-7 plots the wavefront profiles at a 40 mm depth, including the expected, simulated, and
measured profiles. Fige 4-7(a), (d), and (g) shows the profiles for the PW firingsufad-7(b), (e),
and (h) shows the profiles for the DIV30 firings, andurey-7(c), (f), and (i) shows the profiles for
the DIV20 firings. Each row of Fige 4-7 shows a different steering angle of the firing with the top
row being 0/1°, the center ro\s°, and the bottom row 10°. The RMSE values of the simulated and

measued profiles are shown in the figure panels. From the PW profiles, the wavefronts are observed
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read from the hydrophone was within 2mV of thaseofloor and therefore the wavefront could not
accurately identified. These regions were omitted in all RMSE calculations.
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to have only minor deviations from the expected profile near the edges of the main beam where the
intensity is lower. The DIV30 and DIV20 firings follow a similar trend with the center of the profile
being the smoothest with increasing deviations towagktiges. Generally, the simulated data match
slightly closer to the expected profile than the hydrophone data. However, in the case of the DIV20
firing, the simulated data show some deviation at the right and left sides of the plots due to the sparsity
of elements at the edges of the array aperture and the widespread of the wavefront. In both the DIV30

and DIV20 firings, thehydrophoneRMSE increases as the degree of steering increases, which is not
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Figure 4-8 B-mode images of point targets in a CIRS phantom formed by the coherent compount
10 unfocusedransmissions (steering® to 5° along theJaxis). a) PW image of Xplane at y=0, b) PW
image of YZplane at x=0, ¢) DIV20 image of Xglane at y=0, and d) DIV20 image of f#ane at x=0.

observed in the simulated data. The PW RMSE values are lower than the other firings and show smaller
changes in RMSE between firing angles.

4.3.3 Compounded Unfocused Firings Demonstrated High B-Mode Spatial Resolution
with Limited Penetration Depth

B-mode images of a CIRS point target phantom (wire targets-Ix) &cquired with terangle
compounded PW and DIV20 scans are shown inrei¢-8. Figure 4-8(a) and (c) shows the-Bode
slices on the saxis of the array, which is perpendicular to the wires in the CIRS phantoune Big

8(b) and (d) shows the-Biode slices on theJaxis of the array that is parallel to the wires. InuFig
4-8(a) and (b), the PW firings are able to resolve the wires to a depth of 22 mm with a ladeig) (x
FWHM of 0.77 mmfor the target at 12 mm depth and 0.89 mm for the target at 22 mm. The axial
FWHM is 0.46 mm at 12 mm depth and 0.51 mm at 22 mm for PWiré4g8(c) and (d) shows that

the DIV20 firing was able to resolve the-frfin target in the x and y planes, but the 28m target is
indistinguishable from the speckle pattern on the x plane and is only visible on the y plane. The lateral
(x-axis) FWHM is 0.62 mm for the target at 12 mm depth and the axial FWHM is 0.58 mm for the
same target.
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Figure 4-9 B-mode images of point targets in anhiouse made wire target phantom immersed in wi
formed by the coherent compounding of 10 unfocused transmissions (st&8ring° along the saxis). a)
PW image of XZplane at y=0, b) PW image of Y@lane at x=0¢) DIV20 image of XZplane at y=0, and
d) DIV20 image of YZplane at x=0.

Figure4-9 shows the Bnode images for the same PW and DIV20 scans on the wire target phantom

immersed in water. Here, the targets were resolvable in both PW and DIV20 scans to a depth of 33 mm.

In Figure4-9(a) andb), the PW scans show a lateral FWHM of 0.60, 0.84, and 1.25 mm, respectively,
for the 13, 23, and 33mm depth targets. The axial FWHM on the same targets are 0.47, 0.44, and
0.47 mm. In Figre4-9(c) and (d), the DIV20 scans produced the lateral FWHM of 0.61, 0.90, and 1.45
mm for the 13, 23, and 33mm target depths along with the axial FWHM of 0.50, 0.49, and 0.46 mm,
respectively. Generally, the FWHM results of the wdgsed phantom align thithose on the CIRS
phantom. A notable difference in theeasurements is the presence of the secondary lobes, which is

much more apparent with the hypoechoic background of the-wasexd phantom. For the PW scan,

the average SLL was 119. 46,- 28,220d.38n¥n, depthrtadgets, 2 4 . 8 7
respet i vel y. For the DIV20 scan, the aveaedldfe SLL

shows a contour plot of the ZX planen®bde images in Fige4-9 wi t h i ntensity thre

P12, and 16 dB. The seconda rlug oftheradaentapoird targed r ma | i

Figure4-10(a) shows the PW scan where the majority
dB. There are, however, |l ocalized pockets of

Figure4-10(b) shows a similar representation for the DIV20 scan.
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Figure 4-10 Contour plots of the Bnode images of the poitdrgets in water for (a) PW scan [Big 4-

9(a)] and (b) DIV20 scan [Fige 4-9(c)] with thresholds 0f20, -12, and-6dB to highlight the sidelobe
intensity levels.

Water .
heater ?
Probe
surface
Water
bath

Figure 4-11 Infrared image of the probe surface acquired after 30 minutes of continuous transmissic

4.3.4 Surface Temperature and Acoustic Exposure Levels are Within Regulatory

Limits

The surface temperature of the densityered spiral array was found to be 30.2°C £ 0.7°C (x one
standard deviation) after 30 min of continuous transmission. This temperature is below 43°C limit set

forth by IEC 606012-37 (Duck, 2007) Figure 411 shows ainfrared image of the probe surface. The
probe temperature was observed to be uniform across the entire surface.

Based on the established acoustic exposure fornjDiagn et al., 2019)the spatiapeak, pulse
average (SPPA) intensity and mechanical index (Ml) of the PW mode were, respectively, 0.298 W/cm2
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and 0.034 for a maximum unfocused PNP of 93.9 Keat{on 4.3.1 For DIV30 and DIV20 that had

the maximum measured PNP of 59.3 and 45.6 kPa, respect8atyidn 4.3.), the corresponding

SPPA intensity was 0.119 and 0.070 Wicmhile the Ml was 0.022 and 0.017, respectively. All the
intensities and MI values reported her dDuekf e bel o
2007)

4.4 Discussion

4.4.1 Statement of Contributions

This work presents a detailed study of unfocused transmission characteristics from thetajeersty
spiral array to evaluate its viability in facilitating higblumerate 3D ultrasound imaging. In
principle, the use of a spiral array to facilitat® 3maging eliminates the need for expensive scanner
hardware modifications and provides flexibility in imaging mode development. While the spiral array
has previously been studied in focused firii@avoia et al., 2018)here, we study unfocused
transmissins that are essential to realizing higllumerate 3D imaging, particularly for

transmissions involving multicycle pulses that are required to perform flow mapping.

In our investigation, three acoustic field properties of unfocused firings have been evaluated for the
spiral array: 1) beam intensity; 2) wavefront arrival time profile; and-8)d8e image quality. Fige
4-4 highlights the uniformity of the unfocused beam intensity within the main beam region as well as
demonstrates the relatively low sadary lobe intensity compared to the main beam. Mo#igsnd
4-2 showthat, despite the low element density, the wavefront profile remains smooth throughout
propagatn, while Figire4-7 shows that the wavefronts have only small deviations from the expected
profil es. Toget her, these results indicate tha
wavefront shape. Figes4-8 and4-9 present the first compounded PW and divergiage images
from the densitytapered spiral array, which shows promising spatial resolution. Yet, penetration depth
remains limited, suggesting a need for the development of signal enhancement strategges (to
discussed in Sectich4.3.

Anot her component of this investigation is an
safety when it operates under unfocused transmission modes. The maximum unfocused PNP measured
by the hydrophone was 93.9 kPa (Sect#b8.l), while the highest SPPA intensity and MI were,
respectively, 0.298 W/cfrand 0.034 (Section.3.4 . These exposure values a
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regulatory limits for imagingdDuck, 2007) Also, the entire array exhibited a homogeneous surface
temperature distribution (Rige4-11) with an average temperature (30.2 °C = 0.7 °C) that is well below

the IEC requirement of 43 °C after 30 min of continuous imag@ngk, 2007) These results confirm

that the spiral array does not pose acoustic exposure concerns when it operates in unfocused

transmission modes.

4.4.2 Summative Interpretation of Findings

Our investigation has generally attested that the detagigred spiral array can produce unfocused
transmissions with the desired field profile characteristics. Specifically, the main beam of the unfocused
transmissions had a smooth intensity profilehaitt large fluctuations. Such a smooth beam profile
signifies that the propagation of the main wavefront is homogeneous and dispersion is limited. The
main beam also had a radially uniform pressure field. One minor irregularity to be noted is that, for
diverging waves, the peak of the main wavefront was not laterally centered against the angle steering
axis. This issue can be observed inurggl-4(k) and (1) that plot the »axis field intensities at 40 mm

depth for steering angles of 0°, 5°, and 10°; for instance, the main peak was not locatedaxighe x
origin for 0° steering. Such a field characteristic is likely attributed to the sparisierpog of spiral

array elements that resulted in the generation of anomalous interference patterns onwaeefiaint

as it propagates across depth. Nevertheless, it is after all not a serious issue since the main wavefront

remained laterally homogeneous with deviations within 3 dB.

From an imaging perspective, the field characteristics generated from the spiral array favor
homogeneous insonation of the image volume, which is desirable for volumetrieephtssensing.
Whil e secondary | obes ar e elpnmest spacing, théirmtersityesbelowr i ng s
the 712 dB threshold relative to the main beam
secondary lobe intensity is due to the spidded element layout of the density tapered spiral array,
which preents strong constructive interference outside of the main beam as is present when regular

gridded sparse arrays are uggdn et al., 2000, Austeng & Holm, 2002)

The secondary lobes from the spiral array are expected to have a limited impact on imaging
performance unless steering of more than 10° is applied, which is generally not required fangheilti
Doppler flow estimatior(Yiu & Yu, 2016). For instance, as demonstrated in ths@&e images of
Figure4-8 whi ch used T5A to +5A steering, adjacent t

artifacts that are attributed to secondary lobes. In theoBe images of Fige4-9, the average SLLs

60



were al|l found to be below 1T19 dB with only sme
imaging, secondary lobes may lead to errors in the mean Doppler frequency estimation process since
these lobes may spatially encompass nearby vessels withHracteristics different from that in the

main sample volume. Nevertheless, with the relatively low SLL magnitudes observedria4%

the weighted impact of these secondary lobes on mean Doppler estimation is expected to be limited.

This work, combined with previous works on focused begdasoia et al., 2018Ylemonstrates the
promi sing acoustic field profile performance of
profile characteristics are less desirable than those for a fully populBtedsrix array, the significant
reduction in the spi a | arrayb6s el ement count i s an i mport e
ultrasound scanners designed feD 2maging. Note that the measured peak pressure value is lowe
than typical PW transmissions from PZT arrays. Some pressure reduction is to be expected from 2
arrays due to the lack of elevation focusing, but in this case, the CMUT architecture of the array is also
likely a contributing factor. CMUT arrays gendyahave limited transmission sensitivity. Moreover,
the CMUT array used in this study suffered from a high parasitic capacitance introduced by the
Adummyo (passive) ASI C used t o by Sawiaet alf2018) el e mer
resulting inpoor signal strength for the array during imaging. The@&le images presented in this
work show a penetration depth of just2lcm confirming the low signal levels. Increasing the bias
voltage of the array elements may enhance the signal strength shiigkhipermanent damage to the
array elements. Therefore, alternative means of increasing the transmit and receive signals must be

investigated (to be discussed in Secdoh 3.

4.4.3 Limitations and Future Work

Although the densityapered spiral array has yielded favorable acoustic field patterns for unfocused
transmissions, it is subject to some notable limitations that should be addressed. As mentioned in
Sectiond.4.2 signal strength needs to be enhanced to increase the effective imaging depth when using
unfocused transmissions for imaging. On this topic, three directions of investigation are worth pursuing:
1) the design of coded excitation schemes; 2) the develamh®Z T-based spiral arrays; and 3) the
development of CMUT arrays with enhanced interconnection strategies. For the first direction, the
CMUT spiral array is an excellent candidate for the implementation of coded excitation imaging
schemes due to its wideband nature, which enables the tramsnafsarious codes, including chirps.

Recently, chirp transmissions have been shown to increase the Doppler SNR making them a potential
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candidate to improve higholumerate 3D imaging(Ramalli et al., 2021)However, when wideband
transmissions such as chirps are used for flow estimation, a large estimation variance occurs. Therefore,
to implement chirps for dynamic flow imaging, future works should focus on novel methods to reduce

the flow estimation variare.

For the second future research direction, the use of a PZT array architecture can effectively reduce
the SNR loss related to parasitic capacitance and the transmission sensitivity issue that CMUT arrays
are susceptible to. Previous work has shown thaflesBZrse array can produce higinality diverging
wave imagegRoux et al., 2018)lthough a lower transmission frequency of 3 MHz was used, which
naturally improves penetration according to ultrasound physics. The main drawback of the PZT
architecture ighat the arrays are currently limited to gridded layouts making the true density tapered
spiral design not possible to exactly replicg@eux et al., 2017)Thus, there is a tradeoff between the
PZT and CMUT versions of the spiral array design where PZT produces higher signal levels in transmit
and receive, while CMUT demonstrates an improved secondary lobe performance. The considerations
required to assedlsis tradeoff are nontrivial and will likely necessitate a more direct comparison of the
two techndogies in the future.

The third research direction on designing CMUT arrays with enhanced interconnection strategies
would lower the parasitic capacitance. In turn, these arrays would expectedly reduce the attenuation of
the received signals. In addition, the array can be riated with lownoise amplifiers connected as
close as possible to the array elements to minimize the capacitance, such as the alternative version of

the array described previouglgavoia et al., 2018)

Besides the need to enhance signal strengt h,
effective diameter) is another technical limitation to be noted. While it may be tempting to increase the
array aperture beyond its current size while maintaithe frequency characteristics of the array, doing
so would result in stronger secondary lobes as the sparsity of the element distribution would increase.
Lowering the <center frequency of the array (th

secondary lobe level. Nevertheless, such an approach would naturally degrade the spatial resolution.

It is worth noting that such a physical size limitation is not unique to the déagéyed spiral array
used in this work, as othef2 arrays currently under development have similar dimengsaesvork
by Ramalli et al. (2021)]Yet, the limited aperture is particularly problematic in unfocused imaging

studies where the compounding of multiple transmissions is required to achieve good imaging
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performance. Since the aperture is small, the region of overlap between oppositely steered PW
transmissions is quite limited, thereby reducing the number of unique transmissions that can be used to
resolve a specific region. For example, thenBde imagep r esent ed i n this work
5° steering since higher degrees of steering for PWs no longer intersect with the point targets as they
would with wider aperture arrays. To a certain extent, the use of diverging waves can help to mitigate
this issue, but the resulting field pressure magnitude is lower than that of PWs and the penetration depth

becomes more limited.

4.5 Conclusion

In the development of-B ultrasound systems, spiral arrays with a sparBeaperture have been
investigated as a transducer front end that can acquire volumetric data at rates sinilamegihg.
However, they have yet to be investigated for thefocused field properties and potential in high
volumerate imaging. To fill this knowledge gap, this article has presented a detailed analysis of the
unfocused firing characteristics of a denddpered spiral array and observed smooth wavefront
profiles and negligible secondary lobe characteristics. Since the wavefront profile was found to be
consistent and predictable, there is little delay difference from a fully populated array making existing
beamforming strategies readily portable to this array. §thiement is underscored by the good spatial
resolution observed in the presentethBde images formed using delagdsum beamforming (even
though penetration depth was limited). Sparse arrays, such as the-thgresigd spiral array, coupled

with unfoaised transmissions, provide a viable means of acquiringvioigimerate 3D imaging data
without the need for a massive system with over 1000 channels of transceiver electronics. With these
arrays, highvolumerate 3D imaging can potentially be realized 2-D imaging systems and, in turn,

be mobilized for use at a broader scale.
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Chapter 5
The Effects of Transmi ssion Scheme

Perfor mance

5.1 Introduction

Ultrasound3D vector flow imaging (VFI) enables the estimation of complete hemodynamic profiles as
well as volumetric flow rates with high temporal resoluffdfigenet al.,2018. Indeed, ultrasound 3D

VFI surpasses the temporal and spatial resolution limits of pttageast magnetic resonance imaging
(MRI) which is the current gold standard. Yet, ultrasound 3D VFI is not clinically available and there
has been little researchviards the optimization of 3D VFI techniques. The limited research progress
is, in part,a result of the large data rates associated with 3D VFI andvbigmerate ultrasound in
general, particularly with the use of fully addressed matrix arrays. Additionally, challenges with array
fabrication and the highost of acquiring 3D ultrasourzhpable hardware have further limited the
extent of research on the topic.

To date, research on ultrasound 3D VFI falls under two broad categories depending on whether: 1)
high-performance, largscale scanners, or 2) leshannel countbenchtopscanners were used. Studies
on largescale scannetgpically utilize fully addressed matrix arrays with high SNR to conttueivo
demonstrations of 3D VFI techniques including comparisons with (@Rireia et al., 2016{olbek et
al., 2014, Holbeket al., 2018, Wigen et al., 2018 orreia et al., 20205tudies on lowchannel count
scanner®r arraysare more limited andso far have been restricted to phantom modBsssi et al.,
2020, Holbek et al., 2018)\evertheless, these past works have focused on demonstrating the feasibility
of 3D VFI methodologsrather than optimizing the techniques for flow vector estimation performance.
As such, there has been little justification for the algorithmic and imaging parameters. Only one study

on 3D VFI has performed parametric sweep to improve performagidelbek et al., 2016)

The dependence of vector estimation performance on the number of transmissions and their steering
angles is noteworthy. For leasfuares 3D VFI, a minimum of 3 unique transmission or reception
vectors are required to estimate the flow vectors. Howevgrhamber of additional transmits or
receives can be added to the lespiares fittingln 2D VFI, both the number of transmit and receive
events as well as their elevation angles have been shown to directly impact the velocity estimation

performance (Yi& Yu, 2016).In 3D VFI, both the numbeand elevation angles transmissions and
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receptions need to similarly be investigated. Addition&[y,ultrasound has a second steering angle
which rotates the transmissions and/or receptions around tpkaxg called the azimuth angle. This
angle is likely to have a strong impact on the flow estimation fidelity intla@d ydirections.

Here we present an optimization of the transmission scheme for 3Bslgaates VFI using plane
waves. The number of unique transmissions, elevation angle, and azimuth angle are all studied for their
impact on vector estimation performance. The estimatedditofiles from all parametric combinations
are compared to known flow profiles to determine the optimal configuration. The goal of this study is
to isolate the effects of steering on the vector estimation performance and thus it is imperative that an
array with axis independent steered beam profiles is used. For this reason, the investigation leverages
the CMUT density tapered spiral arr@yaffett et al., 2022)By determining the effect of transmission
schemes on estimation performance, future work on in vitro and in vivo 3D VFI can be designed to
produce the highest quality results possible. As such, future works can focus on novel hardware and

processing methds to extend the performance and test the limits of ultrasound 3D VFI.

5.2 Methods

3D ultrasound leastquares VFI follows the same overarching principles as 2D-deasires VFI
methods (described in detdi} Yiu & Yu, (2016)).1t is well established that muléingle Doppler
methods can only extract velocity information along the direction of the transmit or receive steering
vectors. Thus, in 2D ultrasound, only the x (lateral) and z (depth) components of the velocity can be
measired since linear transducer arrays are restricted to steering inptenez In 3D ultrasound, the

use ofmatrix transducer arrays enables full volumetric steering. This extended steering capability
facilitates the extraction of velocity information in the y-, and zcomponents simultaneously.
Naturally, the added dimension increases the complexity of 3D VFI methodologies and computations
compared to their 2D VFI counterparts with the distinct advantage of capturing the full flow profile.

5.2.1 3D Multi-Angle Least-Squares VFI Derivation
The goal of 3D VFI is to estimate the 3D velocity vectors at every pixel location in the ultrasound
imaging region. In cartesian coordinates, this velocity vector is defypeduation (5.1).
006 VO VO P
As mentioned above, the use of matrix transducer arrays in 3D ultrasound enables 3D steering along

the %, y-, and zdirections in front of the array. The steering vectors in transmission and reception are
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Figure 5-1 Definitions of transmissione | evat i onal (d) and azi mut
definitions apply for the recngeve steering el

most succinctly described using their elevationa
2) is defined here as the angle from the surfac:
zaxi s). The azi mut h inadnagtheeangleTram the positivRxs:of thearray s d e f
towards the positive-gxis rotating around the surface normal. A graphical depiction of these angles is
provided in Figire 51 for reference With these two angles, any transmission and recepti@n un
vectors T/andRaespectivelycan be realized througiguations (5.2) and (5.3).
i OBERT%d OEIOBM AT-& ug
n OFRI-© OFREDL Aird L&
The theoreticabbserved Doppler frequency, given any pair of transmission and reception vectors
and a known transmission frequendyy, is dependent on the velocity component along the
transmission directiory;, and along the reception directian, This is expressed am alternate version
(compared to equation (2.1)) thfe Dopplergiven by equation (5.4).
W
The precis®oppler frequencyfy, cannot be directly obtained in pulsed Doppler methods. However,
the mean Doppler frequenckg, can be found through the commonly useddag autocorrelation
techniqugKasai et al., 1985)

The velocities, andv; in the Doppler equatio(b.4) are projections of the true underlying velocity
vector,v, onto the transmit and receive unit vectors given by a dot producteagiations (5.5) and

(5.6), respectively
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By substitutingthe expressions far, TsandR3the expanded relationships betwegrv,, and the

transmission and reception anglesstrewn in equations (5.7) and (5.8).
0 UV OERT% 0 OEIOBd v AT-O g
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Rearranging the Doppler equation and subbing in these expanded definitioasd yields:

"Qw e e e e e m e A e e
Q. O OEAI% OFEWAI-O U OEIOBd ORIOEIlI U Al-© AITO L&

For a scenario wittv unique transmission vectors aNdunique reception vectors, there will be a
total of M*N instances of equatidb.9). Thissystem of equations can be presented in matrix form with
theleft-handside replaced by a placeholder variable,

A7 v T
0
5
0
OEFAT% ORITAT-O OEIOBEHd ORIOETI Ai-©6 AitO 0
é é é 0 vy p

OE+LAT% ORITAI-O OEL1OBd ORIOETI A6 AirO 0
To solvethis system of equations, a minimum of three unique traremdtive pairs are required.
These combinations could involve multiple transmission vectors at a single receive vector, a single
transmission vector with multiple receive vectors, or any combimaif the two. Finally, to solve
equation(5.11)with M*NO3 i ndependent equat\,thapseudbiversesthhe ¢ omp
as describebly Yiu & Yu (2016)and given in equation (5.12an be used
o
- AA AN UP ¢
0
It is critical to note that additional transmissions reduce the effective frame rate for each transmission
direction. For an ultrasound system with a pulse repetition frequerfey-ofthe effective frame rate

with multi-angle transmissioris given by equation (5.13).
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This reduction in frame rate in turn reduces the maximum velocity estimation limit in thenéag

autocorrelator.

5.2.2 Imaging Methods

This workwas performed on a CMUT density tapered spiral afiRamalli et al., 2015, Savoia et al.,
2018)driven by an ULAOP 256 research ultrasound scaniBami et al., 2016) The CMUT spiral

array was used because it is the only realization of the original spiral array design that preserves the
non-gridded layout of the elements. As such, this array has modest secondary lobe levels as well as a
radially uniform beam profil@Maffett et al., 2022)Unlike rowrcolumnaddressed arrays, sparse arrays

can ke steered at any azimuth angle enabling the investigation of the full 3D steering space. The CMUT
array was biased at 75V and driven with a 20V working voltage.

Planewave transmissions/ (6MHz center frequencys-pulse cycle, 10% Tukey windowed) at 3
elevation angles arntB azimuth angles were examined. A complete list of the transmiasgiascan
be found in Tablé-1. Receive steering was not investigated in this work due to the small size and
density tapering of the spiral array aperture. Indeed, even small receive elevational steering results in

the aperture being shifted towards the highly sparse edges of thgialdayg poor signal quality.

RF dataacquired on the scanner was saved to an external computer for offline processing. The RF
data was bang@assfiltered (FIR passband6.58.5MHz) and then beamformed using a GPU
beamformemoadified for 3D ultrasound imaging with a ngnidded array(Yiu et al., 2011) All
beamformed datasets were clutfdtered [FIR; cutoff: 12Hz (straight tube)8Hz (helix), 42Hz
(aneurysm)]and passedhrough a lagpne autocorrelator to estimate the mean Doppler frequency
(ensemble length100 frames Then, sets of mearDoppler frequency estimations at varying
transmission angles were processed through a 3D VFI estifolidaring the derivation in the previous

section. The number of transmission angles used in the estitdator,t he el evati onal st

Table 5-1 List of elevation and azimuth angles used in 3D VFI optimization.

Elevation Angles (°) Azimuth Angles (°)
575 10 0, 15, 30, 45, 60, 75, 90, 105, 120, 135, 1¢
B 180, 210, 225, 240, 270, 300, 315

68



Table 5-2 Transmit azimuth angle steering combinations used for 3D VFI. All combinations were use
5, 7.5, and 10° elevation steering. Colors indicate azimuth angle spacing.

Number of Transmission Angles
3 4 3 & 7 8 g 10
30 0,15,
30
45 0, 15,
30,45
60 0,30, 0, 13, 30,
60 43,
75 0, 13, 30,
45,60, 75
o0 0,45, | 0. 30, 0, 15, 30,
o0 &0, 90 45, 60,
75,90
103 0, 15, 30, 45,
60, 75, 90,
103
120 | 0,60, 0, 30, 60, 0, 15, 30, 45,
120 90, 120 60, 75, 90,
105, 120
133 0, 43, 0,15, 30, 45, 60,
-] 0, 135 75,90,103,120,
" 135
é’ 150 | 0,73, 0, 30, 60,
150 90, 120,
E 150
E 180 | 0,90, [ O, 40, | 0,45, 90, 0, 30, 60,
| 180 120, 135,180 90, 120,
- 180 150, 180
210 ] 0, 0, 30, 60, 90,
105, 120, 150, 180,
210 210
225 0, 75, 0, 45, 90,
150, 135, 180,
225 225
240 |0 0, 60, 0, 30, 60, 90,
120, 120, 180, 120, 150, 180,
240 240 210, 240
70 | 0, 90, 0, 43, 90, 0, 30, 60, 90,
135, | 180, 135, 180, 120, 150, 180,
270 270 225,270 210, 240,270
300 |k 0, 73, | 0. &0,
150, 150, 225, | 120, 180,
300 30 240, 300
315 0, 103, 0, 43,90, 135,
210, 180, 225, 270,
315 315

the azimuth steeringy, were varied to produce different velocity estimates. T&kPeshows all

transmissiortombinations used to derive the 3D flow vectors.

5.2.3 Experimental Methods

To investigatethe performance of 3D VFI and the dependence on the transmission scheme, three

experimental testbeds were leveraged: 1) constant flow in a straight tube, 2) constant flow in a helical
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a) flow b)

probe probe
‘ flow
ID: 2mm — 1mL/s ID: 3.5mm —»2mL/s

ID: 3.5mm —»4ml/s

Figure 5-2 Relative probelow orientations in straight tube experiments

vessel, and 3) pulsatile flow in a cerelmakurysm model. The straight tube experiment is leveraged

for a detailed parametric sweep of the transmission scheme to assess the error of the estimated velocities
on a simple flow scenario. The helical flow experiment enables the validation of flonagstim
accuracy on muHdirectional flow. The aneurysm phantom demonstrates the performance and resulting

utility of optimized 3D VFI for mapping highly complex and dynamic flows.

Giventhe limited SNR and penetration of unfocused transmission with the density tapered spiral
array (Maffett et al., 2022) all experiments leveraged microbubble contrast agéedinity-like
microbubbley t o capture the flow signal. Prior t o
(10°MB/mL) diluted at a concentration of 15% wvivas injected into the Orgasbhsed blood
mimicking fluid (BMF) upstream from the imaging regiont@roidal vessel(Chee et al., 202yas
placed in the flow circuit betweethe contrast injection port and the phantoms to ensure the contrast

was uniformly dispersed across the vessels.

5.2.3.1 Straight Tube Experiments

Walled poly-vinyl alcohol (PVA) phantoms with inner diameters (ID) of 3.5 and 2 mm were imaged in
water. The phantoms were fabricated with a previously described pr(@be# et al., 2016 he inlet
of the phantoms was connected to albny rigid tube to ensure the flow entering the phantoms was
laminar. Flow in the straight tubes was produced using a programmable flow(Honep al., 2017)
In the 2mm ID phantom a flow rate of 1mL/s was used, and the vessel was aligned approximately 45°
from the x ard y-axes [Figire 52(a)]. In the 3.5mm ID phantom flow rates of 2 and 4mL/s were used.
In the scenario with 4mL/s flow, the vessel was aligned again at 45° fromdhe yaxes[Figure 5
2(a)]. For the 2mL/s flow, the vessel was aligned parallel to th&ix to test the performance at a
different lateral flow directioifFigure 5-2(b)].
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3D VFI estimations were performed with every transmission combinptmnded in Tablé-2 for
all three straight tube flow scenariddl transmissions studied were acquired in batches of four angles
at a PRF of 10kHz resulting in an effective PRfao, of 2.5kHz for all angles. Therefore, the
performance results do not account for the velocity estimation limit changes that occur when additional
angles are added but the system PRF is maintaltedperformance of the 3D VFI estimations were
compared to the ideal parabolic flavercrosssections of the vessel. The maximum flow velocity in
the ideal parabolic profile was measured using the Doppler spectrogram from a clinical ultrasound
scannerGE Venue GoGE Healthcare, Chicago, IIUSA) with an L4-12t probe (GE Healthcare) and

a60° beardflow angle to minimize the angle dependence.

5.2.3.2 Helix Phantom Experiments

The helix phantonwas developed to validate the mudtrectional estimation performance of the
optimal 3D VFI schemassessed from the parametric sweeps on the straight tube phdrterhslical
vessel (Figre 5-3) was designed to have a 2.5mm ID with a 6mm rotational diameter over four
rotations. The phantom was fabricated using adost techniqué€Ho et al., 2017jrom a propylene
glycol-PVA mixture with low attenuationaftenuation coefficient0 . 1 8 d B/ )c Thé pheinzom

underwent two 24our freee-thaw cycles prior to removing the vessel core. ®aistication, the

21mm

<«
6mm

4mm

Figure 5-3 Lumen geometry of the helix phantom
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a) b)

Figure 5-4 (a) Top view and (b) side view of the aneurysm pharitonen.

lumen ID was measured to be 3.5mm due to contraction of the PVA mixture durifigebhethaw

cycling. A constant flow rate of 1mL/s was used.

The 3D VFI flow profile was compared to computational fluid dynamics (CFD) simulations
performed in SolidWorkdiassault Systemes, Waltham, MA, USh the CFD modethe lumen size
was expanded to 3.5mm to match the dimensions of the physical phahtimletboundary condition
was set to a uniform 1mL/s volumetric flow rate and the outlet was set to atmospheric pressure. A no

slip boundary condition was used on all vessel walls.

5.2.3.3 Aneurysm Phantom Experiments

Thecerebral aneurysm model is based orgC@ns of #0-yearold patient(Ho et al. 2017)(see Figre

5-4 for the model geometry). Ttameurysm phantom was fabricated in an identical manner to the helix
phantom. The internal carotid artery (ICA) inlet of the phantom was connected to the output of the flow
pump through the laminar mixer. Thesterior communicating artery (PCA) and middle cerebral artery
(MCA) outlets of the phantom were routedliacm of 2mm ID flow resistors and then rejoined and
returnal to the pump reservoir. The flow resistors are intebaetmic the downstream flow resistance
encountered in the cerebral vasculatiitte et al.,2017) The pump was set to output a carotid flow

profile with a peak systolitow rate of3.5mL/s.
5.3 Results

5.3.1 Azimuth Angle Span is the Strongest Factor in 3D VFI Performance

Figure 5-5 shows flow magnitude surface plots and flow vector plots for all straight tube flow
conditions with 6 transmissions and 5° elevational steeringréigb(a)-(d) use an azimuth angle span
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of 75° whereas Figre 5-5(e}-(h) use an azimuth span of 300°. The centerline egesgons along the

y- and zaxes are plotted in each surface plot with the ideal parabolic profile. Fromebi§(a)-(d) it

can be observed that the 75° azimuth span results in uneven velocity magnitudes across the vessel with
many sharp peaks of overestimation and high standard deviations (in theemtiasal profiles). The

vector plots in Figre 5-5(a)-(d) highlight the noruniformity of the estimation with many vecsoout

of alignment with the expected flow direction. In #ig5-5(e)-(h), the velocity magnitudes are much
smoother in every flow condition. The cressctional profiles show smaller standard deviations and
reasonable alignment with the expected parabolic profiles. The vector plotaiia 5g(e)-(h) have

largely aligned vectors in the expected flow direction with the exception of some vectors near the vessel

edges.

Figure 56 shows the same flow magnitude and vector plots with 6 transmissions and an azimuth
span of 300°. Figre 56(a)(d) use 7.5° elevational steering andufab-6(e)-(h) use 10° elevational
steering. In general, the performance of the flow estimation is degraded with the increase in elevational
steering. 10° elevational steering results in an underestimation of the peak flows in the parabolic profiles
and an increse in estimation variance. Consideringufigh-5(e)-(h), which uses the same numbér o
transmissions and azimuth span but with 5° elevation, it caybgerved that the lowest elevational

steering results in the closest matching estimations to the ideal flow profiles.

Figure5-7 again shows the flow magnitude and vector plots but in this case with varying transmission
numbers, a constant azimuth span of 240°, and elevational steering of & F-igfa)-(d) use 3
transmissions for the flow vector calculations andiFéd>7 (e)-(h) use 9 transmissions. The magnitude
of the flow estimates closely follow the expected parabolic profiles in all cases with both humbers of
transmissions. Generally, the 9 transmission cases have smoother profiles (particularly-arighe y

centerline crosssections), lower standard deviations, and better vector alignments.

Figure 5-8(a)-(c) includes error plots for the 2mL/s, 2rdiameter flow condition (this condition
has the maximum peak velocity of all tested cases) and all transmission combinations at 5°, 7.5°, and
10° elevational steering, respectively. In these plots, it caede that the estimation error is strongly
dependent on the azimuth angle span, with low angle spans (e.g. <150°) having much higher error than
larger spans. This observation is in agreement with the results showmiia %ty It is also apparg
that the number of transmissions has a smaller impact on the velocity estimation error than the azimuth

span, which matches the results inufa&b-7 where subtle differences were observed between 3 and 9
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transmissions. The error magnitude at all transmission combinations is the highest with 10° elevational
steering and the lowest with 5° steering as confirmed iaré5(e)-(h) and in Figire5-6. Figure 5-

8 (d)-(f) shows the same results for the 2mL/s, 3.5diameter flow condition (this condition has the
minimum peak velocity of all tested cases). Generally, the results are in close agreement between the
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two flow conditions. A complete table of the RMSE values for all flow conditions and transmission

combinations can beund in Appendix8.
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5.3.2 Axial Flow is the Most Accurately Estimated in Multi-Directional Flow Profiles

Given the results of the parametric sweep in Section 5.3.1, a transmission scheme with low elevational
steering (5°), a wide azimuth angle span (300° span), and -sange number of transmissions (6
transmissions) was selectddhe vector flow profiles for the helix phantom are analyaethree planes

of interest[Figure 59(d)]: one plane with upward flow (negativedection), one plane with
downward flow (positive direction), and one plane with lateral flow (negativeinection). The

upward and dowward slices are placed at the midpoint of the phantom depth. The lateral slice is on
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Figure 5-9 Velocity vectors planes from the helix phantom measured by 3D VRUpagard flow slice, (b)
downward flow slice, (c) lateral flow slice, and (d) approximate locations of the slices in the helix pha

the shallowest portion of the helikigure 5-9(a)-(c) shows the vector plots for each of the planes of
interest respectively. In Fige5-9(a) the vectors near the vessel center have the expected upward flow
component with a strong lateral component in the positidgection. The edges of the vessel have
very strong lateral flow that does not match the expected profile. ingS¢p(b) the vectors are aligned
downward, as expected, with a smaller lateral component thanureBi@(a). Lastly, Figire 5-9(c)

has flowvectors oriented towards the negativdigection but with generally larger magnitudes than in
Figure5-9(a) and (b).

The flow vectorcomponents measured with 3D VFI are compared to the CFD flow components in
Figure 5-10. Figure 5-10(a) contains the upward flow slice with subplots(iii) are the ultrasound
measured components and {{v)) are the CFD components. Of all components, tdeectionflow
is the closest match between ultrasound and CFD. In-toenponent ultrasound map, the magnitude
of the flow is notably less than in CFD, however, the shape of the profile is similar. Conversely, the x
and ycomponentshow significant deviation between the ultrasound and CFDré%gl0(b) contains
the same plots for the downward flow slice. Again, ttemponent has the most resemblance between
ultrasound and CFD, whereas theaxd ycomponents have large differences.ur@pb-10(c) shows
the ultrasound and CFD results for the lateral flow slice. As in the previous slicesdhganent is
in reasonable agreement between ultrasound and CFD. For-t¢benponent, the ultrasound

measurement exceeds the maximum velogityge of the plot and reaches ~20cm/s indicating a
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Figure 5-10 Ultrasound measured and CFD flow vector components on three slices of the helix ph
(a) Upward slice where i) are the x, y, and-zomponents of the ultrasound measured flow vectors
(iv)-(vi) are the x, y, and-zomponents of the CFD flow gwors. (b) Downward slice where (iji) are the
ultrasound components and ()i) are the CFD components. (c) Lateral slice wherdii()) are the
ultrasound components and €if)i) are the CFD components.
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Figure 5-11 Error magnitude of measured velocity vectors compared to CFD for each flow v
component on the (a) upward slice, (b) downward slice, and (c) lateral slice of the helix phantqoiS
(i)-(iii) are the errors of the x, yr@zomponents of the velogitrespectively.

significant overestimation of the flow velocity compared to CFD. In nearly all slices and components,

the magnitude of the flow at the edge of the vessel is higher in ultrasound than in CFD.

Figure 5-11(a)(c) plots the magnitude of the difference between the ultrasound and CFD flow

components for the upward, downward, and lateral slices, respectively. As expected tnab-EQ

all slices have the largest deviations in thand ycomponents of the flow. In most cases, the highest

error in the xand ycomponents is located at the edge of the vessel howeweebid1(c)(ii) also has

high error at the center. The particularly large edge error regionsurebid 1(a)(i)-(ii) correspondad
the high lateral flow velocities observed in the vector plot inuFéh-9(a). The high central error in

Figure 5-11(c)(ii) corresponds to the relatively high vector magnitude in the vector plot ime5g

9(c). Table5-3 lists the RMSE values for all flow components compared to CFD at each of the three
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Table 5-3 Directional error on each of the helix phantom slices.

Slice RMSE x (cm/s) RMSE y (cm/s) RMSE z (cm/s)
Upward 15.7+3.7 16.6+3.4 3.620.1
Downward 8.4+1.4 9.3+1.0 4.4+0.1
Lateral 7.5+0.5 8.9+0.8 1.940.1

slices.The RMSE values highlight the relatively accurate estimates offlbevzomponent. As well

it should be noted that the lateral slice had the most accurate estimates of the lateral flow components.

5.3.3 3D VFI Maps Complex and Dynamic Flows

The same transmission scheme from the helix phantom study was employed in the study of the
aneurysm phantom (i.e. elevation: 5°, azimuth: 0, 60, 120, 180, 240, B¢ 5-1(a)(b) show the

vector flow maps for the inlet and outlet slices of the aneurysm phantom through the cardidteycle.
inlet slice (Movie5-1(a)) shows a flow jet on the right side of the slice (opposite the inlet vessel) prior
to systole and subsequently a flow jet on the left side of the slice from the inlet vessel atFgsiae.
5-12(a) shows a shapshot of MowB€eL(a) at peak systole where the flow jet from the inlet is visible on

the left side of the slice. This snapshot also shows the flow circulation in the aneurysm bulb. The outlet
slice (Movie5-1(b)) indicates that a small flow jet towards the PCA outlet vessel forms prior to systole.
Figure 5-12(b) shows a snapshot of Moviel(b) just before peak systole while the flow jet towards

the PCA outlet is presenthe traces in Figure-52(a)(ii) and (b)(ii}(iii) show the mgnitude of the

flow velocity near the ICA inlet, PCA outlet, and MCA outlet respectively.the trace in Figure-5
12(b)(ii), the first peak corresponds to the flow jet towards the PCA outlet. Shortly afterwards, as can
be seen in Movie-4(b), the flow near the PCA outlet changes direction and another flow jet forms at
systole whiclktorresponds to the second peak in the trace. The MCA outlet (ftthide of the slice)

has more consistent flow towards the outlet across the cardiac cyalee $ig2(b) also highlights

some of the flow separation that occurs on the outlet BBcause ofhe bifurcation of the ICA into

the PCA and MCA.
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Figure 5-12 still frames from the dynamic vector flow in the aneurysm phantom (Metie &) Location
of the imaging planes within the phantom: blue is the inlet plane and green is the outlet plane. (b) (i
profile of the inlet jet and flow recirculation atg@k systole, (ii) velocity magnitude profile where the red |
indicates the time of the still frame. (c) (i) vector profile of the outlet PCA jet and constant outlet MCA
(i) flow magnitude profile at the PCA outlet (note that the second peak imégnitude is the flow directior
reversal seen in Movie-b), (iii) flow magnitude profile at the MCA outlet.
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5.4 Discussion

5.4.1 Statement of Contributions

This study presents a rigorous parametric analysis of transmission schemes for 3guesss VFI

with the objective of optimizing flow velocity estimation accuracy. While several existing works have
demonstrated the feasibility and utility of 3D VFI bothvitro (Holbek et al., 2016, Rossi et al., 2020)

and in vivo(Wigen et al., 2018, Holbek et al., 2@ Holbek et al., 2017, Correia et al., 2016, Correia

et al., 2020) there has been little justification for the choice of transmission scheme. Tinecad
selection of the number of transmissions and their angles may result in poorly tuned schemes which
limit velocity estimation performance. Optimizing the transmission scheme may enable the use of fewer
overall transmissions providing potential gainstle achievable velocity estimation range while
simultaneously increasing the estimation fidelity. The results and analysis presented in this work are
intended to serve as a reference for future 3D VFI developments and are expected to expedite the

applicaton of 3D VFI tools to clinically relevant scenarios.

The parametric sweep presented here studies the effects of azimuthal steering, elevational steering,
and the number of transmissions on the velocity estimation accuraaye 548 provides an overview
of the error trends with respect to each of these three independent variables for the Figapest (
8(a)) and most graduaFigure 5-8(b)) flow profiles studied. Frontigure 5-8 it is clear that the
azimuthal steering has the greatest impact on the flow estimation accuracy (see5fdgor a
gualitative comparison) where larger azimuth angle spans result in lower velocity estimation error.
Figure5-8 also shows that the elevational steering is the second strongest factor in velocity estimation
error (see Figre 5-6 for a qualitative comparison) withlevational steering of producing the most
accurate estimate$he least impactful variable is the numio¢ transmissions which is observed to
cause a subtle error and variance reduction for increased number of transmissions$-igube 8
and Figire 57. Thus, an optimized transmission scheme for 3D4sgisares VFI utilizes the full 360°
range ofazimuthal steering, hdsw elevational steeringand includess many transmissions as is

permissible considering the required velocity estimation limit.

Given the results of the parametric sweep, a transmission scheme was selected to test on multi
directional and dynamic flows in the helix and aneurysm phantoms respectively. This transmission
scheme included six transmissions (effective PRF of 1.67kHz) witleitenal steering to maximize
the imaging depth. An azimuth span of 300° is used which uniformly covers the entire 360° azimuth
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steering rangé€60° spacing) Figure 5-11 shows the error of the flow component estimations across
three slices of the helix phantom compared to CFD. In contrast to the straight tube results, velocity
estimations on the helix phantom have relatively high errors in-thadk ycomponents of thddw
velocity; however, the maximum flow velocity in the helix phantom is just 16.5cm/s which is notably
lower than what was used in the straigitites and may contribute to the discrepancy. Té@naponent

of the véocity is accurately estimated. Furthermore, Mogi& shows the dynamic flow mapping
capabilities of 3D VFI on the aneurysm model. The flow profile near the inlet of the aneurysm closely
matches that of the pump output providing an indication that the velocities are being reasonably well
estimated. On botthe inlet and outlet planes in Moviel, the flows aranot only dynamic but also
multi-directional containing strong -Hplane and oubf-plane components. Certainly, these multi
directional, dynamic floe components emphasize the advantage in 3D VFI methods that capture

complete flow profiles compared to the limited planar flow estimations of 2D VFI.

5.4.2 Summative Interpretation of Findings

Overall, this investigation has demonstrated the criticality of selecting an appropriate transmission
scheme for 3D leastquares VFI to ensure reliable flow vector estimations. Specifically, the azimuth
angles of the transmissions are found to be the foremadsatod of velocity estimation accuracy. In

all 3D VFI transmission schemes, the azimuth angles should cover as much of the full 360° range as
possible. An importamotethat can be observed in kig 5-8, is that the phrasing
argle span is not always appropriate. Indeed, with three transmissions at azimuth spans >240° a notable
increase in estimation error is observed compared to a span of 240°. This error stems from the spacing
between the final and initial azimuth angles whimdyond the 240° span, begins to decrease since the
angles are no longer equally spaced when thefiia@litial wraparound is considered. Thus, it is more
appropriate to state that high azimuth spans up to the compledguaalty spacedampling of the360°

range are favorable. At minimum the azimuth angle span should cover a rartfg0dfto ensure

reasonable vector estimations.

Therelationship between elevational steering and velocity estimation error in this study indicates
that lower elevation angles produce more accurate estimates. However, this result is seemingly
contradictory to the results of a similar study for 2D YFiu & Yu, 2016) where larger elevational
steering ranges reduced error and variance of the velocity estimates. This discrepancy is likely to be a

direct result of the small aperture size of the density tapered spiral array. dsgjeasts VFI, both 2D
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and 3D, velocity estimates are only obtainable in the imaging areas where all transmitted beams
overlap. Consequently, elevational steering limits both the width and depth of this overlapping area. In
2D ultrasound, where arrays are seveegitimetersn length, the impact of elevational steering on the

beam overlap area is modest. In 3D ultrasound, on the other hand, the small array apertures severely
limit the overlapping region. For example, with a 1cm array apeftypical of 2D matrix probesgnd

1 elevational steering, two oppositely steered plane waves have a lateral beamvaidénlapjust

3.3mm at a depth of 20mmBy ~29mm depththe overlapping region is completely pinched off. Given

that the effective aperture of the density tapered spiral array is just 6mm, because of the density tapering,
the overlapping region is even mdimited. Even with 5° elevational steering, 3D lesgtiares VFI

with small aperture arrays is limited to only the most superficial peripheral vasculature.

In terms of transmission numbers, our results indicate that velocity estimation error is only
marginally reduced with the additimf transmissions. Assuredly, the more important impact of the
transmission count is instead the limitation of the velocity estimation range imposed by the effective
PRF (true PRF divided by the number of transmissions in a scheme). Considering the deett trad
in error reduction and velocity estimation range, the number of transmissions will most certainly be
selected basedn the predicted velocity range of the underlying flow rather than the relatively small
decrease in error. Nonetheless, it is advantageous to use the maximum number of transmissions

permissible by the underlying flow to obtain the most accurate and beésle velocity estimation.

Thehelix phantom experiment necessitated the consideration of thisadffegsiece the vertical flow
components are prone to aliasing at relatively low velocities. With the transmission scheme selected,
the vertical flows were in fact accurately estimatedeialtwith some underestimation. This
underestimation is not unexpected given the nature omgsn velocity estimator used prior to the
leastsquares vector calculation. Yet, the horizontal flow components in the helix suffered from
significant estimabn errors relative to the peak flow velocity (seeufigb-11 and Table5-3). As
mentioned previously, a likely contributor to this elevated error is the slow velocity present in the helix
phantom. Moreover, the limited elevational steering is also undoubtedly a factor; with just 5°
elevational steering, the correct estimation of slow lateral flows is challenging given the very high
beamflow angle 0 [ see eTpkea with hexres(It of th¢ traight tube phantoms, which
accurately captured fastmoving flows with low elevational steering, it indeed seems likely that that
the elevated error in the helix phantom is a result of the underlying flow condition. This result is again

related to the aperture size of the probe and the consequent dimitditusable elevation angles.
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However, it should be noted that many peripheral vascular applications exist within the combined
shallow depth and modest velocity estimation ranges of the optimized scheme on a small aperture probe
(e.g. carotid artery, brachial artery, etc.).

Given the high velocities observed in the aneurysm phantom, and the close resemblance of the
velocity profile to that of the pump, it is assumed that the dynamic flow being estimated is reasonably
accurate. Yet, the complex flow conditions here are challenginiiyeéctly compare to CFD and are
thus left unvalidated. Furthermore, it is not possible to accurately quantify such flows with 2D
ultrasound methods given the dynamic shifts betweeplane and oubf-plane flows. These
limitations of CFD and 2D thdasound techniques further highlight the inherent need for 3D VFI
methodologies to be optimized for accuracy and reliability. The complex flow dynamics in the
aneurysm phantom are, even still, a simplified model of true in vivo dynamics. Such compkex flow
require optimized transmission schemes that effectively and efficiently sample the flow region while

balancing the tradeffs between accuracy and estimation range.

5.4.3 Limitations and Future Work

The mostrucial limitation of this work, as stated repeatedly, is the small aperture of the density tapered
spiral array which limits the functional elevation steering range, velocity estimation depth, and the
estimation accuracy of slow lateral flows. Largeraapertures would likely enable larger elevational
steering without seeing the same degradation in performance as observed in this study. It is important
to note, however, that this limitation is not specific to the density tapered spiral aapgrages of

just 1cm are common amongst sparse and fully addressed 2D arrays in lifergtuPetrusca et al.,
(2018)] Row-column addressed arrays often have larger apertures, but such arrays are limited to
steering only along the-»and yaxes(only 4 possible azimuth steering angl8auvage et al., 2018

More recently, a novel large aperture sparse array has been developed called tlragdiesoumi

et al., 2023)which allows full 3D steering anchaintains a lowchannel count for portable aging.
Alternatively, to improve the lateral velocity estimation performance on slow flows, other velocity
imaging algorithms such as transverse oscillations could be employed. TO are known to have excellent
lateral estimation performance but tend to laseuracy when axial flow components are present such

as in the helix phantoifPihl & Jensen, 2014, Pihl et al., 2014).

Anotherlimitation of this work is the low SNR of the density tapered spiral array which necessitated

theuseof low attenuation and limited backscattering phantoms as well as microbubble contrast agents.
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Both the low attenuation and contrast agents could potentially impact the frequency characteristics of
the received transmissions in this study. Tissue attenuation causediaenomeduction in signal
amplitude that is proportional to the frequency. ldwer, given the shallow imaging depths of this
study it is not believed that the lack of attenuation had a perceivable impact on the received frequency
spectra. Microbubble contrast agents can result in spectral broadening compared to the transmitted
signd which may have had a modest impact on the variance of the mean frequency estimation. But
perhaps more importantly is the lack of backscattering from the tissue mimics. Without backscattering,
the results of this study are uninhibited by tissue cluttéclwimay have enhanced the performance.

Yet, this study still implemented clutter filtering to mitigate the differences between these results and

results with a higher SNR probe and tissue clutter.

Fromthe results and analysis presented in this work, there are some research directions which should
be further investigated. The first is to test the performance of larger elevational steering on larger
aperture 2D arrays. As mentioned above, it is posdilalethe negative effects seen with increased
elevational steering are a direct result of the array aperture and not the steering itself. Furthermore,
larger arrays will provide additional performance benefits such as increasing the imaging viemgenabli
the capture of larger vessels. An additional research direction is towards the enhanced validation of 3D
VFI studies. While this work leveraged CFD and clinical ultrasound for validation, it was not feasible
to validate the complex flow of the aneurypimantom. To this end, it is possible to employ particle
image velocimetry (PI1V) to measurec8Bmponent flow on 2D planes or even full volumednponent
flow. Finally, research on intuitive 3D vector visualization strategies will prove invaluable as 3D VFI
is advanced and more complex in vivo scenarios are captured. Truly, without clear and interpretable

visualizations it is unlikely that clinicians will readily adopt these advanced and valuable techniques.

5.5 Conclusions

To capture the true 3D nature of hemodynamics, clinicians do not currently have a bedside
measurement tool; however, with recent advances in 3D ultrasound VFI this critical limitation may be
changing. Towards that end, this study has shown a transmissionesopé&mization for ultrasound
leastsquares 3D VFI with the objective of minimizing velocity estimation error. This work has
demonstrated that, with informed selections of azimuth angles, elevation angles, and the number of
transmissions, accurate 3[dw estimations on a portable research scanner are possible. Future works

leveraging leassquares 3D VFI can now be performed without ad hoc transmission scheme selection
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and previously performed experiments can be vetted for potential improvements. Additionally, given
the relative importance of azimuth angle steering compared to the other parameters, considerations in
probe and scanner designs to facilitate full 360° stgecapabilities should not be overlooked.
Considering the recent rate of advancement in 3D ultrasound research, including both hardware and
software innovations, the coming years may see 3D VFI become a frequent contributor to sindies of

vivo hemodynatrits and clinical diagnostics.
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Chapter 6
A Vol umetric Blood FIl ow Estimati on

Ultrasound System

6.1 Introduction

In freeflap reconstructive surgeries, there is a high rate ofguastative complications and a modest
rate of total flap failuregPohlenz er al., 2012, Kwok & Agarwal, 2017, Bennett et al., 2018, Rose &
Puckett, 2023jnany of which are related to the vascular function of the flap. Vascular complications
include venous or arterial thrombosis, venous congestion, and major bleeding but otbechigénce
complications, such as fat necrosis, have also been linked ¢olasafunction(Lee & Mun, 2016)
Complications, depending on severity, and flap failures generally require surgeehménation,
repair, or replacement of the donor tisgevok & Agarwal, 2017)resulting in extended ICU stays

and signifcant risks to the patient. Therefore, the monitoring of vascular function (both arterial inflow
and venous outflow) is critical to identify complications as early as possible to prevent extensive

damage and minimize hospitalization time.

Despitethe clinical importance of posiperative vascular monitoring of free flaps, there is currently
no standardized measurement protocol for the flap vascular furiagado et al., 2009As such
there are a wide range of methods used at different institutions ranging from simple visual examination
and temperature measurementphmtoplethysmogramsPPG) and Doppler pengSalgado et al.,
2009) However, the existing methods are limited to identifying the presence of flow and not
guantifying the amunt, thus rendering them unable to detect small changes in flow which could
indicate an impending complication. Ultrasound imaging presents a promisingofoare solution
to monitor the posbperative blood flow in free flaps, however currgbtclinical methods are not able

to reliably quantify the volumetric flow through the vasculature.

SinceVBF measurements are inherently 3D, multiple 2D ultrasound scans are required to perform
the calculation, opening the door for operator error and repeatability problems. Naturally, 3D ultrasound
is better suited to calculating VBF accurately by levera@idg/FI methods. However, 3D ultrasound
is in a relatively early stage of development and is hindered by high data rates making its
implementation on a portable, poiftcare system a significant challenge. While solutions such as

sparse arrays (a®@wn in Chapters4 and5) enable the use of benchtop ultrasound systems for 3D
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imaging, many do not currently have the SNR requiredhfeivoblood flow measurements, even with
signal enhancement methods such as coded excitations (as sh@vapiar3). Higher SNR solutions
being used presently in research often compromise steerability (in the case pHBIG&k et al.,
2016, require bulky and neportable equipment (fully populated arragorreia et al., 2016, Holbek
et al., 2017a, Holbek et al., 2017b, Correia et al., R020have a lack of programmability (miero
beamforming Savord, 2000

In thiswork, we present a 3D ultrasound VBF measurement framework on a benchtop ultrasound
scanner by leveraging a fully populated matrix array ahdeteive multiplexing. The fully populated
transducer array can achieve high enough SNRs for reliable in vivo blood flow measurements, while
the 4x1 receive multiplexing limits the acquisition data rates to a level manageable by a benchtop
ultrasound scarer. The methodology for VBF calculations is based in the 3D VFI mefiredented
in Chapter 5and is véidated on both straight tube and tortuauitro flow conditions. Finally, the
VBF estimation framework is applied for vivo VBF estimation on the brachial artery to highlight its
applicability for clinical applications including the vascular monitoring of free flaps post reconstructive

surgery.

6.2 Methods

VBF is defined as the surface integral of blood flow flux through a closed-seati®n of a vessel. To
compute VBF, just two quantities are required: 1) the velocity of the blood normal to the closed vessel
crosssection(i.e. flux), and 2) the area of the closed vessel esession. With ultrasound 3D VFI,

these values can be simultaneously acquired. Since 3D VFI outputs the completeoBipadient

flow profile within the imaging region, the flux vectors through a vessel in aeytation can be
extracted. Additionally, assuming the imaging region is large enough to contain the entire vessel width,
the closed vessel crasection can be identified and segmented. The calculation of VBF from these

guantities is simply the numerical integration of thex fhwer the segmented cressction.

The VBF estimation framework used in this work is composed of three key steps: 1)sidger
transmitreceive sequendéigure 61(a)], 2) a 3D leassquares VFI pipelingFigure 6-1(b)], and 3)
VBF estimation from 3D VF[Figure 61(c)].
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Figure 6-1 Schematic of the transmission scheme and VBF estimation pipeline. (a) Traasenie
sequence: All elements are used in each transmit event areletBénts are used in each receive even
bank per receive event). The same transmit must be repeatetinfies to acquire receive signal on ¢
elements. (b) 3D VFI processing pipeline: received channel data from each array bank are combine
single RF frame for beamforming; the spacing between RF frames is thus 4*PRI. Each RF data 1
beamformd at three different receive steering angles and processed through a mean velocity e:
yielding three velocity estimation volumes per RF frame. The three velocity estimation volumes at di
receive angles are passed to a 3D VFI estimator. Tipeitis one vector flow volume per RF frame. (c) VE
estimation: Vessel lumens in therBode volumes are manually segmented and converted to binary
the masks are applied to the vector volumes and the flow component normal to the clossectimrssf
the vessel are extracted. The VBF can be estimated at each slice of the volume with a clesedtimossy
integrating the normal flow component.

6.2.1 Imaging Sequence and Methods

The first stage of the VBF estimation framework is the 3D ultrasound data acquisition which was

performed using a fully populated 2D matrix array with 1024 active transducer elements (Vermon,
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Tours, France). This transducer arcaysists of four equally sized banks of elements that contain 256
elements each. The banks arby832 elements and have a one element width gap row between each
bank for interconnecting electronigsee Figire 6-2(a)]. The gap rows are parallel to theaxis of the
array.While all elements of the array are intended to produce equal outputs, there is some variability

in the performance that is demonstrated iruré@-2(b) and (c) which shows the voltages measured at

each element. The lower voltage elements are assumed to produce lower transmit pressures and have
lower receive sensitivity.

The 2D matrix array is connected to a US4R research ultrasound scanner (US4US Ltd., Warsaw,
Poland) which is a benchtop system capable of ‘H@dhent transmissions but is limited to 256
element reception. Therefore, to acquire data from the entire 2D mayx(ae. all 1024 elements)
the array must repeat the same transmission four times with a reception on a different element bank
each time (see FHige 61(a) for a schematic of the TRx scheme). To form images from data acquired
by the matrix arraythe received signals at the four banks are used together as though they were
collected simultaneously. This process yields an effective imaging PRF that is decimated by a factor of
four compared to the true transmission rate. In this study, plane wagenisaiong6MHz center
frequency 5-cycle pulse (in vitro), ycle pulse (in vivg)rectangular apodizatipare used with a PRI
of 1.5e4s (PRF = 6.67kHz). This yields an effective imaging PRF of 1.6Tkélz5.67kHz/4)

The use of benchtop imaging hardwaaad 4:1 receive multiplexingh this work puts a strong
limitation on theeffective PRF and, in turn, the velocity estimation limits. In particular, the use of

multi-angle transmissions for the calculation of 3D flow vectors is not feasible since the effective

a) Matrix Probe Layout b) Element Response c) Element Response
(Gap rows omitted)
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Figure 6-2 Schematic and voltages of the 2D matrix array. (a) Array layout containing four 8x32 ele
banks with a 1 element space betwbanks. (b) Element response when a constant activation voltage
applied (gap rows are omitted from the layout). (c) Element response on a scatter plot.
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imaging PRF would be further decimated by the number of afige6.67kHz/(4)]. Therefore, this
framework utilizes a single transmission angle and multiple receive angles. Receive steering is
performed during pogtrocessing in the DAS beamformer and has no effect on the data acquisition and
subsequent velocity estimation limits.this study, three receive steering angles are used. The receive
steering angles were chosen according to the results on transmit steering in the previous chapter: 5°
elevatonal steering and equally spaced azimuthal steering covering tHz6@ilrange (i.e. 0, 120,

240°).

6.2.2 VBF Estimation Algorithm

Oncethe data is acquired, steps 2) and 3) of the framework (namely 3D least squares VFI and VBF
estimation, respectively), are performed offline in Matlab (Mébhks). The 3D least squares VFI
estimation pipelingédepicted in Figre 6-1(b)] begins with the channelomain RF data from all 1024

array elements (i.e. from four consecutive trangettive cycles). This databsndpass filtered (FIR;
passband5.5-6.5MHz) and therpassed to a GRbasedDAS beamformemodified for 3D imaging

(Yiu et al., 2011)The Fnumber used in the beamformer was 1.5 in all cdsementioned above, the
beamformer performs receive steering on the RF data westlits in a set of Blode volumes for

each receive steering angle. The images are then clutter fi{felledstopband: ~10Hzand passed
through a lagpne autocorrelator (ensemble length: 64 frames) resulting in the vedstitgation
volumes for each steering direction. Finally, a lesagtares 3D VFI estimator converts the maittgled

velocity estimates into a single set of flow vector volumes Gdepter For algorithmic details).

With the velocity vectors computed, the VBF can be estimated by integrating the flux over a closed
crosssection of the vess@dlepicted in Figre 6-1(c)]. In this study, the vessel lumens are segmented
manually on the Bnode images and the size of the segmented region is validated using a clinical
ultrasound scanner (GE Venue Gk Healthcarpand an B-12t transducer (GE Healthcare). The
segmentation map is applied to the flow vector volumes with all vectors outside of the lumen region
being set to zerd=rom the vessel segmentation, a plane in the imaging volume that contains a closed
vessel crossection can be selected. The vector component normal to the selected plane can be
extracted and numerically integrated over the segmented region on theopjéaid &t VBF estimate.

In this work, multiple adjacent planes are used to obtapratialaverage VBF estimate.
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6.2.3 Experimental Methods

To study the performance of the VBF estimation framework, four experimental flow scenarios were
used: 1) constant flow in a straight tube, 2) pulsatile flow in a straight tube, 3) constant flow in a helical
toroid phantom, and 4h vivo flow in a brachial artery. The straight tube experiment with constant
flow is used to assess the baseline accuracy of the VBF estimation framework at different flow rates.
The pulsatile flow experiment assesses the ability of the framework to trackamnyiag flows. The

helical toroid phantom enables the validation of the VBF estimation on-didttional flows. Finally,

the in vivo experiment demonstrates the potential of this work for future use in clinical studies.

6.2.3.1 Straight Tube Constant Flow

A walled PVA phantom with an ID of 3.5mm was imaged in water. The phantom was fabricated with
a previously described protog@hee et al., 2016BMF was pumped at volumetric flow rates of 1, 2,

and 3mL/s by a programmable flow puthpo et al., 2017fonnected to the inlet of the straight tube.

The outlet of the tube was routed back to the pump reservoir. Both the inlet and outlet of the phantom

were connected to the pump via flexible vinyl tubing.

At each flow rate, imaging was performed with the probe in two orientations: first, withakis y
of the probe parallel to the vessel and then with th&ig of the probe parallel to the vessel. Testing
the VBF estimation framework performance in bottewtations is essential given the naomiform
layout of the 2D matrix array with respect to its lateral gee® Figure €(a)]. In each probe
orientation, the transmit beam was stekaiong the flow direction with 5° elevation. That is, when the
y-axis of the probe was aligned with the vessel the transmit steering was 5° in elevation and 90° in
azimuth and when the-axis of the probe was aligned with the vessel the transmit steering was 5°
elevation and 0° azimuth. In each case, the estimated VBFomgzaced directly to the programmed
output of the pump.

6.2.3.2 Straight Tube Pulsatile Flow

The pulsatile flow experiment used the same walled PVA phantom and flow pump. The pump was
programmed to output a carotid pulse profile with a peak systolic flow rate of 2mL/s and a pulse rate
of 60bpm. Imaging was performed with theayis of the probe parall to the vessebnd the

transmission steered 5° in elevation and 90° in azinfiith measured VBF profile was compared to a
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Doppler spectrogram acquired from a clinical ultrasound scd@teVenue Go, GE Healthcare) and
an L412t transducer (GE Healthca@) the same experimental setup.

6.2.3.3 Helical Toroid Constant Flow

The helical toroid phantom used in this study was previously developed for the investigation of 3D
flow imaging methods and was fabricated here using its original profGtae et al.2021) The
geometry of the phantom, which produces oulirectional 3D flow profiles, is shown in Rige 6-3.

The programmable flow pump was connected to the inlet of the toroid phantom and was set to output
a constant 1mL/s flow. Since the phantom spans a 3.4x3.4cm lateral area, multiple acquisitions were
required to capter the flows in each of the four loops of the vessel. The probe was kept in the same
orientation with respect to the phantom in all acquisitions and was laterally translated to image different

regions.

6.2.3.4 In Vivo Flow in a Brachial Artery

An in vivo proof-of-concept experiment was conducted on the brachial artery of a healthy volunteer

(28 years of age, female) with ethiapproval (#22794) fronthe institutional review board. The

volunteer was asked to rest in a seated position for 10 minutes prior to the data acquisition. During the
acqui sition, the volunteero6s |l eft arm was posit
extension athe elbow, the palm supinated, and resting on a flat surface. The first acquisition was
performed using the research imaging system and the 2D matrix array. The probe was oriented with the
x-axis parallel to the brachial artery and positioned approximataiy distal to the elbownd 25mm

proximal to the brachial bifurcatiomhere the brachial artery was found to5&nm deep and slightly

descending. After data acquisition, the location of thex@ilxixarray was markedn t he v ol unt e

Outlet  6mm

™, 5mm

Figure 6-3 Schematic of the helical toroid phantom from a top view (left), end view (center), and sidt
view (right)
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arm Then,theclinical scanner was used to measure the longitudinal plane of the brachial artery with

the transducer centered on the mark placed during the first scan.

6.3 Results

6.3.1 Constant Straight Tube VBF is Precisely Estimated with an Offset from the True

Value

The straight tube, constant floWBF estimates in each probe orientateme presented in Tablel6

For each flow rate and orientation, the VBF was calculatedeven image plandsotal range of

1.1mm)centered below thprobe and averagedihe estimates were also temporally averaged over 1s

of the acquisitionThe results show a consistent estimation error between flow rates in each flow

orientation; however, the errors vary significantly between the two orientations. Witraie of the

probe para#l to the flow, the VBF is underestimated by ~40% on average. Withakis pf the probe

parallel to the flow, the VBF is overestimated by ~11% on average. These results suggest that the gap

rows in the array layout [see Figure@)] impact the perforance of the VBF estimation.

6.3.2 Estimated Pulsatile VBF Profile Aligns with the Clinical Velocity Profile

Figure 6-4 shows theesults from the straight tube pulsatile flow experiméatin the constant flow

study, the VBF was calculated on seven image planes centered below the probe and &vguaged.

6-4(a) is theDoppler spectrogram from the clinical ultrasound scanmer Rigure 64(b) is the

estimated VBF profile measured from 3D VFI. The two profiles have similar landmark features, notably

the presystolic peaksystolic peak, and dicrotic notch. The timings of these landmarks are noted in red

in eachplot and, relative to the systolic peak, are generally well aligned between the two measurements.

The dicrotic notch, however, does occur later in the clinical scanner spectrogram than in the VBF

Table 6-1 VBF measurement results from straight tube experiments

X-Direction Flow

Y-Direction Flow

True Value VBF Estimate Error (%) True Value VBF Estimate Error (%)
(mL/s) (mL/s) (mL/s) (mL/s)
-1 -0.51+0.07 -49.4 1 1.12+0.11 12.1
-2 -1.24+0.10 -38.0 2 2.19+0.18 9.7
-3 -1.90+0.13 -36.6 3 3.37+0.31 125
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Figure 6-4 in vitro carotid pulse from (a) a clinical ultrasound scanner Doppler spectrogram and (b) -
VBF estimation framework (black linemean, grey shaded area1SD). Red annotations mark key poin
of the cardiac cycle on each plot as measured from time = Os ptotheNote that time = 0s between (a)
and (b) are not exactly aligned.

profile. Additionally, the dicrotic notch is much deeper in the VBF plot. During diastole, the flow signal
is weak resulting in noisy VBF estimates that are not seen in the clinical scanner. This is expected given

the higher SNR of the clinical scanner quared to the higlvolumerate 3D VFI system.

Quantitatively,the VBF measured from the 3D ultrasound framework agrees with that from the
clinical scanner. From the 3D ultrasound system, the peak systolic VBF is measured to be
1.35+0.04mL/s. In the Doppler spectrogram, the peak systolic velocity is recorded as86:bin,
considering the inner diameters of the phantom (axial: 3.5mm, lateral: 3.1mm), converts to an
approximate VBF of 1.56mL/s if the flow is assumed to be paraliihielly, the standard deviation
of VBF estimate is very low acrodset pulse cycle indicating that there is little spatial variation in the

estimates across the central image planes.

6.3.3 Multi-Directional VBF is Well-Estimated at Shallow Depths

Flow in the helical toroid phantom was estimated in each of the four phantom loops according to the
slices shown in Figre6-5. VBF estimates were calculated over a single image slice and averaged over
1s of the acquisitionThe VBF estimates at each slice and their corresponding measurement depths are
reported in Tabl®-2. It is observed that the VBF estimates on many slices have errors below 20% of
the expected VBF, however, other slices are found to have much higher errors. To visualize this
dichotomy the VBF estimatiorerroron each slice is plotted against the depth of measurementeFig

6-6. Here, it becomes clear that the slices with high error are exclusively the lateral VBF estimates (x
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and ydirection) at high depths in the phantom (i.e. on the bottom segments of the toroid loops).
Meanwhile, the direction VBF estimates as well as the shallow lateral estimates have less than 20%
error.

Figure 6-5 Approximate measurement plane locations on the helical toroid phantom. Blue indicate
measurements in the-direction, red indicates measurements in thdirgction, and green indicate
measurements in thedirection. Probe xand yaxes orientationare indicated in the top left.

Table 6-2 VBF measurement results from the helical toroid phantom experiments

Slice Flow True Value | VBF Estimate Error (%) Depth (mm)
Number Component (mL/s) (mL/s)
1 Y 1 0.35+0.08 -64.8 325
2 X 1 0.85+0.09 -15.5 235
3 z -1 -0.99+0.03 -1.0 26.8
4 Y 1 0.84+0.12 -15.7 22.7
5 Y 1 0.87+0.13 -13.3 22.2
6 4 1 0.85+0.02 -14.6 27.4
7 Y -1 -0.40+0.20 -59.6 29.5
8 z -1 -0.92+0.02 -8.1 27.4
9 X -1 -0.97+0.11 -2.8 23.0
10 X 1 -0.01+0.07 -101.4 30.7
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6.3.4In Vivo Volumetric Flows Agree with the Clinical Velocity Profile

The results from thim vivoimplementation of the VBF framework are presented in FigufeFdgure

6-7(a) shows the clinical #hode image of the brachial artery in the longitudinal view at a depth of
~5mm. Figure &7(b) shows the Doppler spectrogram acquired at the location iRigare 67(c)
presents the estimated VBF profile from the 3D ultrasound frameWuoiditatively, the two profiles

are similar in shape with sharp systolic peaks and pronounced dicrotic waves. The Doppler spectrogram
indicates that some bet:-beat variaility is present which could impact the comparison of the profiles

to some extent. Additionally, approximately 5 minutes was required to switch from the 3D ultrasound
system to the clinical system which resulted in a ~10bpm difference in heart rate rbé¢theee
measurements. The peak systolic VBF measured in with the 3D ultrasound system is 2.84+0.56mL/s.
With the clinical scanner, the peak systolic velocity is 80.6cm/s which, given the measured inner
diameter of 2.96mm, converts to a VBF of 2.77mL/s assgrttie flow profile is parabolic.

6.4 Discussion

6.4.1 Statement of Contributions

This work presents a VBF estimation framework based on 3D VFI methodologies that enables
repeatable VBF measurements on a portable ultrasound system. By leveragingpapuliated 2D
matrix array, the system SNR was sufficient to obitaivivo VBF estimates with a single plane wave

e Xx-slices
1 . o y-slices

e Zz-slices
0.8

0.6 L

Absolute Error (mL/s)
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22 24 26 28 30 32 34
Depth (mm)

Figure 6-6 Error of VBF measurements in the helical toroid phantom versus measurement depth. X
direction measurements are marked in bludirgction in red, and-direction in green.
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Figure 6-7 Measurements of tha vivobrachial artery flow. (a) Clinical Bnode image of the brachial
artery in the longitudinal view, (b) Clinical scanner Doppler spectrogram, (c) estimation profile from t
VBF framework.
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transmission. To the best of our knowledge, this is the first work that demonstrates VBF measurements
from a single plane wave transmission angle thereby maximizing the velocity estimation limit before
the onset of aliasing. Yet, despite the numerousiegistorks with the same 2D matrix arreyr 3D

flow imaging (Provost et al., 2014, Correia et al., 2016, Holbek et al., 201dlbek et al., 2013,

Correia et al., 2020}he axisdependent architecture of the array necessitated the investigation of VBF
estimation performance along different flow directions. Certainly, the accuracy of any VBF estimation
tool must be rigorously tested and calibrated on a range of scenarios prior to any application for clinical

blood flow monitoring

This study demonstrates the precision of VBF estimations when 3D VFI is leveraged for the
calculation. Tablé-1 shows the VBF estimations for different flow rates and probe orientations. Here
it is observed that both the xand ydirections have a significant, but consistent, offset from the
underlying true flow value. When the flow is aligned with thaxys of tte array it is more accurately
estimated than along theaxis indicatingthat the array architecture has an impact on the VBF
estimations. Wittpulsatile flow, shown in Figre 64, the estimated VBF profile matches the Doppler
spectrogram acquired from a clinical scanner. This result indicates that, while there may be an offset
between the estimated and true VBF, estimating VBF from 3D VFI entigesliable acquisition of
time varying VBF profiles. When tested on muiiectional flows, as shown in Tabte2, the VBF
estimation framework demonstrated good performance regardless of flow direction. Hawever,
performance on lateral flows wasveeely degraded at higher depthgith the current limitations in
probeaperture sizes and in turn elevational steering, accurately resolving lateral velocities at depths

greater than ~25mm is challenging.

Finally, the VBF estimatioriramework was tested on amvivo flow to demonstrate the feasibility

of its application to future clinical scenarios. lig6-7 shows the comparison between the estimated
VBF profile and a Doppler spectrogram from a clineednner on a brachial artery. As in thevitro

pulsatile flow study, the shape of the VBF estimation generally matches the Doppler spectrogram.
However, there may be an offset between the measured VBF values and the true underlying flow that
cannot be dectly assessed in an vivo experiment. Again, there is a strong need for rigorous
calibration of the VBF estimation framework prior to clinical application. Nevertheles#) theo

results show the substantial potential for reliable VBF measurements to move to the clinic in the coming

years including for the vascular monitoring of free flaps.
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6.4.2 Summative Interpretation of Findings

Generally,this work has shown the promise in deriving VBF estimations from 3D VFI, but the
criticality of characterizing both the axis dependence of the results and the offset from the true flow
value cannot be understated. The axis dependence shown in the constant flow straight tube results
(Table6-1) is an indication that the gap rows in the array layout have a strong effect on the 3D VFI and
consequentlyVBF estimates. Further, the voltage map of the elempresénted in Figre 6-2) shows

that the ptential impact of the gap rows extends beyond the single line eactore elements and

lowers the responsiveness of the surrounding rows as well. This fact may result in greater than expected
secondary lobe levels or a naniform main beam profile thatould alter the velocity estimates (as
discussed irChaptes 4 and §. The results on muHiirectional flows, however, indicate that the x
direction performance is not unanimously poor as indicated by the straight tube results. Instead, it seems
as thouglthe performance is spatially dependent which is further evidence of a potentialipifam

beam profile or high side lobe levels. Regardless, if the spatial and directional dependence of the results
can be characterized, calibration of the VBF estiomframework may be possible to mitigate the

resulting errors.

The pulsatile flow results presented here highlight a new VBF estimation capability from 3D VFI
that would be timeonsuming and inaccurate if performed manually from 2D ultrasound scans. Indeed,
the hightemporal resolution of 3D VFI enables hundreds or @éliensands of VBF estimations per
pulse cycle. This resolution enables more accurate estimates of VBF during key points of the cardiac
cycle (e.g. peak systole) with minimal temporal averaging. While suchrésodved measurements
may not be criticali peripheral vascular assessments, they pose a unique opportunity for the

assessment of more complex and dynamic flows in the future (e.g. cardiac).

Finally, thein vivo proof of concept on the brachial artery shows that reliable VBF estimation may
soon be ready for wider clinical studies and eventual translation. The SNR of thehigierate 3D
ultrasound system used in this study is sufficient for the acquisitionw¥o flows and its live 3D
imaging mode enables navigation to the desired measurement location. Additionally, the use of a
portable research ultrasound system in this work is critical to its extension to future clinical research.
In the case of vascular monitoring of free flaps post reconstructive surgery, VBF measurements must
be performed at the bedside since the patients are typically kept in critical care wards for multiple days
after surgery. Therefore, any practical VBF measergnsolution must be, at minimum, a ehased

t ool t hat can be readily moved to a patientéoés
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workflow. Indeed, the portability of the 3D ultrasound system used in this work is of critical importance
and sets it apart from many previous works on large scale sy&@emsia et al., 2016;lolbeket al.,
2017, Holbek et al., 2013, Correia et al., 2020)

6.4.3 Limitations and Future Work

While this work has demonstrated the precision of VBF estimations from 3D VFI, it has also shown
that the current method lacks accuracy. The errors introduced into the VBF estimation likely stem from
many factors which should be thoroughly and independentlstigeded. The first factor, as indicated
above, is the beam profile from the 2D matrix array. Given theoiationally symmetric array layout,

it is likely that the spatial and ax@ependent changes in the VBF estimations are a result of the gap
rows in the array; especially considering that axis independent 3D VFI performance was demonstrated
in Chapter5 with a radially uniform array. Thus, it is critical that a thorough field profile study is
performed on the 2D matrix array to assess both the main beam uniformity and the secondary lobe
levels (such as was performed on the spiral arrayhispter4). Additionally, if higher SNR sparse

arrays are developed that can effectively perfarnaivo acquisitions (see Section 4.4.8) may be
possible touse a radially uniform array such as the density tapered spiral array instead of a fully
populated array for VBF measurements. Not only would this alleviate theepéndent performance

found in this study, but it would also eliminate the need fordcgive multiplexing.

Thesecond factor that may be introducing error into the VBF estimation is the vessel segmentation.
Naturally, accurate vessel segmentation is critical to achieving accurate VBF estimations, but, with the
image quality available in 3D higiblumerate imagingit is exceedingly challenging. In this work the
vessels were manually segmented and compared to cliniocabd® measurements, however, this
process is time consuming and operator dependent making it impractical in a larger clinical research
setting. Certily, for this VBF estimation framework to be applicable in a broad context a reliable,
automatic vessel segmentation pipeline must be implemented. Such a pipeline could leverage recent
advances in machine learnibgsed ultrasound image segmentafMishra et al., 209, Azzopardi et
al., 2020, Dong et al., 2021Moreover, the vessel segmentation should also account for changes in
vessel diameter throughout the cardiac cycle (which was not done in this work) to further increase the

VBF estimation accuracy

A third factor creating error in the VBF estimates is the effect of the clutter filter. While suppressing

the vessel wall signal is essential for the accurate estimation of flows within the vessel, it is well known
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that clutter filtering hinders the estimation of low velocity flows. In this work, a simple FIRg#gh

filter was implemented to remove signals with low Doppler frequencies, however, some of these signals
were undoubtably from blood flow near the vessells. In the future, the application of more
sophisticated clutter filtering techniques such asrelpsed filtergYu & Lovstakken, 201Pmayhelp

to retain the low velocity blood flow signals while sufficiently suppressing the tissue clutter.

Asidefrom factors listed above, it is also true that the fiimies repetition of the transmit sequence
is a limitation of the VBF estimation framework presented here. This repetition strongly limits the
ability of this framework to accurately estimate highoedtly flows due to the early onset of aliasing
with such low achievable PRFs. However, the use of four scanners simultaneously (as is being tested
in many research settings) is not seen as a practical solution to this problem since the size of such a
system makes it unusable in the clinic. Alternatively, using advanced techniques to increase the velocity
estimation range (such as ChiVE presentedCirapter3) may be more suitable. However, the
limitations of the ultrasound scanner itself must be considered in the implementation (e.g. many
scanners cannot produce chirps). Additionally, novel machine learning technmudsbe used to
artificially increase the PRF in pegtocessing whictwould increase the velocity estimation range
without making anyghanges to the system.

6.5 Conclusions

Cliniciansdo not currently have a bedside tool to quantify the volume of blood perfusing free flaps post
reconstructive surgery despite the established clinical significance of this (Balgado et al., 2009,

Lee & Mun, 2016) To address this technological gap, this work has presented a VBF estimation
framework leveraging a portable 3D ultrasound system. The framework devised here provides
consistent VBF estimation performance that may be appropriate for future clinicak studibe
perfusion of fredlaps. Yet, the results of this study have also indicated the need for rigorous calibration
of VBF estimations since there are many opportunities for biases to impact the output values. Indeed,
future works should thoroughly investigate the parametersrfiaénce VBF calculations in a wide

range of flow scenarios before any clinical applications. Despite these hurdles, 3D ultrasound has strong
potential to improve the vascular monitoring of free flaps; with close collaboration with clinicians, 3D

ultrasaind researchers have the potential to address a significant clinical need in the coming years.
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Chapter 7

Summary of Contri bwRteisems cahndDi Fletcur e

7.1 Summary of Thesis

Free flap surgery is a procedure used to reconstruct tissue after extensive damage stogictle
removal of tumorgB a K aet ah,r)2021Rose & Puckett, 2023)major traumdBullocks et al., 2006,
Koepple et al., 2019, Khundkar, 2019, Alam Atiq et al., 20203 even burn@rewin et al., 2020,

Jabr et al., 2015) The differentiating characteristic of free flaps compared to other tissue transplants
(e.g. grafts, local flaps, rotator flaps) is that free flaps contain major blood vessels which are severed
from the donor site and reattached at the recipienfisitn School of Medicine at Mt Sinaj 2019,

Saber et al., 2022This technique gives clinicians the flexibility to usedaray donor tissues from the
recipientsite while also enabling immediate perfusion of the transplanted tissue. Because of the delicate
nature of the transplanted vasculature, free flap surgeries have a high risk of complications resulting
from insufficient or occluded blood flow (Salgado et 2009). Thus, there is a strong clinical need for

a quantitative and reliable vascular monitoring tool for patientsquesratively. While several tools

are used in the clinic currently, none can reliably and quantitively provide the volume of blood perfusing
the flap(Salgado et al., 2009, Steenbeek et al., 202Basound, as a pouuf-care imaging modality,

could be implemented as a solution for free flap vascular monitoring. However, current clinical
ultrasound technology, because of its 2D nature, requires numerous approximations to estimate VBF
and has qustionable reliability(Hussain et al., 1996, Rubin, 1999w et al., 2009)3D ultrasound
presents a natural solution to this problem, but many modern solutions lack the portability, volume

rates, or SNR required for dynamic blood flow mapping at the bedside.

The goal of this thesis was to advance the currentestates-art of 3D ultrasound imaging for the
application to free flap vascular monitoring at the bedside. To this end, four research objectives were

proposed:
1) toincrease the SNR of ultrasound flow estimation for plane wave imaging paradigms,

2) to investigate the feasibility of higéplumerate imaging on a sparse transducer array which

lowers the size required for the ultrasound system,

3) to optimize 3D VFI for accurate and reliable velocity estimations, and
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4) to devise the first realization of VBF estimations from 3D VFI on a portable ultrasound scanner
suitable for bedside imaging.

These research objectives were addressed in Chaptersf 3his dissertation, respectively. In
Chapter 3, a novel ultrasound velocity estimation framework was developed and validated. This
framework successfully enhanced the SNR of the flow signal cothpatbe traditional method, lag
one autocorrelation. Additionally, the framework outperformedolag autocorrelation in velocity
estimation accuracy and range. In Chapter 4, the performance of a density-spirlearay was
assessed for higiolumerate imaging compatibility through a field profile analysis of unfocused
transmissions. The transmitted waves from the sparse array were found to be homogeneous with low
secondary lobes and predictable arrival times indicating that the array is suitdiméhfonaging and
flow estimations with unfocused transmissions. Chapter 5 applied the spiral array to an optimization
study of transmission schemes for 3D VFI. This work revealed that maximizing the span of azimuthal
steering angles and maintaining a lelgvational steering are critical considerations in transmission
scheme design. It was also discovered that the humber of transmissions has only a modest impact on
the estimation accuracy. Finally, Chapter 6 realized the first 3D ultrasound VBF estifratieaork
with a portable ultrasound systemm vivo. The results of the VBF estimations demonstrate the
framewor kés ability to achghlightng ¢hé gecessiyaohrigorduy VBF
calibration studies. In summary, each of the outlined research objectives were addressed in a systematic
and comprehensive manner to advance the-stetes-art of bedside 3D ultrasound and to move the

field closer b reliable, clinically relevant measurement capabilities.

From an engineering perspective, this body of work enhances the understanding of 3D ultrasound
methodologies and presents novel frameworks that build upon the capabilities of the technology. The
algorithmic innovations of ChiVEChapter 3 leverage the newfound capabilities of ogmatform
research ultrasound scanners with arbitrary waveform generators (Boni et al., 2016) to increase SNR
and produce enhanced velocity estimations via etiged excitationsNext, concerns in the
ultrasound community on sy array unfocused transmission quality were investigated (Chapter 4).
This investigation found that a density tapered spiral array produces uniform unfocused beams and that
the element sparsity does not greatly impact the wavefront profile. These mespkancourage future
sparse array investigations for higblumerate imaging (e.g. novel array layouts or imaging
applications)Given the radial uniformity of the spiral array transmissions with steering, the array was

applied to the parametric optimtean of 3D VFI transmission schemes (Chapter 5). This study
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revealed the significant impact of transmission schemes on the velocity estimation esloowdde

used to inform scheme selection in future studiée3D VFI optimizationresults were leveraged for
accurate VBF estimatior{f€hapter §, albeit in receive steering instead of transmit steering. The VBF
estimation framework presented is not only the first on a portable research scanner, but also the first to

utilize a single transmission angle for mudtigle 3D VFI.

Clinically speaking, this dissertation also demonstrates several new developments for vascular
monitoring of free flaps as well as other VBF measurement applications. Any technology to be used
for free flap monitoring must have a small enough footpripréwent disruption to the ICU workflow;
this requirement is satisfiday performing 3D ultrasound VBF measurements on a system the size of
a clinical 2D ultrasound scanndndeed, this workhighlights the capabilities of smaitale 3D
ultrasound technolyy and its potential for future clinical applications. A core focus of the work
presented here is the accuracy of blood flow measurements performed with this technology to ensure
that clinicians have access to reliable, quantitative data that accurgiebgemats the true flow
conditions. This focus was driven by the identified need in free flap monitoring for repeatable and
objective measurements to assess vascular h&atbado et al., 2009Another focal point of this
work was maximizing the achieviabvelocity estimation range through novel pipelines (Chapter 3) and
carefully designed acquisition schemes (Chapters 5 and 6). With extended velocity estimation ranges,
clinicians can measure a broad scope of vessels and pathologies, including a aydef fage flaps
and as well other vascular conditions such as arterial stenosis hehiettharacteristically highlood
velocities(de Bray et al., 1997)Additionally, Chapter 3 presented a means to increase the SNR of
high-framerate flow imaging whichcould facilitate the acquisition of deeper vessels. This
advancement may be critical to the vascular monitoring of larger free flaps where the main flap vessels
are deeper such as those used in breast reconstrytien& Mun, 2016) While the VBF estimation
framework presented in this dissertation is not yet ready for clinical trials on free flap monitoring, the
critical steps to reach that point have been detalléith calibration of the VBF estimator and
refinements to the system functionality (euger interface, oboard processing) it is hoped that the
coming years will see the first 3D ultrasound studies on thegpesative vascular function of free

flaps.
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7.1.1 Specific Contribution 1: Enhanced Flow Estimations with Wideband

Transmissions

Chapter 3 presented a novel ultrasound velocity estimation framework, called ChiVE, which is
designed to increase the SNR of highmerate velocity estimations, using chicpded excitations,
without sacrificing the velocity estimation performance. Gloioded excitations have previously been
considered ilsuited to Doppler ultrasound applications because of their wide bandwidth which
increases velocity estimation variance. Recent work has shown their ability to increase Doppler SNR
(Ramalli et al., 2021but has not addressed issues related to the bandwidth. The ChiVE framework is
the first fully customized pipeline for Doppler processing with wideband transmissions.

The results of ChiVE show its ability to map the underlying flow profiles more accurately than lag
one autocorrelation (Figured. As well, ChiVE has a buiih aliasing resistance that enables extended
range velocity estimation passed the Nyquist liffigure 34(e) and (f)]. In low SNR imaging
scenarios ChiVE significantly reduced velocity estimation error (Figtife éhd increased Doppler
SNR by 6 to 9dB over standard transmissions. This performance was consistent on dynamic,

anthropomorphic flows (Mvie 3-1) indicating its promise for futuiie vivoapplications.

Overall, the ChiVE framework was found to enhance velocity estimation performance compared to
standard transmissions and-age autocorrelation. The framework demonstrates the advantages of
utilizing the complete ultrasound and Doppler frequency speatggenerate a more robust velocity
estimator than lagne autocorrelation and enable aliasing functionality. The increased Doppler
SNR realized with chirped excitations may enable the capture of deeper vessels which are subject to
greater acoustic atte@ation along the beam path. Additionally, ChiVE could be applied to 3D VFI
imaging which suffers from even lower SNRsan 2D due to the complete defocusing of the

transmissions.

7.1.2 Specific Contribution 2: 3D VFI with a Sparse Array

Chapters 4 and 5 both detailed work on a density tapered spiral array with a focus on the transmissions
and their impact on 3D VFI. Previously, it was uncertain whether sparse arrays could produce
unfocused beams without wavefront irregularities correspgntb the large gaps between the
elements. Additionally, there had been no investigation on the optimal transmissions for 3D VFI

resulting in studies using potentially excessive numbers of transmissions. Thus, there has been notable
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uncertainty surrounding transmissions in Righumerate 3D VFI, particularly on the feasibility of

sparse arrays and the requirements for accurate vector flow estimates.

The results in Chapter 4 show that the spiral array can produce homogeneous wavefronts in both
steered and unsteered conditions (Figug.4rhe performance of the array was found to be radially
uniform with no axisdependent artifacts. It was also found that the wavefronts had smooth arrival times
with no irregularities stemming from the sparsity of the elements (Figdje @enerally, Chapter 4
concluded that the spiral array is suitable fghhiolumerate imaging with unfocused transmissions
which erabled the study presented in Chapter 5. Indeed, the parametric sweep of transmissions for 3D
VFI estimations would not have been possible without an array capable of producing radially uniform

beam profiles regardless of steering.

The results of Chapter 5 show the critical importance of transmission scheme design to ensure
accurate 3D VFI estimations. The parametric sweep found that azimuthal steering is the most important
consideration in transmission scheme design. Low azimutb apans (closely spaced transmit beams)
are found to produce highly erroneous velocity vectors compared to high azimuth angle spans (widely
spaced transmit beams) which produce vectors that closely match the underlying flow profile (Figure
5-5). Additiondly, it was found that low elevational steering produced more accurate flow vector
estimates than high elevational steering (Figufy &hichis counterintuitive considering previous
work in 2D ultrasound (Yiu & Yu, 2016). Yet, the negative impact of high elevational steering is
reasonable when the small aperture of the sparse array is considered. Lastly, the number of
transmissions used in theald-squares vector estimation was found to have the least significant effect
of the vector estimation qualiffFigure 57). When applied to dynamic and mdirectional flows, the
optimal transmission scheme produced reasonable results (Mdyieui struggled to capture slow

lateral flows due to the low elevational steering (Figudelh

The work on the density tapered spiral array in this dissertation has demonstrated the promising
characteristics of the array and its utility in 3D VFI. This array architecture is one of the only designs
that enables full 3D steering without directionapeledence on the beam profile making it highly
desirable for the study of multingled transmission schem&hke performance of the array ensures that
the results in Chapter 5 are a result of the steering angles independent of the array properties. As such,
the results from the 3D VFI optimization can be directly applied to future 3D VFI imaging schemes

regardless of the array type (e.g. sparse, RCA, fully populated) to minimize estimation error and
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variance. Additionally, the limited impact of transmission count on the 3D VFI results found in this
work signifies that transmission schemes can be tuned to the desired velocity estimation range with a
modest trad®ff in estimation variance (i.dewer transmissions for wider estimation ranges and

increased variance).

7.1.3 Specific Contribution 3: VBF Estimation on a Portable Ultrasound System

Chapter 6 presents a framework for VBF estimations from 3D VFI on a portable ultrasound system.
Previous works on VBF estimations with 3D ultrasound have shown good results but have been limited
in their clinical applicability because of the largeale sanners being usé@orreia et al., 2016jolbek

et al., 2018 Holbek et al., 201, Correia et al., 2020Y his work demonstrates a means for collecting

VBF data at the bedside that could promote the adoption of 3D ultrasound as a vascular research and
diagnostic tool. This is particularly important in the context of free flap vascular monitoring where a
portable VBF estimation tool could significantly improve the detection ofquoastative complications
(Salgado et al., 200€hao et al., 2013, Knoedler et al., 2D23

The results presented in Chapter 6 indicate that VBF can be accurately estimated from 3D VFI using
the proposed framework, however there directional and spatial dependencies in the results which
produce consistent offsets from the ground truth (Talll@dd Table &). These dependencies likely
stem from the gap rows and naniform voltage profile on the 2D matrix array being used (see Figure
6-2 for a schematic) which are expected to produce interference patterns in thepimfden
Additionally, the small aperture of the probe contributed to the poor performance with increasing depth
(Figure 66). Despite the offsets in the results, the framework has exhibited good relative performance
on dynamic flows bothin vitro andin vivo (Figure 64 and Figure 67). The framework traced the
expected shape of the VBF profile in both dynamic flow cases when compared to a stiaioadr

velocity profile.

Generally, the results of the VBF estimation framework show a positive future for bedside VBF
estimation using 3D ultrasound. Yet, before this can be implemented, extensive calibration of the
estimates is required considering the spatial variability.dkjgected that such a calibration could be
performed by considering the unfocused transmission beam profiles and identifying fluctuations in the
intensity and arrival times (like the protocol used in Chapter 4). A unigue aspect of this work was the
use ofa single transmission angle and multiple receive angles for the 3D VFI calculation. The single

transmit angle maximized the achievable velocity estimation range and thus facilitated the application
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of the framework ton vivo estimatesThe unconventional acquisition scheme used in this framework
highlights the critical design traddfs that must be reconciled to implement 3D ultrasound at the
bedside (e.g. estimation variance was sacrificed for higher velocity estimation range).

7.2 Future Research Directions

7.2.1 Extension of ChiVE to 3D Ultrasound

A natural extension of the work presented in this thesis is to implement the ChiVE framework (Chapter
3) in 3D ultrasound for SNR enhancement. While the signal enhancement strategies used in ChiVE
were intended to enhance 3D ultrasound SNR, this has mdiegm performed due to hardware
limitations. The density tapered spiral array utilized in Chapter 4 and 5 is presently constructed with a
passive receive ASIC that adds substantial parasitic capacitance to the device (Savoia et al., 2018). This
capacitane renders the array unable to receive echoes from flow scatiatess contrast agents are

used regardless of the SNR enhancements provided by ChiVE. An additional restriction on the
implementation of ChiVE is the need for an ultrasound system capable of generating chirp pulses.
Currently, the ULAOP 256 system is one of the few available systeitfsthis functionality (Boni et

al., 2016) buthis systemdoes not have the builh multiplexing capabilities of the US4R system
(US4US Ltd.) required to ruime 2D matrix array used in Chapter 6. Despite these hardware challenges,
ChiVE would be highly advantageous in 3D ultrasound because of its SNR increases, improved

velocity estimates, and extended velocity estimation range.

7.2.2 Calibration of VBF Estimations

Another clear future direction is the calibration of the VBF measurement framework as described in
Chapter 6. Currently, the VBe&stimations are consistent but have a notable offset from the ground
truth in some cases. This offset was found to be directionally and spatially dependent due to the
architecture of the 2D matrix array used (see FigtRe 6rherefore, an extensive calibration protocol

is required before this framework can be implemented in bradidaral studies. As a first step of this
calibration, a detailed field profile study, as performed in Chapter 4, should be carried out on the 2D
matrix array. With a detailed map of the transmitted field profile, it may be possible to compensate for
the potential field irregularities with customizegodizations and delay profiles. Afterwards, a
systematic phantom study should be conducted to assess any remaining spatial or directional variations

in performance.
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Naturally, another related future direction is the investigation of the VBF estimation framework on
other arrays. It is likely that sparse arrays or RCA arrays, which do not have the regularly spaced gap
rows of the fully populated array, could produce engpatially uniform VBF estimates. The density
tapered spiral array would be an ideal candidate for such an investigation if the receive sensitivity can

be increased to a level capable of measuringtro andin vivoflows without contrast agents.

7.2.3 Visualization of 3D Ultrasound

A constant challenge in the field of 3D ultrasound is the intuitive visualization of 3D ultrasound data
(both structures and flow). Since the advent of 3D ultrasound in the early 1990s, visualization of the
image volume has been a topic of ongoing reseddst of this work has focused on presenting a
subset of the image volume either as a set of slices through the volume or as a structural surface within
the volumgNelson & Elvins, 1993, Nelson & Bailey, 2000, Fattal & Lischinski, 2001, Gee et al., 2004,
Varandas et al., 2004, Cho et al., 20Z)ch renderings have been adapted and applied in augmented
reality as an intuitive means to guide surgical interventions since tumors and other masses are generally
segmentable surfaces within the voluii8ato et al.,, 1998, Cattari et al., 202Rpplications to
ultrasound flow imaging, however, have been more limited. Most dedicated works to 3D visualization
of vasculaturgresent surface representations of vessels with limited or no flow ren@@amdper et

al, 1992, Schulte zu Berge et al., 2064 eeRah 2018. Without any standardized method of 3D flow
visualization, recent works on 3D VFI have often had to modify existing 2D VFI visualizations such
as vectorsor streamlineswith mixed results in terms of intuitiveness (see Chapter 5, Correia et al.,
2016, Holbek et al., 2016). For 3D VFI to be adopted clinically, there is a pressing need for improved
visualizations that intuitively present the data to practitioners. Dedistaidiks on novel 3D #hode

and flow visualization techniques should be performed in the coming .y&aish studiesh®uld

leverage surveys of clinicians on the usability and clarity of the representations to advance clinical

adoption.

7.2.4 Wearable Ultrasound for Continuous Monitoring

For the vascular monitoring of free flaps, the ideal solution is generally accepted to be a continuous
monitoring tool that eliminates the need for frequent clinician clexkseeSection 1.1.2, Salgado et
al., 2009. To that end, the development of a wearable ultrasound VBF enasid potential avenue
for investigation. Recent works have shown the potential of wearable ultrasound patches for

hemodynamic, tissue, and organ monitoring including cardiac imdKegny et al., 2021, Wang et
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al., 2022, Lin et al., 2023, Hu et al., 2023hese novel devices are opening the door to advanced
critical care monitoring and personalized medidikenny et al., 2022and could also be applied to

free flaps. However, there are a number of challenges that need to be addressed before wearable
ultrasonic devices can be used in the free flap-ppstative setting. Of particular note, is the adhesion

of the patchtothe pai ent 6s skin whi ch, in the case of a r
Current research on wearable patches focuses primarily on the biocompatibility, acoustic coupling, and
longevity of the adhesives being ugkd & Le, 2022)but in the case of free flaps additional research

will be required to ensure the adhesion and removal of the patch does not damage the tissue.
Additionally, the implementation of 3D VFI methods for VBF estimation is typically computationally
intensive (een with low channel count systems) and would need to be heavily streamlined and
simplified for compability with a wearable device with no physical connections to external processors

and limited data transmission bandwidth.
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Appendix A

List of Movies

This appendix lists the video files referenced in this dissertation.

Movie 3-1.mp4 CFI cineloopof the carotid bifurcation phantom imaged with (a) ChiVE with the CH6
pulse and (b) lagne autocorrelation with the ST5 pulse. It can be observed that ChiVE successfully
prevents CFl aliasing artifacts in the flow jet at peak systole. It is also obdbatetthe estimation
variance in the lower branch of the bifurcation is reduced with ChiVE. See Section 3.5.4 for
interpretation.

Movie 4-1.mp4: Wavefront propagation from 20 to 40mm depth for 1° steered PW, 0° steered DIV30,
and 0° steered DIV20 transmissions. The white lines indicate the outline of the expected main beam
area based on the array size, steering, and transmission type. It dasebed that the wavefront
profile remains smooth throughout propagation. Additionally, some secondary lobes and comet tails
are observed. See section 4.3.2 for interpretation.

Movie 4-2.mp4 Wavefront propagation from 20 to 40mm depth for 10° steered PW, 10° steered
DIV30, and 10° steered DIV20 transmissions. The white lines indicate the outline of the expected main
beam area based on the array size, steering, and transmission type. Tihentvewvéhe main beam
remains smooth throughout propagation as in Movle #ihe side lobe levels are notably higher with
steering than in Movie-4. See section 4.3.2 for interpretation.

Movie 5-1.mp4 Vector flow maps of the aneurysm phantom with pulsatile flow on (a) a slice parallel
with the ICA inlet vessel, and (b) a slice parallel to the MCA and PCA outlet vessets/sirke an

outlet jet toward the PCA is observed which changes direction away thhe outlet as systole
approaches. At peak systole, a strong flow jet from the ICA is observed which results in flow
recirculation on the inlet plane. Throughout the cardiac cycle, a constant flow is observed toward the

MCA outlet and thex is some flow separation on the outlet plane. See section 5.3.3 for interpretation.
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Appendix B
Full Table of RMSE Values from 3D VFI Parametric Sweep

Table B-1 RMSE Values for 4mL/s flow in 3.5mm ID straight tube with 5° elevational steeihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 164.24312.4| 75.2#138.3| 42.0+95.7 | 29.6259.2 | 28.6+38.8 | 26.1+29.7 | 20.9+26.1 | 16.3x23.1
30° 46.7499.6 | 28.3#1.7 | 21.3+30.2 | 12.1+22.3| 11.4+16.6 | 10.3+13.5| 9.5+11.4 | 9.4+10.4
45° 31.0#49.6 | 16.5%24.7 | 11.4+#17.3| 9.3#13.4 | 9.0+111.5| 9.0+10.6
60° 20.9+#33.9 | 14.1+18.2 | 9.5+13.1 | 9.3#11.7
75° 13.9+425.3 | 10.9+15.2 | 11.0#13.1
0 12.0+20.2 | 9.9+14.4
105 12.6+16.8 | 11.5+14.5
12¢¢ 12.7+15.9
135 12.4%16.5
15¢° 16.0+21.8
165 18.7+35.5
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Table B-2 RMSE Values for 4mL/s flow in 3.5mm ID straight tube with 7.5° elevational stegkihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 232.7+272.7 Hom.ﬂﬁm. 61.9+78.9 | 38.3+48.1 | 24.2432.4 | 21.2+24.1 | 21.4+20.8 | 18.5+18.5
30° 63.1£82.7 | 26.8+36.0 | 23.5+24.9 | 18.3+18.1 | 10.8+12.4 | 10.6+10.1| 9.1+8.7 9.07.9
45° 24.9+39.1 | 19.0+21.3 | 11.6+12.3| 9.3+10.7 | 8.9+8.8 8.948.2
60° 20.5+28.1 | 12.3+14.0 | 8.0+10.2 | 7.7+9.1
75° 19.7420.1 | 10.0+12.3 | 9.3+10.7
90° 12.7+15.0 | 10.3+10.5
105° | 13.4#12.4 | 11.9+10.7
120° | 8.7¢125
135° | 11.1+13.6
150° 12.6+18.0
165° 20.8+27.8
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Table B-3 RMSE Values for 4mL/s flow in 3.5mm ID straight tube with 10° elevational stegkihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 216.2+315.2| 95.7+133.0| 77.54#87.7 | 53.2454.3 | 37.0+43.7 | 31.5+27.8 | 33.4+25.8 | 29.5+22.4
30° 73.5#90.9 | 37.6x49.2 | 35.84#31.3 | 28.3+20.6 | 21.1#15.1 | 18.5+13.1 | 15.8#10.9 | 15.6+9.2
45° 38.5#49.2 | 31.0+28.1 | 21.1#16.9 | 16.9+15.3 | 15.4+11.3 | 15.7+10.6
60° 31.8434.3 | 18.0+17.2 | 16.4+13.2| 16.7+11.6
75° 29.1#22.1 | 15.6+16.0 | 15.6+13.6
90° 22.0+19.5 | 18.2+12.5
105° | 18.4+14.5 | 16.5¢#12.8
120° | 15.9+16.4
135° | 16.0£15.2
150° | 19.5+19.4
165° | 49.8+32.8
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Table B-4 RMSE Values for 2mL/s flow in 3.5mm ID straight tube with 5° elevational steekihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 70.3x151.3 | 27.4%#69.6 | 19.0#50.6 | 12.5+33.1| 12.3+22.7 | 7.5#17.0 | 8.0x14.4 | 8.1%¥12.6
30° 16.54¢52.1 | 13.5+24.9 | 8.7+16.7 | 7.5#11.5 | 6.7%8.5 6.5+6.8 6.15.7 6.0£5.3
45° 12.7427.0 | 8.8+13.6 6.5+8.6 6.26.6 6.0£5.7 6.245.2
60° 8.7+18.9 7.249.2 6.0£6.6 5.845.8
75° 8.7+13.7 6.5+7.4 6.5+6.4
90° 6.3+10.9 5.7+7.3
105° 7.0£9.0 7.4+7.4
120° 7.448.2
135° 7.248.5
150° 6.6+10.3
165° 7.5+17.4
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Table B-5 RMSE Values for 2mL/s flow in 3.5mm ID straight tube with 7.5° elevational stegkihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 36.1+107.8 | 18.5+48.3 | 14.0£33.7 | 13.6+22.4 | 10.6+16.1 | 10.8+12.3 | 12.149.9 | 9.74#8.3
30° 15.7434.6 | 11.5+17.6 | 12.4+11.6| 10.4+8.0 | 9.246.1 9.3+4.8 9.64.0 9.6+3.7
45° 10.6+19.1 8.7+9.7 8.846.5 9.0+4.7 9.2+4.1 9.3+3.7
60° 12.3+12.8 9.316.6 9.5+4.7 9.2+4.0
75° 10.0£9.5 9.945.3 9.8+4.5
90° 9.648.1 9.845.4
105° 8.846.5 9.1#5.4
120° 9.045.6
135° 8.416.0
150° 10.7+7.0
165° | 10.1+11.7
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Table B-6 RMSE Values for 2mL/s flow in 3.5mm ID straight tube with 10° elevational stegkihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 5.51+109.9 | 23.1+47.8 | 18.6+31.3 | 18.8420.4 | 16.4+14.2 | 17.6+11.4| 16.9+8.8 | 18.8+7.4
30° 19.8432.8 | 15.9+15.6 | 16.1#9.9 | 19.2+6.9 | 15.845.2 | 14.9+4.2 | 15.3+35 | 155%3.2
45° 16.3+16.8 | 18.9+8.7 | 159457 | 15.3+4.1 | 15.7+35 | 15.5#3.1
60° 16.4+11.0 | 13.845.9 | 14.4+#42 | 14.4+3.6
75° 18.5+8.3 14.9+45 | 15.3+3.8
90° 14.1+6.7 14.8+4.7
105° 12.746.0 12.9+4.9
120° 14.245.0
135° 18.8+5.5
150° 18.846.2
165° | 19.8+11.4
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Table B-7 RMSE Values for 1mL/s flow in 2mm ID straight tube with 5° elevational steefiihg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 94.5+162.9 | 44.2+72.0 | 35.2463.5 | 41.6+38.6 | 30.5+23.8 | 19.6+19.2 | 14.0£18.7 | 14.4+17.3
30° 43.3+6.5 | 29.9+23.9 | 14.2421.9 | 11.9+15.1| 9.6+11.4 | 9.0%9.3 7.747.9 7.747.3
45° 31.7+31.0 | 16.1#16.6 | 9.2#11.5 | 8.5%9.0 8.1+7.7 8.0+7.1
60° 16.3+11.6 | 10.3+12.1 | 8.0+8.9 7.847.8
75° 9.9+13.5 8.8+9.7 8.3+8.5
90° 9.9+11.4 8.6x9.4
105° 9.0£11.0 9.4+10.0
120° 8.0£11.0
135° | 10.1+11.4
150° | 10.9+15.3
165° | 20.4%26.0
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Table B-8 RMSE Values for 1mL/s flow in 2mm ID straight tube with 7.5° elevational stee#ilhg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 163.7+152.1| 31.7461.2 | 23.0#45.8 | 21.7+28.1 | 12.4+17.9 | 15.4+14.3 | 10.6+13.6 | 9.6+12.1
30° 22.8+445.9 | 13.8+19.1 | 10.6+15.9 | 9.1#10.7 | 8.7#7.9 9.546.5 9.315.6 9.3#5.1
45° 1464232 | 11.6+12.2 | 9.248.0 8.946.3 9.0+5.4 8.945.1
60° 10.8+17.5 9.2+8.8 9.1+6.4 8.845.8
75° 9.4+12.3 9.747.1 9.6+6.4
90° 10.6+9.3 10.446.5
105° 11.1+8.0 11.0£7.1
120° 9.848.1
135° 10.58.2
150° | 10.5+11.1
165° | 16.4+17.5
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Table B-9 RMSE Values for 1mL/s flow in 2mm ID straight tube with 10° elevational steehilhg

values are in cm/s.

Azimuth spacing

# Angles

3 4 5 6 7 8 9 10
15° | 95.3+121.3 | 26.3%53.9 | 32.9£36.1 | 20.7+22.6 | 15.3+16.4 | 13.4+12.4| 12.9#10.5| 10.5+9.0
30° 30.6+#37.7 | 12.5+17.6 | 12.7#11.9| 12.248.1 | 12.146.5 | 12.3#5.3 | 11.3%4.6 | 11.4#4.1
45° 20.1#19.2 | 11.549.7 | 12.846.7 | 12.245.2 | 11.8+45 | 11.8+4.1
60° 11.7+¢13.1 | 12.4%7.2 | 10.7#5.4 | 10.6x4.7
75° 13.0+9.6 12.025.7 | 11.724.9
90° 13.8+7.9 12.345.7
105° 13.146.6 11.845.6
120° 10.5+6.7
135° 12.0+6.5
150° 15.0+8.6
165° | 25.9+15.2
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