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Abstract

Diagnostic ultrasound imaging has the advantages of being low cost, lacking
ionizing radiation, and displaying output in real-time. It is often the imaging technique
of choice when specifically interested in the liver, but it can suffer from poor image
quality that results in images of reduced or no diagnostic value. Since failed ultrasound
scans are often correlated with patient obesity and obesity is trending upwards in the
US, this is a growing issue.

A fundamental cause for failed ultrasound scans is poor signal-to-noise ratio. To
combat this, increasing diagnostic ultrasound strength or acoustic output is proposed.
Previous work has demonstrated remarkable improvements specifically during
ultrasonic harmonic shear wave elasticity imaging (SWEI) when using elevated
Mechanical Index (MI), or energy, to quantify tissue stiffness. It is unclear, however,
which one of the two ultrasonic pulses is impacted more by the body wall and benefits
more from elevated MI given that SWEI sequences consist of a long push pulse and a
short tracking pulse. In Chapter 3, an opposing window experiment was built and used
to isolate the impacts of the body wall on the push and track beams. Track beams were
found to be more affected by the presence of body walls and to benefit more from higher

MI transmits.
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In Chapter 4, 3D nonlinear ultrasound simulations and experimental
measurements were used to estimate the range of in situ pressures that can occur during
transcutaneous abdominal imaging, and to identify the sources of error when estimating
in situ peak rarefaction pressures (PRP) using linear derating as specified by the MI
guideline. Using simulations, it was found that for a large transmit aperture (F/1.5) MI
consistently overestimated in situ PRP by 20-48%, due primarily to phase aberration. For
a medium transmit aperture (F/3), the MI accurately estimated the in situ PRP to within
8%. For a small transmit aperture (F/5), MI consistently underestimated the in situ PRP
by 32-50%, with peak locations occurring 1-2 cm before the focal depth, often within the
body wall itself. The large variability across body wall samples and focal configurations
demonstrates the limitations of the simplified linear derating scheme. The results
suggest that patient specific in situ PRP estimation would allow for increases in transmit
pressures, particularly for tightly focused beams, to improve diagnostic image quality
while ensuring patient safety.

Tissue harmonic signal quality has been shown to improve with elevated
acoustic pressure. The peak rarefaction pressure (PRP) for a given transmit, however, is
limited by the FDA guideline for the mechanical index (MI). In Chapter 4, We
demonstrated that the MI overestimates in situ PRP for tightly focused beams in vivo due
primarily to phase aberration. In Chapter 5, we evaluate two spatial coherence-based

image quality metrics, short-lag spatial coherence (SLSC) and harmonic short-lag spatial



coherence (HSC), as proxy estimates for phase aberration and assess their correlation
with in situ PRP in simulations and experimentally when imaging through abdominal
body walls. We demonstrate strong correlation between both spatial coherence-based
metrics with in situ PRP (r2=0.77 for HSC, r2 = 0.67 for SLSC), an observation that could

be leveraged in the future for patient-specific selection of acoustic output.
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1 Introduction

Ultrasound was first used in the imaging field to perform quality control testing
on the internals of metal castings by Floyd Firestone in 1946 [1]. In 1949, George Ludwig
applied the same one-dimensional ultrasound A-line technique in the human body for
medical purposes to locate gallstones [2]. Then, in the 1950s, John Wild and John Reid
published the first anatomical two-dimensional Brightness-mode (B-mode) ultrasound
images used to characterize and diagnose breast tumors [3, 4]. B-mode medical
diagnostic ultrasound systems were then commercialized in 1962 by Joseph Holmes,
William Wright, and Ralph Meyerdirk [5]. More recently, in the late 1990s, acoustic
radiation force (ARF) based techniques, such as acoustic radiation force impulse imaging
(ARFI) and shear wave elasticity imaging (SWEI), which portray tissue mechanical
properties instead of acoustic properties, were introduced to diagnostic medical
ultrasound [6, 7]. Around this same time tissue harmonic imaging (THI), which detects
second harmonic ultrasound signal generated inside the human subject during
propagation, was developed [8] and applied to patients in the early 2000s [9]. Since its
inception as a diagnostic tool, ultrasound imaging has seen continued development and
remains a popular imaging modality due to its low cost, lack of ionizing radiation, and

ability to be used in real-time. Today, ultrasound is often the first-line imaging technique



for abdominal regions and the imaging technique of choice when specifically interested

in the liver [10, 11].

1.1 Motivation

Even though diagnostic ultrasound imaging has the advantages of being low
cost, lacking ionizing radiation, displaying output in real-time and is the current
standard-of-care when screening the liver for hepatocellular carcinoma (HCC) [12, 13], it
can suffer from poor image quality. This drawback accounts for HCC screening being
unable to diagnose 25-60% of patients [14-17]. Failed ultrasound HCC screens show
correlation with patient obesity [18, 19]. Since more than 30% of the US adult population
over the age of 20 are obese and trending upwards, this is a major and growing issue

[20].

THI, the current clinical standard for hepatic ultrasound imaging [21], improves
image quality compared to traditional fundamental mode through the reduction of
clutter [8, 22-24]; however, THI can be hindered by poor signal-to-noise because
harmonic signal is generated from nonlinear propagation at levels often 15-20 dB lower
than the fundamental [9]. The harmonic signal is further lowered by the increased
propagation depth needed to image larger patients. The logical solution for poor signal-
to-noise ratio (SNR) arising from additive noise, such as electronic noise, is to increase

signal strength. This is achieved by increasing the transmitted acoustic pressure, a



parameter which is typically quantified by the peak rarefactional pressure (PRP). The
FDA guideline limiting in situ PRP is the Mechanical Index (MI) [25, 26] where MI =
PRPo.sNfuur. In the equation, PRPos is the PRP measured in deionized water and derated
by 0.3 db/ecm/MHz. furis the acoustic working frequency, or the center frequency of the
measured pulse. The FDA guidelines recommend maintaining MI < 1.9 [25], which

results in this de facto upper limit for MI.

The work in this thesis investigates acoustic output specifically relating to
hepatic diagnostic ultrasound imaging. First, the impact of performing hepatic SWEI
imaging using elevated acoustic pressures is investigated. Next, the range of pressures
that can occur in vivo for a given transmit configuration is quantified when imaging
through different body walls. Lastly, an approach to estimate in situ PRPs that could be

employed for real-time adaptive acoustic output optimization is developed.

In the context of ultrasonic hepatic SWEI imaging, measurement success has
been shown to increase when using elevated PRP [27, 28]. In one study, liver shear wave
speed (SWS) measurement success demonstrated increases of 27% across 25 human
subjects when using tracking transmit configurations with an MI of 2.4 compared to the
same configuration using an MI of 1.4 [27]. This study highlighted the potential clinical
benefits of increasing MI for ultrasonic tracking beams during SWEI measurements. The

scope of the study, however, only examined the effects of a specific tracking beam



configuration and was limited to two MI values. Because SWEI sequences consist of two
distinct operations (pushing and tracking), acquisition failures could have been
attributed to (1) insufficient ARF generation resulting in inadequate shear wave
amplitude, and/or (2) distorted ultrasonic tissue motion tracking. Herein, an opposing
window experimental setup that isolated body wall effects separately between the push
and track SWEI operations was developed. Additionally, instead of using the tracking
configuration of the previous study (STL-SWEI [29, 30]), a more commonly employed
commercial track configuration was used (MTL-SWEI [31, 32]). The effects of imaging
through body walls on the pushing and tracking operations of SWEI as a function of MI,
spanning 5 different push beam MlIs and 10 track beam MIs are independently assessed

in Chapter 3.

Currently, the FDA guidelines effectively limit in situ PRP with the Mechanical
Index (MI) to be less than 1.9 [25]. The M1 is derived from a first order approximation of
in situ PRP by linearly derating measurements made in water [33]. However, because
tissue heterogeneities in sound speed, attenuation, density, and nonlinearity are present
in vivo, the MI calculation can overestimate or/or underestimate actual in situ acoustic
output depending upon the body habitus and acoustic imaging window for any given
patient. In the case of overestimation, the transmit pressure could be increased while

remaining within the spirit of the FDA guidance, and the opposite is true in the case of



underestimation. In Chapter 4, 3D nonlinear ultrasound simulations and experimental
measurements were performed to quantify the range of in situ pressures that can occur
during transcutaneous abdominal imaging for specific transmit configurations, and to

identify the sources of error when estimating the in situ PRP using linear derating as

specified by the MI guideline.

Lastly, there are no methods for estimating in situ PRP in real-time that account
for tissue heterogeneity. However, such a method would facilitate real-time, patient-
and imaging-window specific adaptive transmit imaging to maximize SNR while
staying within FDA guidelines for acoustic output. Chapter 5 investigates the correlation
between a surrogate metric for phase aberration (spatial coherence) and decreases in in
situ PRP arising from tissue heterogeneity. This work lays the foundation for higher
transmit acoustic pressures to be safely utilized while following the spirit of the FDA

guideline for ML

1.2 Thesis Outline

Chapter 2 provides background information relevant to this work. Reviews of
SWEI imaging and THI imaging, the development of the Mechanical Index (MI), and the

theory of spatial coherence are provided.



Chapter 3 quantifies the effects of SWEI imaging through the body wall
separately for the push and track beams using a clinical MTL-SWEI sequence in

experimental phantom studies.

Chapter 4 uses 2D and 3D simulations to quantify the effects of the body wall on
in situ PRP. The simulation findings are then validated with ex vivo phantom

experimental measurements.

Chapter 5 takes the insight learned from the simulations in Chapter 4 to develop
a coherence-based metric that is sensitive to body wall effects for use as a proxy to
estimate in situ PRP in real-time. The correlation between the metric and in situ PRP is

investigated with 2D simulations and validated with ex vivo phantom measurements.

Finally, Chapter 6 summarizes the work presented in this thesis and outlines

future directions.



2 Background
2.1 Acoustic Radiation Force (ARF) Based Elasticity Imaging

Acoustic radiation force (ARF) based elasticity imaging techniques, such as
acoustic radiation force impulse (ARFI) imaging and shear wave elasticity imaging
(SWEI) have been around since the late 1990s [6, 7, 35]. Unlike conventional B-mode
imaging which utilizes the acoustic impedance differences between tissues as the
mechanism for contrast, ARF based elasticity imaging techniques deploy two types of
pulses in succession from a single transducer to generate images that portray tissue
stiffness. The two types of pulses are a pushing pulse and tracking pulses. The pushing
pulses are long duration focused ultrasonic pulses while the tracking pulses are shorter
duration pulses similar to those used for B-mode imaging. A typical soft tissue response
to an ARF excitation is portrayed in Figure 2.1. For ARFI imaging (blue in Figure 2.1d),
relative differences in on-axis tissue motion within the ARF excitation are visualized
with high resolution and with relatively deep penetration depth [36-38]. However, ARFI
images lack quantitative tissue stiffness information. For SWEI imaging (red and green
in Figure 2.1d), shear wave propagation is monitored outside of the ARF excitation
region where signal amplitude is lower, but quantitative tissue stiffness information in
the form of tissue shear modulus can be derived. First, shear wave group speed (SWS) is
extracted from the ensemble of displacement or velocity data using a radon sum

transformation [39], cross correlation [40], performing random sample consensus



(RANSAC) [41], or applying machine learning algorithms [42]. From the extracted SWS,
assuming the tissue is linear, elastic, isotropic, homogeneous, and incompressible, the
Young's modulus, E, can be determined as:

E = 3pSWS? (2.1)
where p is the tissue mass density [43].
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Figure 2.1: A simulated displacement field at different time points after the
initial ARF push pulse from a transducer. The transducer face is at the top of the
image facing down. Positive displacement is away from the transducer face also

straight down. The blue curve in d) is the high-amplitude on-axis displacement that
corresponds with information displayed by an ARFI image. The red and green curves
in d) are lower-amplitude off-axis displacement data that are needed to determine
SWS and to estimate shear modulus. Figure reproduced from [34].

2.1.1 ARF Pushing Pulses
When ultrasound waves propagate through tissue, the attenuation of the tissue

absorbs and scatters a portion of the wave energy [44]. A portion of the absorbed wave



energy is transferred into the tissue as momentum which results in an acoustic radiation

force (ARF) modeled by:

2al
F=—

p (2.2)

Where F denotes the generated ARF in kg/(s?>cm?), o represents the tissue
absorption coefficient in Np/m, I is the pulse average acoustic beam intensity in W/cm?,
and c is the sound speed in m/s [45]. Even though AREF is generated during all ultrasonic
propagation through soft tissue, only high energy and long duration (> 100 us) focused
pulses are capable of generating micron scale displacements. In order to keep the ARF
impulse-like, the duration of the push excitations needs to be shorter than the dynamic
response of tissue (< 1ms) [6]. Per Equation 2.2, the magnitude of the ARF generated for
a given tissue attenuation coefficient and sound speed is directly proportional to the
pulse average acoustic intensity. Since the pulse average acoustic intensity is directly
related to the square of the pressure amplitude, using higher pressure amplitude push
transmit pulses increases ARF and therefore tissue displacement for a given push

transmit duration.

2.1.2 Tracking Pulse Approaches

Following an ARFI push, shear waves are generated perpendicular to the
original push direction (Figure 2.1a-c). The motion generated by the resulting shear

waves can be imaged using repeated tracking pulses transmitted in an ensemble over a



lateral span outside the push excitation region (Figure 2.2). Ultrasonic motion estimation

techniques are then applied to quantify the dynamic tissue response.

STL MTL Compounded
Plane Wave
Push Track Push Track Push Track
{/,, ‘\ y // ‘\\\ /f’ \\\\
4 h 4
{ l ’ }

(a) (b) (c)

Figure 2.2: Three types of shear wave tracking configurations.(a) STL uses a
single-track beam location to track shear wave propagation generated from multiple
ARF pushes at varying lateral distances away [29]. (b) MTL uses a single push and
track location pair. The track beam is focused deep to the push focus and less tightly
compared to the STL track beam, and multiple lateral track lines are derived from a
single track transmit [30, 46]. (c) Compounded plane wave tracking also uses a single
push beam, but it coherently sums the multiple angled plane wave track transmits to
form lateral track lines encompassing the widest lateral field of view [47].

As shown in Figure 2.2 a-c, there are 3 track pulse focal configurations that have
been employed in SWEI imaging: 1) single track location (STL) [29, 30], 2) multiple track

location (MTL) [46], and 3) plane wave [47]. STL repeatedly uses a single tightly focused

10



transmit tracking beam configuration combined with multiple ARFI pushes at
increasing lateral positions to acquire a single SWEI measurement. From the single and
tight tracking transmit focus employed with this method, STL benefits by having
reduced speckle bias, but STL is slow to acquire data and increases energy deposition in
the body due to the use of multiple ARFI pushes for a single acquisition. Due to these
drawbacks, MTL and plane wave, coherently compounded tracking beams are
preferentially implemented commercially for SWEI [35]. These methods monitor shear
wave propagation across a 2D field of view from a single push pulse. MTL repeatedly
uses a single weakly focused transmit beam to track a single ARFI push over a finite
field of view while plane wave imaging removes the transmit focusing all together.
Because MTL retains some focusing on transmit, it benefits from increased signal
strength as compared to plane wave, however, the shear wave is typically monitored
over a smaller field of view with MTL.

Pulse inversion tissue harmonic imaging (THI) has been applied to SWE tracking
[48]. As with THI B-mode, harmonic SWE tracking reduces reverberation clutter, off-axis
scattering, and phase aberration when estimating tissue motion [24, 49], which leads to
improved tracking data quality [23] and has been shown to improve SWE measurement
success in human livers [50]. Additionally, harmonic SWE tracking has been shown to
reduce displacement underestimation bias by decreasing track beamwidth [24, 48].

However, as with B-mode, harmonic SWE tracking suffers from lower electronic SNR

11



compared to the fundamental signal [27]. Lower SNR increases displacement estimation

uncertainty (i.e., jitter), which is predicted by the Cramér-Rao lower bound (CRLB) [51]:

3 1 1 \?
itter > (1 + ) -1 2.3
J J 2f3m2T(BW3 + 12BW) <CC2 SNR ) (23)

where f: is the center frequency, T is the correlation window length in seconds, BW is the
fractional bandwidth, CC is the signal correlation coefficient, and SNR is the electronic

signal-to-noise ratio.

2.2 Mechanical Index (Ml)

The FDA established the MI as an acoustic output metric to address the potential
risks of non-thermal mechanical effects during diagnostic ultrasound exams in 1992 [25,
26, 33]. Its formulation is based upon observations of acoustic cavitation in the presence
of optimally-sized gas bubbles in water [52, 53], and it is defined as:

_ Pro.3(Zmr)

Vi fawf

where pr3(Zmi) is the attenuated (derated) peak-rarefactional acoustic pressure at the

MI (2.4)

depth Zmi (assuming an attenuation coefficient a = 0.3dB/cm/MHz); Zmi is depth on the
beam axis from the transducer to the plane of maximum attenuated pulse-intensity
integral (which generally occurs near the shallower focal depth when the electronic
lateral focus differs from the elevational lens focus), and fwy is the acoustic-working

frequency.
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The FDA adopted an MI threshold guideline of 1.9 because this value
corresponds to the maximum MI that was computed for ultrasound scanners in use
prior to 1976 when the FDA began monitoring acoustic output, and, no deleterious
events had been reported for ultrasonic imaging prior to 1976 [54]. The MI is commonly
further limited by commercial ultrasound vendors when a 20-30% safety buffer is
applied to reduce the number of production transducers requiring quality assurance
testing [27, 28], which results in most current commercial scanners using a maximum MI

between 1.3 and 1.6.

2.3 Tissue Harmonic Imaging (THI)

Initially used with ultrasound contrast agents to distinguish against other
background echoes, harmonic imaging uses a broadband transducer to transmit at
frequencies below its center frequency for transmit and then listens for echoes at the
second harmonic of the transmit frequency [21]. Tissue Harmonic Imaging (THI) was
later found to work in tissue without contrast agents and to provide better image quality
than conventional fundamental frequency images [9]. As a result, the current default
imaging mode for hepatic ultrasound is THI [15, 16, 55, 56]. Instead of the original
bandwidth-limited filtered harmonic signals [57], pulse inversion (PI) sequences where
sequential inverted pulses of positive and negative leading edges (180 degrees out of

phase) are summed to remove the fundamental frequency and the odd harmonics are
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used today [9]. Higher odd harmonics can be ignored in practice due to the limitations
of modern transducer bandwidth.

THI generally forms images with reduced acoustic clutter compared to
conventional fundamental imaging. This is due to the harmonic signal being generated
near the focal depth, bypassing aberrating and reverberating pre-focal structures and
reducing reverberation clutter and sidelobe levels [9, 23, 24]. THI signals, however, are
susceptible to low SNR because they are the product of nonlinear wave propagation [9,
27]. In commercial ultrasound scanners, the resulting THI signals from nonlinear
propagation are generally 15-20 dB lower in amplitude than the corresponding
fundamental signals [22].

In the case of plane wave imaging, there is no transmit focusing. Since harmonic
signal generation increases quadratically with source pressures, plane wave harmonic
imaging does not benefit from bypassing the pre-focal aberrating and clutter generating
structures. As such, the work presented in this thesis will focus on focused transmitted

harmonic pulses.
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2.4 Spatial Coherence

wm
anm®
----
-

Field Source ‘
P(x)y(x)

Figure 2.3: Reflected ultrasonic pulse signal from a point in the imaging field
to 3 elements on a transducer array used to calculate spatial coherence. Correlation
between time delayed signals from adjacent elements represent coherence at lag 1 (m
=1). Correlation between elements spaced one element apart are coherence at lag 2 (m
=2).

Spatial coherence is the measure of similarity between signals at separate
locations in space. In the field of diagnostic ultrasound, this can be interpreted as a
measure of correlation between time-delayed channel signals as a function of their
channel spacing or lag visualized in Figure 2.3. Mallart and Fink showed that the van
Cittert-Zernike (VCZ) theorem [58, 59] can be used to predict the spatial coherence of an
incoherent speckle source as the Fourier transform of the source intensity [60] as shown
in Equation 2.5. R(m) refers to the normalized correlation value at lag m, R’(0) is the
correlation at lag = 0 used to normalize the correlation, P(x) is the pressure in the field at

the lateral position x, and x(x) is the reflectivity in the field at the lateral position x. In
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the presence of fully developed speckle, x(x) =1 because reflectivity is uniform, and

Equation 2.5 simplifies to Equation 2.6.

R(m) =

1
Fy FTIPCX I 25)

R(m) = FT{|P(x)|?} =

1
70 FT{P(0)P* (x)) 2.6)

R'(0)
Using the Fresnel diffraction assumption, we can express P(x) as the Fourier

transform of A(x’), the transmit aperture function where x” is the lateral position on the

aperture. Replacing pressure in the right-hand side of Equation 2.6 with the aperture

function, we can express the spatial coherence as a function of the transmit aperture
using Equation 2.7.
R(m) <« A(—x") x A(x") (2.7)

2.5 Acoustic Clutter

Acoustic clutter can decrease the pressure reaching the focus. Acoustic clutter
causing focal energy loss can be categorized into 2 types: 1) phase aberration, and 2)
reverberation clutter. Phase aberration is the distortion of the wave front and focal
profile during propagation through heterogeneous sound speed material. Reverberation
clutter refers to ultrasound signals that have been multiply-reflected which do not reach

the focus.

Spatial coherence is sensitive to all forms of acoustic clutter. For phase

aberration, the changes in coherence can be modeled by Eq. 7 [51], where Rvcz(m) is the
16



coherence of the ideal noise-free VCZ case, e >0/ 2(Rer(0)- Re(m) represents the distortion
from phase aberration, fo denotes the transmit frequency, and R«(m) is the spatial

autocorrelation of aberration profile.

R(m) = RVCZ(m)e_(znfO)Z(Rrr(O)_Rﬂ:(m)) (28)

Reverberation clutter can be modeled as spatially uncorrelated signals. If the
signal is completely spatially uncorrelated, autocorrelation at lag 0 would remain 1
while correlation at all other lags would be 0. This coherence profile would be

represented with Eq. 8, a delta function at lag m = 0.

1, m=20
R(m) = {0, m#0 (2.9)

Generalizing Eq.8 for all levels of reverberation clutter relative to the channel
signal results in Eq. 9, which models reverberation clutter as a weighted average of a
triangle function and a delta function at lag 0 [61, 62]. The decrease after lag one is scaled

by the clutter noise to signal ratio (NSR).

1, m=20

R(m) = {Rycz(m)
—vezl ™) 21
T+nsgw MmO (2.10)

Chapter 5 leverages the fact that clutter causes decreases in both focal pressures

and spatial coherence to relate spatial coherence directly to in situ pressure.
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3 Quantifying the Impact of Imaging through Body Walls
on Shear Wave Elasticity Measurements

This chapter will be submitted for publication to the Ultrasound in Medicine & Biology
journal under the same title. It is coauthored with Nick Bottenus, Felix Jin, and Kathryn R

Nightingale.

3.1 Introduction

Liver biopsy is a gold standard for staging liver fibrosis [63-65], but its invasive
nature and lack of sensitivity [66-68] decrease its utility as a diagnostic tool for
longitudinal monitoring. Shear wave elasticity imaging (SWEI) [7], a noninvasive
diagnostic ultrasound technique that quantifies tissue stiffness, has found success in
liver fibrosis staging [70-73].

SWEI uses acoustic radiation force impulse (ARFI) excitations from an
ultrasound transducer to induce localized tissue displacement (i.e., to push tissue) at
depth [7]. Equation 3.1 describes the acoustic radiation force (ARF), F, generated by an
ARFI excitation [6]. In the equation, a represents the tissue acoustic absorption, I
denotes the pulse averaged acoustic beam intensity, and c is the speed of sound in the
tissue of interest. The tissue particle motion induced by the ARFI push and subsequent
shear wave propagation is then tracked using the same transducer with standard
ultrasonic tissue motion estimation methods to determine the shear wave speed (SWS)

[7]. Assuming the tissue is linear, elastic, isotropic, homogeneous, and incompressible,
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Equation 3.2 details the relationship between the estimated Young’s modulus, E, and the
SWS, where p is the tissue mass density [74].

__ 2al

F 3.1)

c
E = 3pSWS?2 (3.2)

During clinical application, studies have reported SWEI acquisition failures and
unreliable SWS measurements in patients with elevated body mass index (BMI) and for
some subjects with advanced hepatic fibrosis [14-19]. Because SWEI sequences consist of
two distinct operations (pushing and tracking), acquisition failures have been attributed
to (1) insufficient ARF generation resulting in inadequate tissue particle motion
amplitude, and/or (2) distorted ultrasonic tissue motion tracking. Previous studies have
demonstrated significantly decreased ARFI push amplitude in situ through some body
walls as compared to phantoms [28, 75]. Preliminary studies have also demonstrated
that body wall distortion of the tracking beams decreases shear wave elasticity (SWE)
measurement success [27]. The use of elevated transmit pressures and therefore elevated
mechanical index (MI) [54] (1.9 < MI < 3.5) for pushing and/or harmonic tracking beams
has been demonstrated to improve SWE measurement success [27, 28]. However, it
remains unclear which of the two SWEI sequence operations is more impacted by the

presence of body walls and if one of them might preferentially benefit from the use of

elevated MI transmit pulse configurations.
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Additionally, previous studies that reported improved SWE measurement
success when using elevated MI for harmonic tracking only explored using single track
location-SWEI (STL-SWEI) [27]. STL-SWEI repeatedly uses a single tightly focused
harmonic transmit tracking beam configuration combined with a series of ARFI pushes
at increasing lateral distance from the track beam to acquire a single SWE measurement
[29, 30]. From the tight transmit/receive focus of the tracking beam, STL-SWEI benefits
from optimal focusing and reduced speckle bias [29, 46], but is slow to acquire data due
to the use of multiple ARFI pushes for a single acquisition. In lieu of STL-SWEI, parallel
receive multiple track location-SWEI (MTL-SWEI) [35] is often used commercially. MTL-
SWEI uses either plane-wave or weakly focused transmit track beams to image the tissue
response to a single ARFI push. Although the defocused MTL tracking beam
configurations are more susceptible to speckle bias as compared to STL, MTL-SWEI
sequences are much faster than their STL counterparts because they require only a single
push per acquisition. Therefore, an additional goal of this work is to extend our prior
observations on SWEI measurement success with elevated MI tracking in STL-SWEI to
MTL-SWEL

Herein, we built an opposing window experimental setup that separately
isolated body wall effects between the push and track SWEI operations. Additionally,
instead of using the STL-SWEI tracking configuration of the previous study [27], we

examined MTL-SWEI track sequences. We independently assessed the effects of body
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walls on the pushing and tracking operations of SWEI as a function of MI, spanning 5

different push beam MIs and 10 track beam MIs.

3.2 Methods

As shown in Figure 3.1, two opposing, synchronized transducers were used in
tandem: an abdominal imaging DAX transducer array (transducer one, 1.6 MHz center
frequency) on a commercial imaging system (Sequoia, Siemens Medical Solutions,
Issaquah, WA, USA), and an L7-4 transducer (transducer two, 5.2 MHz center
frequency) on a research platform (Vantage 256, Verasonics, Kirkland, WA, USA). The
relative positioning of the two transducers had the Sequoia commercial system imaging
through body walls to best represent clinical abdominal imaging and the Verasonics
system bypassing body walls to provide control reference measurements. We used three
imaging combinations as shown in Figure 3.1 and Table 3.1: 1) push and track through
body wall with transducer one, 2) push through body wall with transducer one and
track without the body wall with transducer two, and 3) push without the body wall

with transducer two and track through body wall with transducer one.
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3.2.1 Transducer and System Configuration
DAX --- Sequoia Scanner

L7-4 --- Verasonics Scanner

Figure 3.1: Opposing window experimental setup. DAX transducer was on top
imaging the homogeneous liver speckle phantom through body wall samples while
submerged in attenuating fluid. L7-4 transducer was placed below and aligned with

the same imaging plane using custom transducer holders attached to a rigid
aluminum rectangular frame.

Table 3.1: 3 combinations of transducers used for push and track sequences in
the opposing window experimental setup. Since body wall samples are always
secured to the DAX transducer, the DAX always pushes/tracks through body walls.
Since the L7-4 is directly imaging into the liver phantom, the L7-4 always
pushes/tracks without a body wall.

SWE Imaging Push Track
Configuration Transducer Transducer
1 DAX DAX
2 DAX L7-4
3 L7-4 DAX

The DAX transducer, operated using the Siemens Sequoia scanner, was secured
to a rigid aluminum frame using a custom quick-release transducer holder in a
downward imaging position. Opposing the DAX transducer and in the same imaging
plane, the L7-4 transducer, operated using the Vantage 256 scanner, was also secured to

the frame using a custom transducer holder in an upward orientation. The vertical
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distance between the two transducer faces was 85 mm. The bottom L7-4 transducer
imaged into a stiff (5.13 m/s, 79 KPa) liver mimicking elasticity phantom (Computerized
Imaging Reference Systems, Norfolk, VA, USA) through a thin layer of ultrasonic
scanning gel (Clear Image Singles, NEXT Medical Products Company, Branchburg, NJ,
USA). The phantom was removed from its original protective case to allow for imaging
from both sides. To minimize precompression from the weight of the phantom on the
L7-4 transducer face, a ring stand was used to support and hold the phantom in place.
On top of the liver phantom, a tray with a Tegaderm membrane (Model 1626W, 3M,
Saint Paul, MN, USA) cut-out window was used to hold a solution of evaporated milk
and saline tuned to a sound speed of 1540 m/s and acoustic attenuation coefficient of 0.5
dB/MHz/cm as coupling media [77-79]. A thin layer of water (<1 mm) coupled the
Tegaderm membrane to the liver phantom. Submerged in the evaporated milk coupling
media, the DAX transducer imaged through fresh pork belly sections, sourced from the
local grocery store, at room temperature after degassing to mimic human abdominal
walls [78, 79]. Herein, the pork belly sections will be referred to as body walls. To
simulate the pressing of the transducer into the human abdominal wall done during
clinical imaging, 3-D printed clamps, which did not obstruct the imaging window, were

used to push the body walls against the DAX transducer face.
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Line trigger
(BNC cahle)

Siemens Sequoia Scanner

Figure 3.2: Control diagram for one-way synchronization from Sequoia system
to Vantage system. For a given transmit condition, two signal streams were output
from the Sequoia scanner to an intermediary computer with triggering control. One
output was a line trigger via BNC cable while the other was a synchronization gating
command via an ethernet cable. The combination of line trigger signals and gating

Trigger Box + Computer

Acquisitiontrigger
(BNC cable)

Controller (Python)

Sync commands
(TCP interface)

Verasonics Vantage
Scanner

signals were combined by the intermediary control computer to output a single
acquisition trigger input signal for the Vantage system via BNC cable.

Synchronization between the two scanners followed the diagram in Figure 3.2. In

addition to the native line trigger output from the Sequoia scanner, a slower gating

command via Ethernet cable using a TCP interface was used to isolate the trigger

corresponding to the beginning of the SWE sequence. The custom-built intermediary

trigger box and computer controller combined the two Sequoia control signals and

generated a trigger signal for the Verasonics scanner to synchronize data acquisition

between the two scanners.

3.2.2 SWEI Data Acquisition

Table 3.2: Push pulse parameters for the DAX and L7-4 transducers which were
selected to generate similar push displacement amplitudes in the phantom from each

transducer.
Push Sequence DAX L7-4
Parameters
Transmit Frequency 2.2 4
[MHz]
Focal Depth [mm] 64 25
Lateral F/# 1.6 2
Push Cycles 400 790
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Push Displacement [um] 2.3 2.3
Default MI 2.3 2.5

Table 3.3: SWEI tracking parameters for the DAX and L7-4 transducers.

Track Sequence Parameters DAX L7-4

Tx Frequency [MHz] 1.3 52

Tx Focal Configuration Deep Focal Plane Wave
Depth

Rx Frequency ALP Harmonic | Fundamental

Configuration

# Parallel Receive Beams 32 136

Lateral FOV [mm] 9.56 19.96

PRF [KHz] 5 10

Pulse Duration [cycles] 1.25 1

3.2.2.1 DAX Push and Track (Table 3.1: Imaging Combination 1)

When examining the effects of changing MI for ARFI push and SWEI track while
imaging through body walls, only the DAX transducer was used and the L7-4
transducer was turned off such that both the push and track signals propagated through
the body walls. The DAX push parameters shown in Table 3.2 were selected to match a
previous study [27]. When varying push MI, push duration was held constant, thus the
total energy deposited increased with increasing MI. The following 5 push MI values
were used for the DAX transducer: 1.1, 1.5, 1.7, 2.1, and 2.3. Track transmit parameters
used by the DAX are shown in Table 3.3. Fully sampled Alternating Line Phase (ALP)
pulse inversion (PI) [80] was used to recover harmonic 2.6 MHz center frequency data.

For the tracking sequence described, the track MI was varied 10 times corresponding to
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the following values: 0.2, 0.3, 0.5, 0.8, 1.0, 1.2, 1.3, 1.4, and 1.5. The upper limit of the
track transmit MI was limited by the scanner software and focal depth. When varying
pushing MI, the DAX tracking MI was held at the maximum value of 1.5. When varying
tracking MI, the DAX push MI was kept at 2.3. Each acquisition was repeated 5 times
with the same speckle realization to characterize scanner repeatability. A total of 28

body walls ranging between 1.8 cm and 4.1 cm thick were imaged.

3.2.2.2 DAX Push with L7-4 Track (Table 3.1: Imaging Combination 2)

When isolating the effects of body wall on only the push, DAX tracking was
turned off and the L7-4 track sequence was turned on. The L7-4 track transmit
parameters used are displayed in Table 3.3. L7-4 tracking did not use harmonic, angular
compounding, or transmit focusing because it was imaging directly into the liver
mimicking phantom which is a straightforward imaging situation without aberration or
clutter generating structures. All 5 DAX push MIs used in imaging combination 1 shown
in Table 3.2 were collected for imaging combination 2 for same set of 28 porcine body
walls. For each push transmit configuration and each body wall, 5 repeat acquisitions

were collected.

3.2.2.3 L7-4 Push with DAX Track (Table 3.1: Imaging Combination 3)

When isolating the effects of body wall on only the track, the DAX tracking
configuration was used with the L7-4 push configuration. The L7-4 push parameters are

shown in Table 3.2. This matched the peak displacement generated by the DAX at a
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magnitude of 2.3 um at the same imaging depth plane in the phantom. The 10 DAX
track Mls used in imaging combination 1 shown in Table 3.3 were collected for all 28
porcine body walls for imaging combination 3. For each track transmit configuration on

each body wall, 5 repeat acquisitions were collected.

3.2.3 Spatial Coherence Data Acquisition

Harmonic lag one coherence (LOC) [62] and harmonic short-lag spatial
coherence (HSC) [81] are evaluated herein. LOC has previously been shown to increase
with increasing transmit pressure until a plateau with sufficient electronic SNR [62].
HSC has previously been shown to strongly correlate with B-mode in situ peak
pressures. Since it was not possible to measure peak in situ pressures directly for each
body wall, peak in situ on-axis focal displacement amplitude from an ARFI push pulse
was used as a proxy measurement for peak in situ pressure. In situ peak displacement is
a function of the time average intensity of the in situ acoustic beam (Equation 3.1) and
scales with the square of in situ pressure. In situ peak displacement amplitude was
quantified with the Verasonics system (no body wall). HSC and LOC were computed
using pulse inversion B-mode channel data collected using the DAX transducer imaging
through the body walls and the Sequoia scanner matching the push transmit beam focal
configuration with those used during the corresponding the SWEI data acquisition.
From the center 11 B-mode lines, harmonic spatial coherence was computed from which

HSC and LOC were extracted.
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3.2.4 SWS Estimation

Standard SWEI data processing methods were implemented [27, 28]. Briefly,
tissue particle velocity was determined using a progressive-reference phase shift
estimator, Kasai algorithm [92], on beamformed in-phase and quadrature (IQ) data. The
same processing code was used for data from each system. An axial averaging kernel
size of 6 track beam wavelengths was applied to suppress noise. Additionally, a low
pass filter with cutoff frequency at 1000 Hz was applied to the tissue velocity data to
simulate clinical data processing [27]. Velocity data within the push beam’s axial depth
of field (DOF - 9.45 mm for the DAX, 9.24 mm for the L7-4) was compressed using the
axial mean. The mean shear wave tissue velocity across the lateral field of view was then
assessed using a Radon Sum/LatSum algorithm to estimate SWS [39]. Each SWS
measurement corresponding to each repeated acquisition was considered successful if
the estimated SWS was within 10% of the ground truth SWS (5.13 m/s), which was
measured in the phantom without a body wall using all imaging configurations. In
addition to the LatSum method, another SWS estimation technique, SweiNet [42], was
also applied to the entire dataset. SweiNet has been shown to give consistent SWS
results to LatSum, and in addition it provides an uncertainty metric for every estimate —

with noisy data generating larger uncertainty.
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3.2.5 Peak Displacement and Jitter Estimation

From the L7-4 tracked data collected after pushing with the DAX, point
displacements were estimated using the same Kasai algorithm [82] along with an axial
averaging kernel of 6 track beam wavelengths. To compute the on-axis peak
displacement, point displacements spanning 2 mm laterally centered around the push
focus and 9.24 mm axially (the axial DOF) were averaged.

To compute the displacement estimation jitter magnitude, point displacements
were computed for the reference track frames before the push, where there was no
actual motion. These displacements were averaged over the DOF of the push beam.
Jitter magnitude was then determined by taking the standard deviation of two

consecutive frames [51].

3.2.6 Ml Measurement

After completing 3D scans using a computer-controlled three-axis translation
stage (MM3000, Newport Corporation, Irvine, CA, USA) in a deionized (DI) water tank,
peak intensity pressure signals for each transmit configuration were recorded using an
Acertara 804 polyvinylidene fluoride (PVDF) membrane hydrophone (Acertara Acoustic
Laboratories, Longmont, CO, USA) and a LeCroy Wavesurfer MXs-B oscilloscope
(Teledyne LeCroy, Chestnut Ridge, NY, USA). The output voltage waveforms from the
membrane hydrophone were then converted to pressures using magnitude

deconvolution [83], where the frequency-dependent magnitude sensitivity of the
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hydrophone was accounted for using an 1-20 MHz calibration. MI was then computed

from the derated peak rarefactional pressure per AIUM/FDA guidelines [25, 26, 33, 84].

3.3 Results
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Figure 3.3: Percentage yield of successful SWS measurements as a function of
ARFI push beam MI from acquisitions for all 28 body walls. (Blue) Results from
imaging combination 1 acquisitions where the DAX transducer was used for both
push and track pulses through body walls. (Red) Results from imaging combination
2, where the DAX pushed and the L74 tracked.

Figure 3.3 plots the percentage of successful SWS measurements as a function of

DAX transducer push MI. For both the DAX tracked and L7-4 tracked data, the SWS

yield increases monotonically with increasing DAX push MI. When tracking with the

L7-4, bypassing body walls, SWS yield increased between 26% and 42% compared to

when tracking with the DAX through body walls. Still, tracking without body walls

using the L7-4 at the maximum DAX push MI of 2.3 yielded 16% unsuccessful

measurements highlighting the presence of cases where not enough energy was
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deposited through the body walls to generate a measurable shear wave even with ideal
tracking.
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Figure 3.4: Sample shear wave trajectories from acquisitions from varying
push MI in one body wall. Left column corresponds to push MI of 1.1. Right column
corresponds to push MI of 2.3. Top row contains velocity data tracked through the
sample body wall using the DAX (imaging combination 1). Bottom row displays
corresponding L7-4 tracked velocity data (imaging combination 2).

Figure 3.4 a-d illustrates sample velocity-based shear wave trajectories from a
single body wall. When tracking with the DAX through the body wall and pushing with
the DAX (imaging combination 1) at an MI of 1.1, no shear wave propagation was
observed (Figure 3.4a). Increasing the push MI to 2.3 resulted in a successful SWS

measurement of 5.16 m/s (Figure 3.4b) with the DAX. When lowering the push MI back
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down to 1.1 and using the L7-4 for tracking (imaging combination 2), shear wave
propagation was observed (Figure 3.4c). This SWS, however, did not qualify as a
successful SWS measurement because the 5.67 m/s SWS was more than 10% greater than
the ground truth. Using a high push MI of 2.3 from the DAX and tracking without the
body wall with the L7-4 (imaging combination 2) resulted in a successful SWS
measurement with an estimate of 5.31 m/s (Figure 3.4d). Figure 3.4c illustrates the

increased sensitivity to small velocities when bypassing the body wall by tracking with

the L7-4.
SweiNet: Push & Track w/ Bodywall Varying Push M| 8 SweiNet: Only Push w/ Bodywall Varying Push Ml
o i '
+
T
7 + b 1 7 N
+ T + + + + *
6 — T 6
= I T + + + 7 + ks
E I 1 + $ E E
25 | e =5 + + +
2 T ! * i z "
s | I I + ES = + +
4 | [ I T + B4 + + N
g2 | | | | e g -
= I | l = I *
w3 | | w3 |
= ‘ | ! E t
w0 | | o | +
! + +
2 2 — T *
1 _; + +
1 1 = .
| T
N N T -+ — ==
11 15 17 21 23 1.1 15 1.7 21 23
Push MI Push MI
(a) (b)

Figure 3.5: SweiNet SWS uncertainty as function of push MI when using
imaging combination 1 (pushing and tracking through body walls) in (a). SweiNet
SWS uncertainty as function of push MI when using imaging combination 2 (pushing
through body walls and tracking without body walls) in (b).

Figure 3.5 shows trends of decreasing SWS estimation uncertainty with
increasing push MI for both imaging combinations (tracking with (Figure 3.5a) or
without (Figure 3.5b) body walls). As expected, tracking without body walls also
decreased the SWS uncertainty at every MI measured compared to tracking through the

body walls.
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Figure 3.6: Percentage yield of successful SWS measurements as the DAX
harmonic SWE track pulse MI increased from 0.2 to 1.5 across acquisitions for all 28
body walls. (blue) Results from imaging combination 1 acquisitions where the DAX

transducer was used for both push and track pulses. (red) Results from imaging
combination 3 acquisitions where the DAX transducer was only used for track pulses
through the body walls and the L7-4 transducer generated push beams without the
body walls.

Figure 3.6 plots the percentage of successful SWS measurements as a function of
DAX transducer track ML. SWS yield increased monotonically with DAX track MI when
the DAX was used to push through the body walls (imaging combination 1). Pushing
with the L7-4, bypassing the body walls for the push (imaging combination 3), resulted
in increasing SWS yield with DAX track MI up to a plateau (DAX track MI ~ 0.8). As
expected, L7-4 pushing resulted in higher SWS yield than DAX pushing through the
body wall at every DAX track MI level examined. The difference in SWS yield between
L7-4 pushes (no body walls) and DAX transducer pushes (through body walls) was
larger for lower DAX track Mls: 21% for a DAX track MI = 0.8, decreasing to only 4% as

DAX track Ml increased to 1.3. When pushing through body walls, higher track beam
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MIs are needed to achieve the same level of SWS yield by decreasing tracking jitter

magnitude in order to compensate for the lower amplitude shear waves.
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Figure 3.7: Sample shear wave trajectories from acquisitions varying DAX
track MI in one body wall. Left column corresponds to DAX track MI of 0.2. Right
column corresponds to DAX track MI of 1.5. Top row contains velocity data pushed
and tracked through the body wall using the DAX transducer (imaging combination
1). Bottom row displays corresponding data from the same body wall while tracking
through the body wall with the DAX but pushing with the L74 bypassing the body
wall (imaging combination 3).

Figure 3.7 illustrates sample velocity-based shear wave trajectories from a single
body wall for two different track MIs. When pushing with the DAX through the body
wall and tracking with the DAX through the body wall (imaging combination 1) with a

track MI of 0.2, no shear wave propagation was observed (Figure 3.7a). Increasing the
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track MI to 1.5 resulted in a successful SWS measurement of 5.17 m/s (Figure 3.7b) for
the same pushing pulse. When lowering the DAX track MI back down to 0.2 and using
the L7-4 for pushing (imaging combination 3), shear wave propagation was not
observed (Figure 3.7c). However, increasing the DAX track MI to 1.5 resulted in a

successful SWS measurement with an estimate of 4.72 m/s (Figure 3.7d).
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Figure 3.8: SweiNet SWS uncertainty as function of track MI when using
imaging combination 1 (push and track through body walls) in (a). SweiNet SWS
uncertainty as function of track MI when using imaging combination 3 (push without
body walls and track with body walls) in (b).

Figure 3.8 shows trends of decreasing SWS uncertainty with increasing track MI
through the body walls when applying SweiNet to estimate SWS for both imaging
combinations 1 and 3 regardless of body wall presence during the push transmit.
Pushing without the body walls (Figure 3.8b) also decreased the SWS uncertainty at

every track MI > 0.5 measured compared to pushing with body walls (Figure 3.8a).
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Figure 3.9: Distributions of peak ARFI displacement amplitudes tracked via
imaging combination 2 by using the opposing L7-4 to track and the DAX to push
through all 28 body walls and all 5 push MIs grouped based on SWS measurement
success/failure in (a) showing the range of energy reaching the phantom through the
different body walls for a given push configuration. Distributions of peak ARFI
displacement amplitudes tracked using the L7-4 for DAX pushes through all 28 body
walls as a function of DAX push MI increasing from 1.1 to 2.3 in (b). Note that
brackets indicate not significant.

Figure 3.9 plots the distributions of L7-4 tracked peak displacement resulting
from DAX pushes through the 28 body walls corresponding to imaging combination 2.
The distribution of peak displacement amplitudes from all 5 repetitions, all 5 DAX push
Mls, and across all 28 body walls were grouped based on the success or failure of the
corresponding SWS estimate in Figure 3.9a. A Wilcoxon rank sum test performed on this
binary grouping showed a significant difference of median peak displacement between
successful and failed SWS estimates (p < 0.0001). When the same data was grouped by
push MI in Figure 3.9b, a Kruskal-Wallis test showed that there were significant

differences in median peak displacements between different push Mls (p < 0.05).
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Specifically, Mann-Whitney U-tests demonstrated differences between all combinations

of push MIs (p < 0.05) except the two combinations in brackets.
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Figure 3.10: Mean and standard deviation of jitter across 15 speckle
realizations for each of the 32 parallel receive lines using the DAX transducer at a
track transmit MI of 1.5 in (a). Mean and standard deviation of jitter across 15
consecutive frames for each of the plane wave received track lines using the L7-4
transducer as control in (b).

Figure 3.10 examines the displacement estimate jitter magnitudes across the
lateral lines for the DAX at the highest track MI of 1.5 and for the L7-4 control case, both
without a body wall present. The mean and standard deviation of jitter magnitude were
computed from 15 speckle realizations. Mean jitter magnitudes increased at the edge
receive lines for the DAX (lateral positions approaching 9mm in Figure 3.10a), unlike the
L7-4 in Figure 3.10b, where the mean jitter did not follow a trend across the lateral
imaging field. Taking the mean jitter magnitude across the 32 parallel lateral receive
lines, however, resulted in the DAX having comparable jitter magnitude to the L7-4

probe across all of the plane-wave parallel receive lines.
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Figure 3.11: Mean track jitter magnitude across the 32 parallel receive lines for
the DAX transducer using track MlIs from 0.2 to 1.5. Red line represents jitter
magnitude when no body walls are present. Blue represents jitter magnitude when
body walls are present. Error bars depict median and interquartile range across 28
body walls.

Figure 3.11 investigates the effects of the body wall on the mean jitter magnitude
for the DAX transducer as a function of track MI. For a given track MI, inter-body wall
median jitter was consistently 4.0 to 4.7 times larger than the no body wall case (using
the DAX transducer without an intervening body wall as a reference). The inter-body
wall median jitter magnitude at a track MI of 1.5 was larger than the jitter magnitude

with no body wall at a track MI of 1.0.
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Figure 3.12: Theoretical Cramer-Rao Lower Boundjitter magnitude curves for the DAX
and L7-4 transducers as a function of the signal correlation coefficient.

Figure 3.12 depicts the theoretical Cramer-Rao Lower Bound (CRLB) jitter
magnitude computed using Equation 2.3 in Chapter 2 [51] for these experiments for both
the L7-4 and the DAX. The L7-4 transducer parameters included: 5.2 MHz center
frequency, 0.8 fractional bandwidth, 0.192 us window length, and 60 dB SNR. The
experimentally measured cross correlation coefficient was 0.999996 which corresponded
to a CRLB value of 0.0546 um. For the DAX transducer given 2.6 MHz center frequency,
0.8 fractional bandwidth, 0.75 us window length, 60 dB SNR, and experimentally
measured correlation coefficient 0.999995, the corresponding CRLB magnitude of 0.0894

um was computed.
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Figure 3.13: Harmonic spatial coherence.(a) Pulse inversion derived second harmonic
Lag One Coherence (LOC) in 10 sample body walls(squares) and 1 control sample
without a body wall (black circles) as a function of increasing MI from 0.4 to 2.3. (b)
Sample second harmonic spatial coherence curves as function of lag for the no body
wall control (black), a body wall with high spatial coherence (blue), and a body wall
with low spatial coherence (red). The error bars represent the median and
interquartile range of 11 overlapping transmit beams. The three colors represent the
same samples between plots (a) and (b). (c) Linear regression line between the
Harmonic Short Lag Spatial Coherence (HSC) values and ARFI peak displacement
values for the 28 body walls (red). X-axis values and error bars represent the median
and interquartile range of 11 overlapping transmit beams for HSC. The y-axis values
and error bars represent the median and interquartile range across 5 repeated
acquisitions for ARFI peak displacements tracked by the L7-4 transducer for DAX
pushes at MI = 2.3.
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Figure 3.13 illustrates spatial coherence derived image quality metrics obtained
when imaging through the body walls in the experiment. Second harmonic LOC, an
image quality metric for B-mode [62], was plotted as a function of increasing MI for 10
body walls and the no body wall control (Figure 3.13a). The MI at which the LOC
plateaus has been shown to quantify the minimum MI needed to achieve optimal B-
mode image quality [62]. Harmonic LOC plateaued at an MI of 1.2 without a body wall
while most body walls plateaued at higher Mls. The two exceptions were body walls
with exceedingly low LOC that do not change with MI. These two body walls also never
yielded successful SWS measurements when pushing and tracking through them. An
additional 4 body walls shown in Figure 3.13a exhibited linearly increasing LOC even at
a transmit MI of 2.3, suggesting further increases in MI could further improve image
quality. The entire spatial coherence curve at MI = 2.3 was plotted for 3 samples in
Figure 3.13b. The sample with the highest spatial coherence curve was the control, while
the sample just below it was the body wall sample with high LOC (0.95). With the
lowest LOC (0.17), the third body wall sample shown in this plot also had the lowest
spatial coherence curve. Finally, the HSC [81], a metric previously shown to strongly
correlate with in situ pressures is plotted against peak ARFI displacement amplitude
that was measured using a push MI of 2.3 (Figure 3.13c), a metric which is directly

correlated to energy deposition in vivo and is used as a proxy for peak in situ pressure
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herein. A linear regression found the peak ARFI displacement to moderately correlate

with HSC with r2=0.47.

3.4 Discussion

SWS yield increased while increasing push MI through body walls, which, as
expected resulted in higher shear wave displacement amplitudes. In Figure 3.9b, median
displacement amplitude was shown to increase with increasing push MI through body
walls. Figure 3.9a also confirmed that median displacement amplitudes for successful
SWS estimates were significantly higher than median displacement amplitudes for failed
SWS estimates. Thus, in Figure 3.3, both DAX and L7-4 tracked SWSs demonstrate
monotonically increasing SWS yield as a function of increasing push MI.

Motion estimation jitter magnitude also contributes to SWS yield, which is
demonstrated when comparing tracking through body wall and without body wall
(imaging combination 1 to 2). Without the body wall, the average jitter magnitudes
across the track receive lines were equivalent between the DAX and L7-4, as shown in
Figure 3.10, while jitter magnitudes increased considerably when tracking through body
walls as seen in Figure 3.11. Furthermore, Figure 3.11 depicted the L7-4, without body
wall presence, capable of tracking particle velocities of about 1/5 the magnitude of
particle velocities visualized by the DAX through the body wall. Therefore, we conclude

that tracking without body walls improved SWS yield via jitter reduction.
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We also conclude from the data presented that while the presence of a body wall
affected both the ability to push and track, the effects on tracking were more substantial.
When using imaging combination 2 instead of 1 (i.e., to track without body walls
compared to through body walls), SWS yield increased an average of 37% (Figure 3.3).
When using imaging combination 3 instead of 1 to push without body walls, however,
SWS yield only increased an average of 9% (Figure 3.6). Specifically, when matching the
push and track MI across the SWEI tracking and ARFI pushing data (right most bars in
Figures 3.3 and 3.6), SWS yield decreased from 85% to 46% with the addition of body
walls on track (imaging combination 2 to 1) and SWS yield decreased from 53% to 47%
with the addition of body walls on push (imaging combination 3 to 1). That was despite
the presence of the body wall decreasing the median ARFI displacement from 2.33 um to
0.43 pm in Figure 3.9b, which was a factor of 5.4 and similar to decreases shown in
previous studies [28, 75]. This change in displacement amplitude was on the same order
of magnitude as the jitter amplitude increase of 4.8 with body wall presence (Figure
3.11). Thus, the displacement to jitter ratio had not drastically changed. Two potential
sources for the discrepancy in SWS yield between imaging combination 2 (push through
and track without body wall) and 3 (push without but track through body walls) are
reverberation clutter and phase aberration. Reverberation clutter has been shown to be

generated in the body wall. In addition to decreasing pressure amplitude and thus
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signal at the focus, reverberation clutter can write into the tracking data as multiplicative
noise. This could lead to underestimation or even masking of particle motion.

The linear correlation between HSC and peak displacement shown in Figure 3.13
was moderate and lower than the strong correlation between HSC and in situ peak
pressure as previously reported, likely due to differences in pulse duration. HSC was
computed using a B-mode pulse while displacement was generated using a long,
narrowband pulse. As such, phase aberrations of more than one wavelength could still
sum coherently to generate energy for displacement for a push pulse while the same
phase shifts would not contribute to the spatial coherence value we computed for our
single-cycle coherence measurements.

Further increases in track MIs may have benefited SWS measurements through a
few of the body walls. This is observed in Figure 3.13a which illustrated at least 4 body
walls that had not reached harmonic LOC plateau by MI of 2.3. Since LOC plateau
correlates with achieving optimal electronic SNR for B-mode imaging [62], we can
postulate that SWEI electronic SNR was suboptimal and SWS measurements for those
body walls could benefit if higher track transmit MI were permitted by the scanner

software.

3.5 Conclusions

This study evaluated and quantified the impact of imaging through body walls

on both ARFI push and MTL-SWEI track beams, and demonstrated that the effects on
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the two were not equivalent. Body walls degrade MTL-SWEI tracking more severely
than they degrade ARFI push pulses in terms of the resulting shear wave speed
estimates. For MTL-SWEI tracking beams, the presence of body walls decreased SWS
yield by an average of 37% across the 5 push MIs tested. For SWEI pushing beams, the
presence of body walls decreased SWS yield by only an average of 9% across the 10 track
MiIs tested. These findings inform the focus of future sequence optimization in SWE
imaging.
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4 Quantifying the Impact of Abdominal Body Wall on in
situ Peak Rarefaction Pressure during Diagnostic
Ultrasound Imaging

This chapter has been published in the Ultrasound in Medicine & Biology journal under
the same title. The contents of the journal publication are included in its entirety with formatting
changed to be consistent with the rest of the dissertation. It was coauthored with Gianmarco F.

Pinton, Yufeng Deng, and Kathryn R. Nightingale.

4.1 Introduction

Ultrasound is widely used for abdominal imaging and is the standard-of-care for
hepatocellular carcinoma (HCC) screening [12, 13]. HCC screening with diagnostic
ultrasound imaging results in successful diagnosis for only 25-60% of patients [14-17].
The high failure rate of HCC diagnosis with ultrasound is attributed to poor image
quality. Poor image quality is common even though Tissue Harmonic Imaging (THI)
[21], the current standard mode for hepatic imaging, produces higher quality images
than traditional fundamental frequency imaging [8, 22-24]. One reason for poor image
quality is that, due to its harmonic nature, THI has a lower signal-to-noise ratio (SNR) as
compared to fundamental signals [9]. Low SNR is associated with lower B-mode
contrast and CNR and increased displacement estimation jitter [51, 85]. We have
observed moderate B-mode and considerable ARFI/SWE improvements in performance
when imaging with MI > 1.9 [27, 28]. We have also demonstrated a linear correlation

between harmonic image quality and increasing transmit pressures until a maximum
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plateau is observed [62], but the transmit pressure associated with this maximum varies
considerably between patients [62]. We hypothesize that these differences are associated
with differences in in situ signal levels, which has motivated the work herein.
Diagnostic ultrasound transmit pressures are assessed by the FDA guideline for
Mechanical Index (MI) through Equation 4.1 (also Equation 2.4 in Chapter 2), with a

guideline for a maximum value, and thus a de facto upper limit of 1.9 [25].

MI = —p“’_;i’;”) (4.1)

In Equation 4.1, prs(Zmi) is the estimated in situ peak rarefaction pressure (PRP)
amplitude. fur is the acoustic working frequency of the pressure waveform. pr.3(Zmi) is
determined from PRP measured in water, p«(Zm1), and linearly derated by a =
0.3dB/cm/MHz as seen in Equation 4.2.

Pro3(Zur) = pr(Zy)e*#mrfavs  (4.2)

The MI equation is a first order approximation model that is simple and easy to
use. However, there are some limitations associated with the assumptions in this model.
Ultrasound propagates differently in water as compared to tissue. At medical diagnostic
frequencies of a few megahertz, water is minimally attenuating and exhibits a frequency
squared dependence at 0.00139dB/cm/MHz? [86] compared to the typical soft tissue range
of 0.3-1.1 dB/cm/MHz [77-79] which allows shocks to form more quickly in water. The
formation of shocks in water causes more energy to be lost due to saturation [87]. In
addition, tissue has heterogeneity in its material properties that is not accurately
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modeled by the constant attenuation value employed by the MI. Due to these factors, in
situ PRP can often be overestimated and/or underestimated by the MI calculation.

The work presented herein includes numerical simulations along with in situ
experimental validation. The simulations explore the factors that cause the MI to
inaccurately estimate PRP in situ and assess the range of in situ values that can occur in
vivo. In situ experimental results confirm the simulation validity. Throughout this work,
we report an effective Mechanical Index (MIE) by employing the actual simulated or
measured in situ PRP in the numerator of Equation 4.1 instead of that determined by

linearly derating water-based measurements [54].

4.2 Methods
4.2.1 Simulations

Because analytical solutions to the nonlinear wave equation in heterogeneous
media were not available, we chose to numerically model wave propagation with a
second order nonlinear full-wave equation that describes nonlinear wave propagation
through an attenuating media [88]. The simulations allowed us to analyze the effects of
different abdominal wall models on PRP and to accurately control material properties.

The simulation source pressures corresponded to experimentally measured
source pressures from a typical abdominal harmonic imaging sequence using a 4C1
curvilinear transducer on a Siemens Acuson S3000 scanner (Siemens Healthcare,

Issaquah WA USA) with the following transmit parameters: an F/1.5 transmit, 2-cycle
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excitation, at a center frequency of 2.2 MHz, focused at 5 cm axially. The transmit
pressures corresponded with an MI of 1.9 measured at the focus. Pressure signals were
measured using an Acertara 804 PVDF membrane hydrophone (Acertara Acoustic
Laboratories, Longmont CO USA) and recorded using a LeCroy Wavesurfer MXs-B
oscilloscope (Teledyne LeCroy, Chestnut Ridge NY USA). The membrane hydrophone
had magnitude calibration from 1-20 MHz and a spot size of 0.6 mm, sufficient for the
low 2.2 MHz center frequency [84]. Consistent with all of our experimental
measurements presented, frequency deconvolution was applied to the voltage signal
data to derive the pressure waveforms [83]. Source pressures were collected in a plane
perpendicular to the propagation direction at a distance of 2 mm from the face of the
transducer. Secured to a computer controlled 3-axis translation stage (Newport
Corporation, Irvine CA USA) with 10 um precision, the transducer was moved laterally
and elevationally in increments of 0.175 mm to collect the data plane. These pressures
were then numerically back-propagated using the full-wave model to the curved surface
of the transducer aperture. This allowed for accurate source pressure characterization
from the curved surface to be forward propagated through media with varying
properties.

Acoustic propagation through various materials was simulated using the full-
wave method in 3D [89]. This nonlinear simulation package was chosen because it

captures multiple reflections and path heterogeneity. For this finite-difference time-
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domain method, we used a regularly sampled Cartesian grid for the simulations with a
spacing of 44 um to guarantee accuracy up to the second harmonic.

In order to accurately simulate path heterogeneity, image data from the Visible
Human abdominal region [90] was used to derive acoustic property maps for
propagation (Figure 4.1a). The image stack was first cropped for the abdominal region.
Then, layers of skin, fat, muscle, and liver were segmented using a threshold-based
algorithm [89]. Tissues within each layer were categorized into connective tissue, fat,
muscle, and liver using a combination of histogram equalization, edge detection, and
morphological operations (Figure 4.1b). Because skin and connective tissue have similar
acoustic properties, they were both categorized as connective tissue. The four tissue
maps were then converted to attenuation, nonlinearity, speed of sound, and density
maps for each simulation (Table 4.1). A total of five non-overlapping abdominal sections
were used to generate five different body wall simulations. Each simulation took 120
hours to run using a 48-computer server cluster running at 2.6 GHz clock speed and

using 120 GB of RAM.
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Figure 4.1: Sample image slice of abdominal wall from the Visible Human
cadaver (a). Resulting tissue type map (b) after segmentation, thresholding, and
feature detection. Dark blue: fat. Light blue: connective tissue. Green: muscle. Yellow:
liver.

Table 4.1: Simulated Tissue Acoustic Properties referencing [77-79]. Iso-
Velocity columns determined by shifting speed of sound differences into density
differences. Iso-Impedance columns determined by changing density to maintain

consistent impedance.

Tissue Type | a(dB/cm/MHz) B/A p (kg/cm?) c (m/s)
Connective 0.5 8 1120 1613
Fat 04 9.6 937 1479
Muscle 1.15 9 1070 1566
Liver 0.5 7.6 1064 1570
Phantom 0.5 10 1000 1540
Tissue Type | Iso-V p(kg/cm?) | Iso-V c(m/s) | Iso-Z p(kg/cm?) | Iso-Z c (m/s)
Connective 1173 1540 1120 1613
Fat 900 1540 1222 1479
Muscle 1088 1540 1154 1566
Liver 1085 1540 1151 1570

4.2.2 In situ Experiments

The experimental setup shown in Figure 4.2 was used to measure in situ PRP
through porcine abdominal body wall samples at room temperature (22 °C). The

samples were degassed prior to the experiments to remove air pockets. We secured 2-3
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cm thick fresh pork belly samples from the local grocery market to the face of a
curvilinear Siemens 4C1 transducer by compressing the body walls into the transducer
tace with two supports shown in Figure 4.2. The pork belly included the skin, fat, and
muscle layers. In order to facilitate the scanning motion involved for hydrophone
measurements, an attenuating fluid, comprised of evaporated milk, deionized water,
and salt, (tuned to a = 0.5 dB/cm/MHz and sound speed of 1540 m/s) was used to model
liver tissue [79]. The transducer transmit configuration was matched to the simulations
with a 2-cycle excitation with a center frequency of 2.2MHz, and a F/1.5 focal
configuration with a focus at 5cm axially. In situ pressures were measured as described
above. The transducer and each abdominal slab were mounted to a computer-controlled
Newport 3-axis translation stage to measure pressures throughout a 1.5 x 3 x 30 mm ROI
around the focus with 0.1 x 0.2 x 1 mm spacing. In situ pressure fields were compared

with linearly derated PRP in water.
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Figure 4.2: Experimental setup for scanning in situ PRP field with the
membrane hydrophone. Transducer was mounted to the translation stage. The pork
belly was secured to the transducer face using two support fixtures. The PVDF
membrane hydrophone was in a fixed position submerged in the evaporated milk
mixture.

4.3 Results
4.3.1 Simulation Validation

We compared experimentally measured peak negative pressures from
propagation through an attenuating fluid with a measured attenuation of a =0.5
dB/cm/MHz, sound speed of 1540 m/s and filtered the waveforms with a range of cutoff
frequencies to assess the impact of including different harmonics as shown in Figure
4.3a. Also shown in Figure 4.3b is the PRP of the waveform as a function of the number

of harmonics included.
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Figure 4.3: Experimentally measured MIE pressure waveforms from
propagation through milk mixture with an attenuation coefficient of a =0.5
dB/cm/MHz. We filtered the signal to remove higher order harmonics with different
cutoff frequencies for better comparison with the simulation results. (a) shows the
waveform with 2 and 9 harmonics, (b) shows the PRP as a function of the number of
harmonics included after filtering with various cutoff frequencies.

4.3.1.1 Material Nonlinearity Parameter

We simulated propagation through homogeneous media while varying the
nonlinearity parameter from B/A =5 to 10 based on the range for normal soft tissue [78,
91]. Attenuation was fixed to a = 0.3 dB/cm/MHz and the full F/1.5 aperture was used.
Figure 4.4a demonstrates that the resulting PRP magnitude and MIE remained
consistent to within 1% across the entire range of B/A studied. Additionally, Figure 4.4b
shows that the PRP axial position also remained unchanged to within one wavelength

(0.7 mm) of the 5.0 cm focus across the entire range of B/A simulated.
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Figure 4.4: Simulated PRP magnitude and MIE (a) as a function of nonlinearity
parameter (B/A). (b) Axial position of PRP as a function of the same range of B/A.

4.3.1.2 Material Attenuation

The effects of changing attenuation were simulated in homogeneous media using
a fixed B/A of 10 and the full F/1.5 aperture. Attenuation was varied from a = 0.3 to 1.1
dB/cm/MHz. Figure 4.5a shows that in situ PRP magnitude and corresponding MIE
decreases across the attenuation range tested. Figure 4.5b shows that throughout the

entire range of attenuation simulated, the PRP does not shift spatially more than a single

wavelength (0.7mm) axially from the 5.0 cm focus.
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Figure 4.5: Simulated PRP magnitude and MIE (a) as a function of material
attenuation («). (b) Axial position of PRP as a function of the same range of
attenuation.
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4.3.1.3 Medium Aperture (F/3) Path Heterogeneity
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Figure 4.6: Simulated lateral-axial in situ PRP/MIE beam plot along the center
elevation slice for an F/3 transmit (a) focused at 5cm axially after propagation through
homogeneous a = 0.5 dB/cm/MHz material. (b) The same in situ PRP/MIE beam plot
as result of propagation through a heterogeneous body wall map and liver with the
same color bar as (a). (c) Axial distribution of normalized PRP/MIE for the F/3
transmit when propagated through homogeneous a = 0.5 dB/cm/MHz material (blue),
and when propagated through a heterogeneous body wall map and liver (red). (d) in
situ PRP/MIE from 5 different heterogeneous body wall maps (blue circles) compared
against in situ PRP/MIE through homogeneous a = 0.5 dB/cm/MHz material (red
horizontal line).

We simulated an F/3 transmit aperture, a typical clinical B-mode imaging
aperture, through homogeneous material and heterogeneous body wall maps. Example
spatial distributions of in situ PRP/MIE in the lateral-axial center plane for propagation
through homogeneous o = 0.5 dB/cm/MHz material and a heterogeneous body wall map
are shown in Figure 4.6a, b. Although the two plots show different beam profiles, they
retain similar in situ PRP/MIE as noted by the color bar.

Figure 4.6c illustrates the axial profiles of the normalized PRP for the two

simulations shown in Figure 4.6a, b. The PRP peaked at a depth of 4.6 cm for the
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homogeneous material compared to a depth of 3.3 cm for the sample body wall map.
For all 5 body wall maps, the depth of the PRP was consistently shallow to the
homogeneous case ranging 1-1.5 cm closer to the transducer face.

Figure 4.6d compares the in situ PRP/MIE through the 5 body wall maps for the
F/3 transmit against that predicted by propagation through homogeneous a = 0.5
dB/cm/MHz material. The body wall maps yielded in situ PRP/MIE (2.2-2.5 MPa/1.5-1.7
MIE) similar to that through the homogeneous case (2.3 MPa/1.6 MIE). The in situ
PRP/MIE estimates predicted by the homogeneous material resulted in error within 8%

for this focal configuration.

4.3.1.4 Large Aperture (F/1.5) Path Heterogeneity
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Figure 4.7: Simulated in situ PRP/MIE spatial distributions of an F/1.5 transmit
in lateral-axial view from propagation through (a) homogeneous a = 0.5 dB/cm/MHz
material, (b) a body wall map, and (c) the same body wall map with iso-velocity
modification. (d) Comparison of in situ PRP/MIE predicted for an F/1.5 transmit
condition using homogeneous propagation material (horizontal red line) with 5 body
wall maps (blue circles), and 5 iso-velocity (Iso-V) modified body walls (green

circles).
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Next, we simulated an F/1.5 transmit aperture, often used for ARFI and SWEI
pushing [28, 41] and STL-SWEI tracking beams [27], through homogeneous material and
heterogeneous body wall maps. Figure 4.7a, b shows sample in situ PRP/MIE lateral-
axial beam plots in the center elevation plane for the F/1.5 transmit aperture
configuration. Comparing the body wall case from Figure 4.7b to the homogeneous « =
0.5 dB/cm/MHz case in Figure 4.7a, there is a 26% decrease in PRP magnitude/MIE.
Figure 4.7d illustrates the same trend seen in Figure 4.7b. Propagation through each of
the 5 body walls resulted in smaller in situ PRP magnitudes and MIE (2.46-3.03
MPa/1.66-2.04 MIE) than the homogeneous case (3.65 MPa/2.46 MIE). For all 5 body wall
maps, the depth of the PRP ranged between 3.8 and 4.7 cm.

Tissue heterogeneity is known to cause local sound speed differences [92]. Sound
speed differences lead to phase aberration which distorts the focus. To isolate and
remove the effects of phase aberration, we ran simulations setting sound speeds of all
four tissue types to 1540 m/s while maintaining the original acoustic impedance of each
tissue by modulating density values (Table 4.1), thus creating iso-velocity simulations.
Figure 4.7c shows a lateral-axial in situ PRP/MIE beam plot through the center elevation
slice from the iso-velocity body wall map. The beam plot shape and PRP
magnitude/MIE in Figure 4.7c are more concordant with Figure 4.7a than Figure 4.7b. In
fact, PRP magnitude/MIE for the sample iso-velocity body wall differed from the

homogeneous case by less than 4%. Furthermore, Figure 4.7d demonstrates that all 5
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body wall samples with the iso-velocity implementation exhibit in situ PRP/MIE within

5% of the homogeneous a = 0.5dB/cm/MHz case.

4.3.1.5 Small Aperture (F/5) Path Heterogeneity
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Figure 4.8: Simulated in situ PRP/MIE spatial distributions of an F/5 transmit
in lateral-axial and elevation-axial planes from propagation through (a)(b)
homogeneous a = 0.5 dB/cm/MHz material, (c)(d) a body wall map, (e)(f) the same
body wall map with iso-velocity modification, and (g)(h) the same body wall map
with iso-impedance modification. (i) Axial distribution of normalized PRP/MIE for
the F/5 transmit when propagated through homogeneous a = 0.5 dB/cm/MHz
material(blue), when propagated through a heterogeneous body wall map and
liver(red), when propagated through the body wall with iso-velocity modification
(orange), and when propagated through the body wall with iso-impedance
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modification (orange). (j) Comparison of in situ PRP/MIE predicted for an F/5 transmit
condition using homogeneous propagation material (horizontal red line) with regular
body walls (blue), iso-velocity (Iso-V) body walls (green), and iso-impedance (Iso-Z)
body walls (cyan).

A small transmit aperture (F/5), as might be employed when performing
intercostal imaging [93], imaging larger patients [94], or synthetic aperture imaging [95],
was analyzed. Figure 4.8a, b illustrates the PRP/MIE beam plots for the center lateral-
axial and elevation-axial planes of the a = 0.5 dB/cm/MHz homogeneous media
simulation. Figure 4.8c, d depict the same beam plot planes for the sample body wall
case. Plotted on the same PRP/MIE axis, the beam plots for the body wall case
demonstrate an increase in PRP/MIE of 40% over the homogeneous case. Figure 4.8j
confirms that each of the 5 body walls consistently cause higher in situ PRP/MIE (2.1-2.4
MPa/1.4-1.6 MIE) compared to the homogeneous case (1.6 MPa/1.1 MIE). Figure 4.8i
depicts the axial profiles of the normalized PRP for the simulations. While the
normalized PRP peaked at 4.2 cm depth for the homogeneous case, the peak occurred at
2.4 cm in depth for this sample body wall; this position was in the body wall.

Similar to the large aperture F/1.5 case, the iso-velocity modification was made
for the F/5 configuration to remove phase aberration. Figure 4.8e, f present the beam
plots for the sample body wall with iso-velocity modifications. The beam plots restore
the general shapes seen for the homogeneous case (Figure 4.8a, b) and decrease in

magnitude from the un-modified body wall case. Figure 4.8j plots the in situ PRP/MIE
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for the 5 iso-velocity modified body walls (1.80-1.92/1.21-1.29 MIE). The 3.0 cm PRP
depth also shifted closer to the transducer focal depth (Figure 4.8i).

For further analysis, acoustic impedance mismatches in tissue were isolated by
maintaining the original tissue speed of sound and modifying the density values such
that the acoustic impedance (sound speed x density) was constant (Table 4.1). Figure
4.8g, h illustrate the beam plots for the sample body wall with iso-impedance
modification. For the iso-impedance body wall, PRP amplitude decreased from the
original body wall while retaining a similar beam plot shape. The range of in situ
PRP/MIE for the 5 iso-impedance modified body walls (1.89-2.23 MPa/1.27-1.50 MIE) as
depicted in Figure 4.8j is still above the homogeneous case by 20-41%. The PRP depth for

the iso-impedance modified sample body wall shifted to 2.4 cm (Figure 4.8i).

4.3.2 Experimental Results

In order to validate the simulation results, we evaluated the F/1.5 focal
configuration experimentally by scanning through porcine body walls submerged in o =
0.5 dB/cm/MHz milk solution. The milk solution sound speed, density, and acoustic
attenuation made it a suitable liquid liver phantom and coupling medium. Figure 4.9a
shows a sample spatial peak intensity waveform obtained through a 2.4 cm body wall in
the liquid liver phantom and the corresponding linearly derated water waveform. The
time difference between the two waveforms arises from differences in sound speed for

the two configurations and the shallow PRP location through the body wall. The plot
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depicts in situ PRP/MIE through the body wall to be more than 50% lower in magnitude
than the linearly derated PRP (1.39 vs 2.82 MPa and 0.94 MIE vs 1.9 MIE, respectively).
Figure 4.9b shows the waveforms in the frequency domain to illustrate the effects of
both nonlinear propagation and attenuation through the body wall; higher harmonics
were preferentially attenuated in the tissue as compared to the water with fewer
harmonics present. For the waveform in water, the second harmonic was -9 dB from the
fundamental whereas the second harmonic was -19 dB from the fundamental signal for

the measurement through tissue and milk.
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Figure 4.9: Peak intensity pressure waveform (a) from propagation through a
body wall sample and « = 0.5 dB/cm/MHz milk solution (blue) and derated peak
intensity pressure waveform from propagation through DI water (red). (b) The same
waveforms shown in the frequency domain.

The normalized intensity profiles for the beamforms in Figure 4.9 are plotted in
the lateral/elevational plane for Figure 4.10. The body wall + attenuating fluid case has a

43% wider lateral FWHM compared to purely water case.
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Figure 4.10: Lateral-elevation transmit intensity beamwidth at PRP depth (a)
when propagated through a body wall sample. Lateral-elevation transmit intensity
beamwidth at PRP depth (b) when propagated through water.

Similar to the sample body wall in Figure 4.9, all 9 body walls caused in situ
PRP/MIE to be consistently lower in magnitude compared to the derated water MI
prediction, ranging between 15-82% of the MI prediction (Figure 4.11). There was no

correlation between body wall thickness and in situ PRP/MIE in these data (r*> = 0.074).
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Figure 4.11: In situ PRP/MIE measured through 9 body walls compared to that
estimated by the MI (Horizontal red line represents the FDA guideline of 1.9) as a
function of the body wall thickness. Linear regression indicates that these parameters

are uncorrelated (12 = 0.074).

4.4 Discussion

The simulation results (Figure 4.3) were validated by matching the experimental
results (Figure 4.5) in o = 0.5 dB/cm/MHz material to within 5% with MIEs of 2.45 and
2.35, respectively.

From the simulated parametric analysis through a homogeneous material, we
found that neither nonlinearity nor attenuation led to large translations of the PRP’s
axial spatial location (< 0.7mm) (Figures 4.4b, 4.5b). This is because the PRP spatial
location in a homogeneous medium was determined by the geometric focus and center
frequency of the pulse. Additionally, changing nonlinearity within the range reported
for tissue did not change the PRP magnitude/MIE by more than 1% (Figure 4.4a). As

64



expected, increasing material attenuation decreased the PRP magnitude/MIE because
more energy was lost before reaching the focus (Figure 4.5a).

When simulating propagation through heterogeneous body walls for the F/3
transmit configuration, linearly derated MI predicted in situ PRP/MIE for the 5
simulated body walls to within + 8% error (Figure 4.6d). Given that hydrophone
calibrations are accurate to within + 1 dB for the frequency range of interest [96-98], we
conclude that MI accurately estimated in situ PRP/MIE for all 5 body walls for the F/3
transmit configuration.

When simulating the more tightly focused F/1.5 transmit configuration, the
linearly derated MI consistently overestimated in situ PRP/MIE for the 5 simulated body
walls by 20-48%. The experimental measurements using the matched F/1.5 focal
configuration corroborated the simulation findings. The linearly derated water
measurement consistently overestimated in situ PRP/MIE in all 9 pork belly slabs (Figure
4.11). In situ PRP/MIE measured through the body walls ranged between 15-82% of the
linearly derated MI prediction, encompassing the range seen in simulation, thus
confirming that the linearly derated MI overestimates in situ PRP/MIE for a large F/1.5
transmit configuration.

One possible reason for the overestimation by MI is the distorted beam patterns
that were consistently observed at the focus. Broadened transmitted beamwidth was

observed in the lateral and elevation dimensions (Figure 4.10). The transmitted
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beamwidth was shown to broaden by more than 40% when propagated through the
body wall compared to in water. Beamwidth broadening is associated with phase
aberration [24, 99]. Phase aberration refers to local speed of sound differences across the
transmit aperture. These local sound speed offsets caused the wavefronts to arrive at the
focus at different times, thus not coherently summing at the focus which resulted in
decreased pressure amplitudes at the focus. To eliminate the effects of phase aberration
in our simulations, we created the iso-velocity modification while maintaining the
acoustic impedance difference between tissue types by modulating the density (Table
4.1). For the F/1.5 transmit, the iso-velocity modified body walls reduced the difference
between in situ PRP/MIE and linearly derated MI to < 5%. In fact, the elimination of
phase aberration introduced slight underestimation by < 5% which likely occurred due
to the slightly lower mean attenuation of the body walls compared to the homogeneous
case (0.46 vs. 0.5 dB/cm/MHz). Because the iso-velocity body wall maps eliminated the
overestimation of PRP by MI, we conclude that phase aberration is the primary source of
the overestimation of MI by linear derating for tightly focused transmits.

When simulating the weakly focused F/5 transmit configuration, MI consistently
underestimated in situ PRP/MIE for the 5 simulated body walls by 32-50%. When phase
aberration was removed by using iso-velocity modified body wall maps, the MI
underestimation reduced to 14-22%. Although the results suggested that phase

aberration contributes to the inaccuracy of MI for the F/5 transmit, it is not the only
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important factor. In addition to phase aberration, tissue heterogeneity also introduced
reverberation. Reverberation is the multiple reflections caused by impedance differences
between tissue types. When phase aberration was removed by using iso-impedance
modified body wall maps, the MI underestimation ranged 20-41%. Unlike the removal
of phase aberration, where the beam profile was similar to the no body wall case, iso-
impedance body walls did not restore the beam focus (Figure 4.8). Rather, with less
energy lost to reflections, the constructive interference caused by phase aberration was
more pronounced. Both phase aberration and reverberation caused in situ PRP/MIE to
be inaccurately estimated by MI for the F/5 transmit.

For this weakly focused F/5 transmit configuration, the acoustic impedance
difference at the internal tissue boundaries, local speed of sound differences, and
attenuation all competed against the focal gain. First, due to the large F/ number, focal
gain was weak. Then, the peak pressure at the focus was decreased by phase aberration
as in the large aperture case. At the same time, tissue boundaries with sound speed and
impedance differences cause beam distortion and constructive interference at depths
shallow to the transducer’s geometric focus. At these shallower depths, the ultrasound
beams have propagated shorter distances, therefore experiencing less attenuation. These
factors work in concert to cause larger peak pressures in the nearfield than at the focal

depth for the weakly focused case. These phenomena are observed in Figure 4.8b, e
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where the PRP axial position shifted from the 4.3 cm depth to 2.4 cm from the transducer
face where it was still in the body wall.

Like the F/5 scenario where PRP was drawn closer to the transducer face, the F/3
simulations also experienced this (Figure 4.6). For this transmit, however, focal gain was
sufficiently strong such that the PRP remained closer to the focus at 3.3-4.0 cm depth. At
these depths, the focal gain balanced against sound speed differences, impedance
differences and attenuation to maintain the PRP/MIE predicted by ML

The results from the different transmit aperture sizes offer insight to the
feasibility of using elevated acoustic output safely in the clinical setting. MI estimation of
in situ PRP/MIE is most inaccurate at large and small apertures. The underestimation at
small apertures should not impact the use of elevated acoustic output as small apertures
are generally not able to generate MI > 1.9. However, large apertures are often used in
ARFI and SWEI imaging for both pushing and sometimes tracking. Clinical ARFI and
SWEI studies have routinely reported measurement failure at imaging depths greater
than 7 cm, and in patients with high BMI and in stiffer livers [100, 101]. Studies using
large aperture transmits have demonstrated significant improvement in SWEI
measurement success for human subjects when using SWEI push MI > 1.9 [28] and SWEI
with focused track MI > 1.9 [27]. The consistent overestimation of in situ PRP/MIE for
large apertures demonstrated herein suggests a clinical benefit to employing elevated

acoustic output on a patient specific basis for SWEI imaging when measurement failures
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occur. The consistent overestimation of in situ PRP/MIE for large apertures suggests that
the use of elevated output (MI > 1.9) with these apertures could be employed while

remaining within the spirit of the MI guidance.

4.5 Conclusions

This study demonstrated that the MI can both overestimate and underestimate in
situ PRP/MIE by more than 50% when imaging through the body wall depending upon
focal configuration. For a large aperture (F/1.5), phase aberration was found to be the
dominant factor leading to MI overestimation of in situ PRP/MIE. For a medium
aperture (F/3), MI was found to accurately estimate in situ PRP/MIE. For a small
aperture (F/5), phase aberration and reverberation clutter both contributed to higher in
situ PRP/MIE compared to the MI estimate. Normal variation of nonlinearity in tissue
does not cause measurable changes in in situ PRP/MIE. In addition, we found that
changes in B/A and attenuation do not significantly affect the position of PRP. For large
apertures, like F/1.5, there is ample room to increase source pressures while maintaining
MIE < 1.9 when imaging through distorting body walls. Developing a method to more
accurately estimate in situ PRP would thus enable adaptive transmit pressures based
upon in situ estimates, which could in turn improve diagnostic performance while

staying within the spirit of the FDA safety guidelines.
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5 On the Relationship between Spatial Coherence and
in situ Pressure for Abdominal Imaging

This chapter has been published by the Ultrasound in Medicine & Biology journal under
the same title. The contents of the journal publication are included in its entirety with formatting
changed to be consistent with the rest of the dissertation. It was coauthored with Gianmarco F.

Pinton, and Kathryn R. Nightingale.

5.1 Introduction

Ultrasonic techniques, such as B-mode and elasticity imaging, are standards-of-
care for many liver imaging scenarios including hepatocellular carcinoma (HCC)
screening [12, 13] and chronic diffuse liver disease evaluation [102-104]. Tissue
Harmonic Imaging (THI) [21], the current clinical standard for hepatic B-mode imaging,
has been adopted because of its ability to generate higher quality images than traditional
fundamental frequency imaging [8, 22-24]. Tissue harmonic signal has offered similar
benefits for elasticity imaging [50], which has led to harmonic signal also being utilized
for clinical shear wave elasticity imaging (SWEI) in the liver. Harmonic signals,
however, are often 15-20 dB lower in amplitude than the corresponding fundamental
signals and can approach the level of the electronic system noise [57]. When the
harmonic signals are signal-to-noise ratio (SNR) limited during clinical imaging,
diagnostic utility is decreased [18, 105, 106]. The logical solution for low SNR is to
increase signal strength. Previous studies have shown improvements in clinical yield

when using MIs exceeding the FDA guidelines for SWEI pushing and tracking
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sequences [27, 28, 41] along with modest image quality improvements in THI B-mode
imaging [107]. Ultrasound pressure amplitudes are indirectly limited by the FDA
guideline for Mechanical Index (MI). The de facto limit arising from FDA guidelines for

Ml is a value of 1.9 [25]:

MI = —pm_;izw’;”) (5.1)

In Equation 5.1 (also Equation 2.4 in Chapter 2 and Equation 4.1 in Chapter 4),
pro3(Zmi) is the estimated in situ peak rarefaction pressure (PRP) amplitude. furis the
acoustic working frequency of the pressure waveform. pr3(Zmi) is determined from PRP
measured in water, p/(Zmi), and linearly derated by a = 0.3dB/cm/MHz as seen in
Equation 5.2 (also Equation 4.2 in Chapter 4).

Pros(Zur) = prEye CPmrlavs  (5.2)

The MI uses linear derating to provide a first order approximation of in situ
pressure, but this is often inaccurate for predicting in situ PRP. In our previous work, we
have shown that linear derating consistently overestimates the PRP (and thus MI) in situ
for large aperture abdominal imaging configurations (i.e., F/1.5), and often
underestimates the PRP for small aperture imaging configurations (i.e., > F/3) in
abdominal imaging scenarios. For large focused transmit apertures, we determined the
overestimation to be caused by beam spreading and defocusing associated with phase
aberration during propagation through the body wall in vivo. Currently, there are no
experimental measurement techniques that estimate in situ PRP while accounting for
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effects of body-wall-dependent phase aberration in real-time. However, if a method
could be developed to estimate in situ PRP with consideration of phase aberration,
higher transmit pressures could be safely utilized while staying within the spirit of the
FDA guideline. Herein, we explore the relationship between spatial coherence and PRP
to determine if coherence could inform the development of in situ PRP estimation
algorithms.

The Van Cittert-Zernike (VCZ) theorem [58, 59], was first developed for optics,
and was applied to pulse echo ultrasound by Mallart and Fink [60]. The VCZ theorem
predicts that spatial coherence from a diffuse, randomly scattering medium can be
represented as the scaled Fourier transform of the transmit intensity profile or,
equivalently, the autocorrelation of the transmit aperture function. Practically, this can
be estimated from the cross correlation between time-delayed channel signals as a
function of channel spacing or lag [60]:

n
1 oNem  Zning Si(Sim(n)

N-m i=1 n n
[Ern, SEO T2, Fom()

R(m) =

(5.3)

In Eq. 5.3, R(m) is the normalized spatial coherence between transducer elements
m apart. N is the total number of elements in the aperture. Si(n) is the time-delayed
signal received by the ith element at sample n. (n2-n1) is the correlation kernel size.

In the case where the transmit aperture is an unapodized rectangle and the
speckle acts as a diffuse, randomly scattering medium, the resulting predicted spatial

coherence function is an isosceles triangle function with a base twice the width of the
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transmit aperture centered at lag 0. By convention, only the positive lags are computed
[99, 108].

With increasing phase aberration, the correlation between channels decreases
[99]. As such, we hypothesize that spatial coherence can be used as a surrogate metric
for phase aberration for large aperture abdominal imaging scenarios and that spatial
coherence will be directly related to in situ PRP. Herein, we explore this hypothesis by
quantifying the correlation between in situ PRP and spatial coherence using both

simulations and ex vivo experiments.

5.2 Methods

Table 5.1: Simulated and Experimental Transducer Transmit Configuration.

Parameter Simulation Experiment
Tx center frequency (MHz) 2.2 1.6

Focal depth (cm) 5 6

F/# 1.5 1.5

# of active elements 80 125

Tx pulse length (cycles) 2

Tx bandwidth 60%

# of adjacent beams 20 10

Beam spacing Beamwidth/4 | 1.5 x beamwidth

5.2.1 Simulations

To simulate a clinical system, we modeled the source pressures from a diagnostic
imaging transducer using the pulse inversion transmit configuration described in Table

5.1 with source pressure waveforms corresponding to a focal MI of 1.9. The finite
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differences time domain (FDTD) solution of the 2D nonlinear wave equation described
by Pinton [89], which models nonlinearity, attenuation, thermoviscous diffusivity, and
variations in density, was used to model wave propagation in a heterogeneous
attenuating medium while accounting for multiple scattering, reflection, and refraction.
The heterogeneity of the acoustic propagation field parameters was determined by
mapping tissue composition from 6 histologically stained human body walls [92] and 5
segmented photographs of human body walls [90] to speed of sound, density,
attenuation, and non-linearity (B/A) for different tissue types with values described in
Table 5.2 [77-79]. In situ PRP was then determined by quantifying pressure traces
through time at all field locations and identifying the maximum PRP. To simplify
comparisons between different body wall configurations, the effective Mechanical Index
(MIE) [54, 70, 109] is reported herein, computed by estimating the attenuation along the
propagation path, rather than assuming a = 0.3 dB/cm/MHz.

Table 5.2: Simulated Tissue Acoustic Properties referencing [77-79] including
phantom which mimics MI results.

Tissue Type | a(dB/cm/MHz) B/A p (kg/cm?) ¢ (m/s)
Connective 0.5 8 1120 1613
Fat 04 9.6 937 1479
Muscle 1.15 9 1070 1566
Liver 0.5 7.6 1064 1570
Phantom 0.5 10 1000 1540

Each simulation spanned 4 cm by 7 cm (lateral x axial). Due to the FDTD nature

of our simulation a sampling of 10 points per wavelength (PPW) was required. Since
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accuracy up to the second harmonic was needed, sampling at 35 um in both dimensions
was chosen. 2D simulations were employed instead of 3D simulations to decrease
computational overhead. In order to simulate the transducer-received waveforms used
to compute spatial coherence, the received signals across the transmit aperture were
averaged across every 11 simulation grid points laterally to simulate the 0.385 mm
lateral pitch of each receive element in our experimental setup. Scattering was modeled
by point variations of sound speed with random spatial position and uniform random
amplitude (defined by the difference in speed of sound from the surrounding medium).
The mean variation in the speed of sound for the scatterers was 5%. 40 point-scatterers
per fundamental resolution cell were introduced to the simulation space to ensure fully
developed speckle up to the second harmonic signal. Before computing the spatial
coherence of the simulated channel data, appropriate focal delays were applied across
the channels assuming a sound speed of 1540 m/s. The fundamental signal was extracted
by subtracting the two pulse inverted signals and applying a 5th order low-pass
Butterworth filter with a 3.3 MHz cutoff frequency while the harmonic signal was
computed by adding the pulse inversion pairs and applying a 5th order band-pass
Butterworth filter with cutoff frequencies of 3.3 and 5.5 MHz. Spatial coherence was then
computed for both the fundamental and harmonic signals using the spatial covariance

approach described by Hyun et. Al [110] with a kernel size of 3 wavelengths. We
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investigated both the fundamental short-lag spatial coherence (SLSC) [108] and
harmonic short-lag spatial coherence (HSC) [81] as computed by:
Rg=Xm=1R(m)  (54)

In Equation 5.4, R(m) is the normalized spatial coherence value between pairs of
elements m apart. M is the maximum lag between elements that are summed to compute
the coherence metric. Rq is the summed spatial coherence value. Prior work in SLSC and
HSC imaging recommends maximum lags between 5 to 25% of the transmit aperture
because in vivo data has a spatial coherence length that typically does not span the entire
aperture [81, 108]. Herein, M = 20 (i.e., the first 25% of the transmitting aperture) was
used.

In situ PRP is only affected by the transmitted wave's forward propagation, thus
the wave-front is aberrated one-way through the body wall. Spatial coherence, however,
is computed from the backscattered signals that have also been aberrated during the
return trip to the transducer face. As such, we hypothesized that spatial coherence
would better correlate with in situ PRP if phase aberration could be removed during the
backscattering process, which of course could only be modeled in simulation. To test
this hypothesis, an additional round-trip simulation was performed with aberration
only during forward propagation by replacing the body wall with homogeneous (liver)
material properties halfway through the round-trip simulation. Channel pressure data

was then collected as in the previous simulations. The spatial coherence and SLSC were
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then calculated for this round-trip simulation case which controlled for one-way

aberration during propagation.

5.2.2 In situ Experiments
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Figure 5.1: Experimental setup used to measure in situ PRP through a body
wall sample. The transducer was fixed to a 3-axis translation stage. Pork body walls
were secured against the transducer with two physical supports. The membrane
hydrophone measuring pressure was submerged in a milk mixture that had
attenuation matching that of human liver.

For in situ experiments, we used the experimental setup shown in Figure 5.1 to
measure in situ PRP through porcine abdominal body wall samples. Fresh pork belly
sections from the local grocery store were secured to the face of the curvilinear
transducer with two supports from below. An attenuating evaporated milk solution
modeling liver attenuation was used to allow for scanning hydrophone measurements
below the body wall samples. The evaporated milk was tuned by dilution with water to
an attenuation matching liver (a = 0.5 dB/cm/MHz [77-79]). The experimental system

was a Siemens Sequoia and a 5C1 curvilinear transducer (Siemens Ultrasound, Issaquah,
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WA), with the transducer’s transmit configuration being a single beam pulse inversion
harmonic sequence focused down the center as described in Table 5.1. Since we did not
expect the spatial coherence trends to change as a function of MI once electronic noise
was negligible, we used a high MI to isolate the effects of aberration from experimental
electronic noise. We used the maximum possible source pressures for this imaging
configuration given software limits. This resulted in an MI of 2.25. We mounted the
Siemens 5C1 curvilinear transducer to a computer-controlled Newport 3-axis translation
stage (MM3000, Newport Corporation, Irvine, CA) to measure pressure throughout a 6 x
9 x 20 mm ROI around the focus with 0.2 x 0.5 x 1 mm spacing (lateral x elevation x
axial). The output voltage waveform from the membrane hydrophone (Model 804,
Acertara Acoustic Laboratories, Longmont, CO) was converted to pressures using
magnitude deconvolution [83, 84] where frequency-dependent magnitude sensitivity of

the hydrophone was accounted for using 1-20 MHz calibration.
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Figure 5.2: Experimental setup used to acquire channel data for spatial
coherence values through a body wall sample. The pork belly and transducer were
held in the same position relative to each other as in the PRP measurement setup
shown in Figure 5.1. Data acquisition was performed with a customized toolset on the
Sequoia scanner from a speckle generating phantom through a Tegaderm window at
the base of the milk mixture container.

After measuring the in situ PRP, we measured the matching spatial coherence for
each body wall sample using the setup shown in Figure 5.2. The transducer and pork
belly were raised out of the hydrophone tank and placed in a tray filled with an
evaporated milk and saline solution tuned to a sound speed of 1540 m/s as coupling
medium. The bottom of the tray had a Tegaderm membrane (Model 1626W, 3M, Saint
Paul, MN) 10 cm by 12 c¢m in size as an acoustic window to allow imaging of a speckle
generating phantom with a 1540 m/s speed of sound (CIRS, Norfolk, VA). A thin layer of
water (less than 1 mm) coupled the Tegaderm membrane to the phantom. The Siemens
Sequoia scanner and 5C1 transducer used the same transmit configuration described in
Table 5.1 as when measuring in situ PRP. Each body wall sample was translated 1.5

beamwidths (about 1.5 mm) laterally 10 times using the translation stage to acquire 10
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independent speckle realizations for each transmit beam through the same body wall.
Pulse inverted channel data were collected to compute spatial coherence using Equation

5.4. Spatial coherence was then correlated with the measured in situ PRP.

5.2.3 Estimating Attenuation

body wall #1

Axial [mm]

40 -30 20 -10 0 10 20 30 40
Lateral [mm]

(a) (b)

Figure 5.3: Example clinical b-mode image of a pork belly sample used to
segment the various tissue thicknesses and to estimate the sample attenuation in (a).
Layers shown are as follows: 1.5 mm skin, 6.9 mm fat, 4.6 mm muscle, 3.3 mm fat, and
8.2 mm muscle; The average attenuation estimate for the center line in the image was
0.61 dB/cm/MHz. (b) Photo of the corresponding pork belly sample mounted on to the
transducer face.

Using both the B-mode and color photos taken during the experiment as shown
in Figure 5.3, we manually segmented the layers of each pork body wall along the center
b-mode line into 4 types of tissue: skin, fat, muscle, and liver. From the segmentations,
we determined total thickness of skin, fat, muscle, and liver. We then applied

attenuation coefficients found in literature (0.5, 0.4, 1.15, and 0.5 dB/cm/MHz for skin,
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fat, muscle and liver, respectively [77-79]) to determine the estimated total attenuation

through each body wall.

5.2.3 Multiple Linear Regression

Multiple linear regression was performed to assess the interaction of PRP/MIE
with the following experimental variables: body wall attenuation, body wall thickness,

body wall fat fraction, experimentally measured SLSC, and HSC.

5.3 Results

5.3.1 Simulation Results
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Figure 5.4: Matching simulated in situ PRP/MIE waveforms, fundamental
spatial coherence, and harmonic spatial coherence. (a) Pressure traces from the
location of maximum pulse intensity integral. MIEs were: 0.87(yellow trace), 1.3
(orange trace) and 1.9 (purple trace). (b) Example spatial coherence curves at the axial
focus of 5cm for the received signal at the fundamental frequency. (c) Example spatial
coherence curves at the axial focus of 5cm for the received signal at the harmonic
frequency when pulse inversion is simulated. The blue line shows the ideal case with
pure speckle predicted by the VCZ theorem. The purple line is the spatial coherence
computed from a simulation through speckle and no body wall. The red line is from
an example body wall that was associated with a relatively high PRP (MIE =1.3). The
yellow curve is from an example body wall that was associated with a relatively low
PRP (MIE = 0.87). All error bars represent the median and interquartile range for 20
adjacent simulated lines.
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Figure 5.5: In situ PRP/MIE plotted against various spatial coherence metrics.
(a) The in situ PRP/MIE plotted against the fundamental SLSC values (2-way body
wall simulations). (b) The in situ PRP/MIE plotted against the SLSC values from the
1-way body wall simulations. (c) The simulated in situ PRP/MIE plotted against the
Harmonic SLSC values. The points are the median values, while the error bars
represent the interquartile range across 20 simulated adjacent lines through the same
body wall. The red point is the ideal case without a body wall. The blue points are
various body walls. The dotted yellow line represents the linear regression line of
best fit computed using the median values from the body wall samples (r2=0.67, 12 =
0.90, and r2 = 0.85).

5.3.1.1 Fundamental Spatial Coherence

The body walls decreased in situ PRP/ MIE as compared to the no body wall
control case. Figure 5.4a illustrates pressure traces with MIEs decreasing from 1.9 for the
control to 1.3 and 0.87 for two example body walls. Since attenuation differences
between the 3 samples are within 5%, attenuation is not likely the source of decreased
MIE magnitude. The fundamental spatial coherence curve for the no body wall control
(purple) reasonably approximates that predicted by the VCZ theorem [60] (blue).
Concurrently, the presence of body wall decreases the spatial coherence compared to the
no body wall control (orange and yellow, Figure 5.4b). The body wall associated with
the lower in situ PRP/MIE also has lower spatial coherence than the body wall associated

with the higher in situ PRP/MIE.
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Figure 5.5a demonstrates a strong linear correlation between fundamental SLSC
and in situ PRP/MIE for the 11 simulated body wall samples (r> = 0.67). The no body wall
control has the highest MIE (1.9) and the highest fundamental spatial coherence (median
15.8). The presence of body wall results in lower MIEs (between 0.87 and 1.45) and lower

SLSCs (between 2.4 and 9.3).

5.3.1.2 1-way Body Wall Simulations

In situ PRP/MIE is a function of the forward propagating transmitted wave while
the spatial coherence data is derived from the backscattered signal. Because the spatial
coherence data is twice affected by the body walls compared to the in situ PRP/MIE, it is
not expected to have perfect correlation with in situ PRP/MIE. We removed the effects of
the body wall during the return trip to the transducer face by simulating 1-way body
walls. The resulting relationship between SLSC from the 1-way body walls and in situ
PRP/MIE are visualized in Figure 5.5b. Compared to the simulations of 2-way body
walls shown in Figure 5.5a, in situ PRP/MIE remains unchanged, while the SLSC values
for the simulated 1-way body walls are consistently higher than their 2-way
counterparts, ranging between median values of 6 and 12.8, with the no body wall
control median SLSC value being 16.2. The 1-way body wall SLSC values and

corresponding in situ PRP/MIEs are highly correlated (12 = 0.90).
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5.3.1.3 Harmonic Spatial Coherence

Experimentally and in clinical settings, 1-way body wall coherence
measurements are not possible with a single pulse-echo transducer. As such, we
explored with harmonic spatial coherence because the tissue harmonic signal is
generated during propagation preferentially near the focus and bypasses some of the
phase aberration during forward propagation to the focus. As such, we hypothesized
that harmonic coherence may be more highly correlated with in situ PRP than
fundamental coherence. Figure 5.4c shows harmonic spatial coherence data for the
matched positions, body walls, and speckle realizations as in Figure 4b. Similar to the
results from fundamental spatial coherence, the harmonic no body wall case (purple)
retained the highest spatial coherence. Importantly, the body wall associated with a high
in situ PRP/MIE (orange) exhibits higher spatial coherence than the body wall associated
with a low in situ PRP/MIE (yellow). Harmonic spatial coherence values for the two
body wall cases in Figure 5.4c are lower in magnitude than their fundamental
counterparts in Figure 5.4b (1.4 vs. 2.8 and 7.2 vs. 9.3, respectively).

The correlation between Harmonic short lag Spatial Coherence (HSC) [81] and in
situ PRP/MIE is examined in Figure 5.5c. HSC is computed by adding the first 20 lags
shown in Figure 5.4c and plotted against in situ PRP/MIE for the 11 different body walls
and the no body wall control. In situ PRP/MIE remains unchanged from Figure 5.5a.

HSC for the no body wall control is 16.3, similar to both fundamental SLSC cases. HSC
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values are consistently decreased for the body walls ranging between 1.2 and 7.5. The

correlation between HSC and in situ PRP/MIE is strong (12 = 0.85). Table 5.3 shows that

the regression coefficient calculated from HSC is higher than SLSC and just lower than

SLSC with 1-way body walls.

5.3.2 Experimental Results
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Figure 5.6: Example experimentally measured spatial coherence curves at the

axial focus of 6cm in the speckle phantom for the received channel data at the

fundamental (a) and harmonic (b) frequency when pulse inversion is employed. The
blue line shows the ideal speckle case predicted by the VCZ theorem. The purple
points are the spatial coherence computed when the propagation path only has milk
and a Tegaderm membrane on top of the speckle phantom. The red points are from an
example pork belly that was associated with a relatively high PRP (MIE = 1.49). The
yellow points are from an example pork belly that was associated with a relatively
low PRP (MIE = 0.51). All error bars represent the median and interquartile range for
the same transmit line when the speckle phantom is translated across 10 independent

speckle locations.

Figure 5.6a, b plot three example experimentally measured fundamental and

harmonic spatial coherence curves at the 6 cm axial focus when assuming 1540 m/s
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sound speed. Consistent with the simulation results, the no body wall control has the
highest fundamental and harmonic spatial coherence amplitude (purple curves) and is
the closest to the theoretical VCZ curve (blue curve). The body wall through which an in
situ PRP magnitude of 1.88 MPa was measured has a fundamental and harmonic spatial
coherence curve below the no body wall control (orange curves) and above the body
wall with a lower corresponding in situ PRP magnitude of 0.65 MPa (yellow curves). The
harmonic spatial coherence of the body wall with low PRP amplitude nears zeros,
signifying minimal beamformer gain at the transmit focus for the measurement through

this acoustic window.
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Figure 5.7: Coronal plane (elevation x lateral) map of the experimentally
measured PRP magnitude at the axial depth of maximum PRP through (a) the high
coherence body wall in Figure 5.6. (b) plots the same metric as (a), but for the low

87



coherence body wall in Figure 5.6. Note that these figures have different color bars,
with much lower PRPs in (b), suggesting considerable defocusing for the low
coherence body wall case.

Figure 5.7a, b map the lateral/elevation in situ PRP profiles (from the axial depth
corresponding to the maximum PRP) for both the high and low spatial coherence body
walls from Figure 5.6. Note that different color bar scales are used: the body wall with

high spatial coherence has a higher PRP than that of the body wall with low spatial

coherence.
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Figure 5.8: The experimentally measured in situ PRP/MIE plotted against the
SLSC (a) and HSC (b) values computed by summing across the first 20 lags. The
points are the median values, while the error bars represent the interquartile range
across 10 speckle realizations from the same transmit line on the same pork belly
section translated to different locations in the phantom. The red is the ideal case
without a pork belly. The blue are various pork bellies. The dotted yellow line
represents the linear regression line of best fit computed using the median values
from all the pork belly samples. The r? of the fit is 0.67 for SLSC and 0.77 for HSC.

Figure 5.8a, b portray in situ PRP/MIE against SLSC and HSC measured
experimentally for the 20 ex vivo body walls and the no body wall control, summing

across the first 20 lags for both SLSC and HSC. The no body wall control has an MIE of
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2.25 along with median SLSC and HSC of 10.8 and 18.2. The ex vivo body walls result in
lower MIEs ranging between 0.23 and 1.52. SLSC was lowered to a range between 0.33
and 10.0 while HSC values were lowered to a range between 0.06 and 16.8 by the
presence of the body walls. Linear regression of SLSC yielded a regression coefficient r

= 0.67 while regression of HSC yielded r>=0.77.

Table 5.3: Regression Coefficient Between PRP/MIE and the Various
Simulated Received Signals.

Signal 2

SLSC 0.67
HSC 0.85
SLSC w/ 1-way body wall 0.90
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Figure 5.9: The 12 value resulting from the linear regression line of best fit
between experimentally measured spatial coherence and in situ PRP/MIE plotted vs.
the maximum summation lag number used to compute SLSC and HSC. Red is the
harmonic spatial coherence sum regression fit coefficient, while blue is the
fundamental spatial coherence sum regression fit coefficient.
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Investigators typically employ different summation maximum lags when
computing the SLSC and HSC for imaging different organs for creating diagnostic
images [81, 108]. As such, in developing our protocol we varied the summation
maximum lag to determine the best range for correlation with in situ PRP/MIE. Figure
5.9 plots the 12 from linear regressions between PRP and spatial coherence metrics when
the maximum summation lag for HSC and SLSC was varied between 1 and 60. Both
SLSC and HSC consistently have strong correlation with in situ PRP across a wide range
of summed lags. For the HSC case, the regression coefficient peaks between 15 and 30
lags with r2=0.77. For the SLSC case, the regression coefficient plateaus after summing
the first 15 lags at 1= 0.67. Similar to the simulation results, HSC has higher correlation

than SLSC with in situ PRP/MIE.
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Figure 5.10: Pork belly thickness plotted with the corresponding MIE. Red is
the case without a body wall present. Blue are the various pork body wall samples.
The dotted yellow line is the linear regression line of best fit for all the pork belly

samples. The regression coefficient is 12 = 0.28.
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Previous studies have suggested that body wall thickness may relate to the
degradation of image quality [27, 107]. We investigated the correlation between MIE and
body wall thickness for the 20 body walls in our experiment (Figure 5.10). Moderate
correlation is found between MIE and body wall thickness (12 = 0.28).

Table 5.4: Multiple Linear Least Squares Model Fit. * Only HSC has a
statistically significant impact on in situ PRP/MIE.

Term Estimate | Standard error | tratio | Prob. > |tl
HSC 0.069 0.023 2.99 0.0098 *
SLSC 0.066 0.042 1.59 0.1347
Body wall thickness (cm) 0.283 0.631 0.45 0.6614
Body wall fat fraction -1.029 3.583 -0.29 0.7782
Total attenuation 4.806 20.431 0.24 0.8174

Table 5.4 shows the results of the multiple linear regression that we designed to
assess the interaction of PRP/MIE with the experimental variables including: body wall
thickness, body wall fat fraction, total body wall attenuation, SLSC, and HSC. Only HSC

has a significant effect on in situ PRP (p <0.01).

5.4 Discussion

Collectively, the results from our experiments and simulations identify a strong
positive correlation between spatial coherence and in situ PRP/MIE. SLSC yields a linear
regression r?value of 0.67 for both the simulation (Figure 5.5a) and experimental data
(Figure 5.8a), while HSC yields higher regression r?> values of 0.85 and 0.77 for the

simulation (Figure 5.5¢c) and experimental data (Figure 5.8b), respectively.
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Harmonic spatial coherence correlates better with in situ PRP/MIE in both
simulations and ex vivo experiments than its fundamental counterpart (SLSC). Unlike in
situ PRP/MIE which is solely the product of forward propagation, fundamental spatial
coherence is derived from the backscattered echo which is the compounded result of
both forward and back propagation. The backscattered echo is phase aberrated twice
and confounded by high amplitude reverberation in the nearfield [21]. The 1-way body
wall simulations, where the body walls were removed before simulating propagation
from the focal depth back to the transducer, eliminated the second phase aberration by
the body wall. Unsurprisingly, the linear correlation between SLSC and in situ PRP/MIE
improved from r2=0.67 to 0.9 under this simulated one-way body wall scenario, as seen
in Figure 5.5b and Table 5.3. Although the harmonic spatial coherence data is also
derived from the backscattered echo, it is a closer approximation of the 1-way body wall
fundamental signal because the tissue harmonic signal is preferentially generated near
the focus, largely bypassing the body wall during forward propagation and thus is
largely unaffected by phase aberration and reverberation during forward propagation.
The tissue harmonic signal is then fully phase aberrated during the return propagation
through the body wall. Thus, we posit that the tissue harmonic signal used to compute
harmonic spatial coherence more closely models the 1-way propagation affects that are
relevant to in situ PRP/MIE. The simulated linear regression results are consistent with

this hypothesis as they increase from r2= 0.67 for SLSC to 0.85 for HSC (Figure 5.5c),
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similar to the simulated r?of 0.9 obtained for SLSC with 1-way body walls as seen in
Figure 5.5b and Table 5.3.

In the simulated data, the range of SLSC, SLSC with 1-way body wall, and HSC
values differ even though the values for the no body wall control remained around 16.
The SLSC values for the 11 body walls in Figure 5.5a ranged between 2.4 and 9.3. The
SLSC values increased for the matching 1-way body walls in Figure 5.5b ranging
between 6 and 12.8. One reason for this increase can be attributed to the suppression of
reverberation clutter which decreases coherence at all lags [61, 108]. Additionally, the
lack of the second phase aberration by the body wall during return propagation also
increased the coherence values. Unlike the SLSC with 1-way body walls, the simulated
HSC decreased from the original SLSC values to a range between 1.2 and 7.5 even
though it also suppressed reverberation clutter and was predominately phase aberrated
on back propagation. This can be explained by differences in frequency. When the
harmonic signal experiences the same speed of sound changes as the fundamental
signal, the phase shift is twice that of the fundamental. As such, phase aberration was
more pronounced in the harmonic coherence shown in the body walls of Figure 5.4c
compared to the corresponding fundamental coherence curves in Figure 5.4b. In Figure
5.4b, c, the harmonic coherence values for the two body wall samples fall below 0.2 at
lags 2 and 27 while the fundamental coherence drops below 0.2 at lags 5 and 50

respectively.

93



The experimentally measured fundamental spatial coherence values shown in
Figure 5.6a have a sharp decrease at lag 1 for the no body wall case, much lower than
that predicted by the VCZ theorem and the simulations (Figure 5.4b). The source of this
artifact was determined to be the Tegaderm and phantom top membrane interface
because of the planar multiple reflection artifacts visible in the channel data. The artifact
was eliminated when we imaged into the phantom without the Tegaderm present.
Furthermore, the artifact amplitude was consistent between body wall samples meaning
the SLSC comparisons between body wall samples was valid. Since the artifact did not
impact the harmonic signal (i.e., no planar multiple reflection in the channel data, and
no sharp decline at lag 1 for the no body wall case in Figure 5.6b), we continued to use
the Tegaderm membrane in our experimental protocol in order to hold the milk
coupling solution that was tuned for attenuation and speed of sound.

As visualized in Figure 5.9, for both SLSC and HSC, the regression r?increases
when increasing the number of lags included in the summation from 1 to 15. This
regression improvement can be attributed to the increase of spatial frequencies sampled
with increasing element spacing. The more dramatic regression improvement for SLSC
compared to HSC can be attributed to the high reverberation clutter present in the lower
lags of SLSC [21, 61].

HSC values from the ex vivo experimental data are lower than those from the

simulation results. As seen in Figures 5.8 and 5.5, the regression coefficient 12 decreases
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from 0.85 of the simulation data to 0.77 for the experimental data. One source of
decorrelation can be attributed to the 3D nature of the ex vivo data. Unlike the ex vivo
data, the 2D simulations do not model the elevation dimension. The ex vivo body walls
do extend in the elevation dimension; therefore, ideally, spatial coherence should be
determined in both the lateral and the elevation dimensions. Figure 5.7a, b highlight
differences in the experimentally measured lateral/elevation plane at the depth of the
maximum PRP for 2 different body walls. Although Figure 5.7a has lower lateral side
lobes, Figure 5.7b has a tighter elevational focus. Unfortunately, the 1D abdominal
curvilinear array transducers currently available do not allow for elevation coherence to
be measured experimentally.

Body wall thickness shows moderate negative correlation of 2= 0.28 with in situ
PRP/MIE in Figure 5.10. This is consistent with our previous findings where Tissue
Harmonic Image (THI) quality and harmonic shear wave yield have demonstrated
moderate negative correlation with increasing liver capsule depth [27, 107]. One might
extrapolate these findings, therefore, to hypothesize that in situ PRP/MIE will positively
correlate with harmonic shear wave yield and b-mode image quality, although this still
remains to be demonstrated. We expected the total attenuation in the body wall to affect
in situ PRP/MIE because with or without a body wall, more highly attenuating media
will lead to decreases in situ PRP/MIE for a given transmit configuration. However, our

multiple linear least squares model (Table 5.4) did not find total attenuation to
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significantly interact with in situ PRP/MIE. The range of total attenuation within the
sample group of 20 body walls employed herein varied less than 20%.

Combining results from previous studies where elevated MI imaging resulted in
harmonic images with moderate increases in diagnostic value [107], and in SWE
measurements with considerable increases in measurement yield [27, 41], and where
ultrasonic propagation through body walls corresponded to decreased in situ PRP/MIE
compared to that predicted by MI, the findings herein suggest the potential to increase
the transmit pressure to generate better diagnostic information while keeping the in situ
PRP/MIE below that predicted by ML

With the ability to compute spatial coherence in real-time using GPU acceleration
demonstrated by Hyun et. Al [110], future work could leverage the correlation between
HSC and MIE shown in Figure 5.9 and in vivo attenuation estimation techniques to
develop algorithms to estimate MIE on a patient specific basis during real-time in vivo

imaging to determine safe ranges of acoustic pressure increases.

5.5 Conclusions

This study investigated the relationship between spatial coherence and in situ
PRP/MIE for tightly focused transmit configurations (F/1.5) using an abdominal
curvilinear transducer. The spatial coherence derived metrics SLSC and HSC displayed
strong positive linear correlation with in situ PRP/MIE. We found that HSC consistently

correlated with in situ PRP/MIE with a higher linear correlation coefficient than SLSC
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because the tissue harmonic signal bypassed the majority of the reverberation and phase
aberration during forward propagation. This study identifies HSC as a potential
parameter to include when estimating safe transmit pressure increases for in vivo

abdominal imaging.
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6 Conclusions and Future Work

Harmonic imaging is often the default ultrasonic abdominal imaging
configuration used for clinical diagnostic purposes because of its ability to generate
images with less clutter than fundamental frequency images. A major pitfall for using
the tissue harmonic signal, however, is the reduced electronic SNR which leads to
shallower penetration depths compared to fundamental signal. The obvious solution to
the electronic signal-to-noise ratio (SNR) issue is to increase transmit pressure which
would in turn increase the Mechanical Index (MI). Previously, preliminary clinical
studies comparing current MI level pulses with elevated MI pulses have found
moderate improvements in B-mode image quality and substantial improvements in SWS
yield in liver SWEI measurements when using high MI transmits.

This dissertation first focused on SWEI measurements. Chapter 3 extended the
previous clinical study in a more controlled in vitro experimental setup using modern
hardware and commercially available MTL-SWEI sequences. The effects of MI and body
walls were individually examined with respect to the push and track beams
independently. It was found that increasing MI for push beams improved SWS yield
and decreased SWS estimation uncertainty. The same trends were seen with increasing
track beam MlIs. Additionally, it was discovered that the presence of body walls
degrades MTL-SWEI tracking more severely than ARFI push pulses in terms of the

resulting shear wave speed measurement success.
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Chapter 4 quantified the impact of abdominal body wall on in situ peak
rarefactional pressure (PRP) during diagnostic ultrasound imaging. Specifically, a short
2 cycle pulse representative of that used for shear wave tracking or B-mode imaging was
examined. It was found that the presence of body wall could cause in situ PRP to be both
underestimated and overestimated by the FDA recommended MI formulation
depending on focal configuration. For a large aperture (F/1.5), linear derating was found
to overestimate in situ PRP due to not accounting for phase aberration caused by body
wall heterogeneity. For a medium sized aperture (F/3), linear derating was found to
accurately estimate in situ PRP. For a small aperture (F/5), linear derating was found to
underestimate in situ PRP due to a combination of effects from phase aberration and
reverberation clutter. Since small apertures on clinical transducers are not capable of
generating elevated MI, this underestimation of in situ PRP is not cause for concern. For
larger apertures, where clinical transducers are capable of generating elevated Mls, it is
possible to employ elevated MI transmits to improve image quality while remaining
within the spirit of the FDA guidelines for in situ PRP.

In order to use elevated MI transmits through body walls, ideally the ultrasound
imaging system must be able to adaptively change transmit pressures based on feedback
from each body wall. To provide feedback, a metric must be developed to more

accurately estimate in situ PRP. Since differences in PRP are mainly caused by phase
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aberration and reverberation, spatial coherence, a metric that is sensitive to both effects
and is also able to be quantified in real-time is an excellent candidate.

Chapter 5 investigated the relationship between spatial coherence and in situ
PRP for tightly focused transmit configurations (F/1.5). Both fundamental and harmonic
spatial coherence derived metrics were examined in the form of short-lag spatial
coherence (SLSC) and harmonic short-lag spatial coherence (HSC). Both SLSC and HSC
were found in simulations and experimental measurements to have strong positive
correlation with in situ PRP. HSC consistently correlated more closely with in situ PRP
compared to SLSC.

The work presented in this thesis identified pulse types within liver diagnostic
SWEI sequences which are most impacted by the presence of body wall. Then, it
examined how heterogenous body walls affect wave propagation in the body and
impact in situ PRP magnitude. Lastly, it explored a real-time metric that strongly
correlates with in situ PRP. Although this thesis makes headway in bringing
personalized medicine to diagnostic abdominal ultrasound, future work is needed for
clinical application.

The work presented in Chapter 3 showed increasing SWS yield as a function of
MI for both the push and track beams. The yields, however, did not yet reach a plateau
as function of either push or track MI used when pushing and tracking through body

walls. As such, additional sequences can be developed to encompass a higher upper
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limit MI in order to capture the plateau SWS yield MIs. Additionally, the portion of the
experiment which only used the DAX transducer can also be adapted for a clinical study
in the future which would provide impactful human data during in vivo imaging.
Furthermore, future work can utilize the current in situ experimental setup to compare
STL, MTL, and plane wave tracking directly to give insight on the performance of each
SWEI track beam type. Also possible is the in situ experimental ARF push comparison
between using high MI short duration push and lower MI long duration push in order
to optimize push efficiency.

The work presented in Chapter 4 examined the effects of heterogenous body wall
on wave propagation and in situ PRP for a single frequency and at one pulse length.
Extending the work in the future will encompass simulations and experimental
validations with more transducer frequencies and apertures to see if the same trends
extend to all clinically relevant transmit configurations. Additionally, similar future
studies with comparisons between long and short pulses can provide insight on if ARF
push excitations are affected to the same extent compared to short tracking and B-mode
pulses.

Chapter 5 demonstrated how HSC, a metric that strongly correlates with in situ
PRP, changes with respect to different body walls. Since HSC is computed from channel
data, it can theoretically be computed for all diagnostic imaging transmits. With the

ability to compute spatial coherence in real-time using GPU acceleration demonstrated
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by Hyun et al. (2017), future work could leverage the correlation between HSC and in
situ PRP and in vivo attenuation estimation techniques to develop algorithms to estimate
in situ PRP on a patient specific basis during real-time in vivo imaging to determine safe
ranges of acoustic pressure increases.

In summary, elevated MI imaging has the potential to provide improved
diagnostic value for the increasingly popular clinical applications of SWE imaging.
Doing so can be safely implemented on a patient and imaging window specific basis
once a more accurate metric for estimating peak pressures is fully developed using the
knowledge gained from this dissertation. The doors to the world personalized medicine

in diagnostic ultrasound imaging are open!
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