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Abstract

Ultrasound imaging is one of the most widely used diagnostic imaging modalities.
Abdominal ultrasound is typically used for screening liver diseases, and it is the
recommended modality for six month screening in patients at risk for hepatocellular
carcinoma (HCC). The major drawback of abdominal ultrasound is poor image qual-
ity that is insufficient for diagnosis, which is reported in 25-60% of patients, and is
often correlated with obesity. Tissue harmonic imaging (THI) has become the default
imaging mode for most abdominal imaging exams. It has also been applied in motion
tracking in ultrasound elastrography. THI provides better image quality through de-
creased sidelobe energy and decreased reverberation clutter in the abdominal wall
compared to fundamental imaging. However, THI can be both signal-to-noise ratio
(SNR) and penetration-depth limited during clinical imaging, resulting in decreased
diagnostic utility.

A logical approach to increase the SNR of harmonic imaging is to increase the
acoustic source pressure, but the acoustic output of diagnostic imaging has been
subject to a de facto upper limit based upon the Food and Drug Administration
(FDA) guideline for the Mechanical Index (MI < 1.9). This value was derived from
historic values, rather than being linked to scientific evidence of bioeffects. A recent
report from the American Institute of Ultrasound in Medicine (AIUM) concluded
that exceeding the recommended maximum MI given in the FDA guidance up to an

estimated n situ value of 4.0 could be warranted without concern for increased risk

v



of cavitation in non-fetal tissues without gas bodies, if there there were concurrent
improvement in diagnostic utility.

This thesis presents the preliminary work of evaluating the potential diagnostic
benefit of employing acoustic output beyond the FDA guideline of MI = 1.9 in the
context of hepatic imaging. Three clinical studies were performed with goals of: (1)
quantifying the image quality improvement of using elevated acoustic output in B-
mode harmonic imaging; (2) assessing penetration depth changes in harmonic imag-
ing; and assessing elevated MI in (3) harmonic motion tracking and in (4) acoustic
radiation force impulse (ARFI) excitation of shear wave elasticity imaging (SWEI).
High MI B-mode harmonic imaging resulted in modest increases in the contrast-to-
noise ratio of hypoechoic hepatic vessels. Difficult-to-image patients who suffer from
poor ultrasound image quality demonstrated larger improvement than easy-to-image
subjects. The imaging penetration depth increased linearly with increasing MI, on
the order of 4 — 8 cm per unit MI increase for a given focal depth. High MI har-
monic motion tracking resulted in considerable increase in shearwave speed (SWS)
estimation yield, by 27% and 37% at focal depths of 5 cm and 9 cm respectively, due
to improved harmonic tracking data quality through increased SNR and decreased
jitter of tissue motion data. In addition, SWS estimation yield was shown to be
linearly proportional to the push (ARFI excitation) energy. SWEI measurements
with elevated push energy were successful in patients for whom standard push en-
ergy levels failed. These studies suggested that liver capsule depth could be used
prospectively to identify patients who would benefit from elevated output in push
energy. These results indicate that using elevated acoustic output has the potential

to provide clinical benefit for diagnostic ultrasound.
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1

Introduction

1.1 Clinical Motivation

Ultrasound imaging is one of the most widely used diagnostic imaging modalities,
with advantages including its low cost, its real-time nature, and its lack of ionizing
radiation. Abdominal ultrasound is widely used for screening liver diseases [57, 59],
and it is the recommended modality for six month screening in patients at risk
for hepatocellular carcinoma (HCC) [12, 7]. The major drawback of abdominal
ultrasound is poor image quality that is insufficient for diagnosis, which is reported
in 25-60% of patients [7, 95, 88, 50], and is often correlated with obesity[51, 85]. A
recent study concluded that 34.9% of the adult population (20+ years) in the U.S
is obese [23]. In obese patients, poor ultrasonic image quality arises from decreased
penetration depth, and increased aberration, attenuation and reverberation clutter
in the abdominal wall [51, 78].

Tissue harmonic imaging (THI) has become the default imaging mode for most
abdominal imaging exams. THI is based upon nonlinear acoustic wave propagation,
where images are created from the harmonics generated as the transmitted wave
travels through biological tissues. Its success in creating higher quality ultrasound

images compared to fundamental imaging is attributed to decreased sidelobe en-



ergy and decreased reverberation clutter in the abdominal wall. However, second
harmonic pressure amplitude is generally 15-20 dB lower than the corresponding
fundamental pressure [29]. Thus, THI can be both signal-to-noise ratio (SNR) and
penetration-depth limited during clinical imaging, resulting in decreased diagnostic
utility [85, 51, 25].

THI techniques have also been applied in tissue motion tracking in ultrasonic
elasticity imaging methods [30, 3], to obtain higher quality tracking data utilizing the
benefits of in vivo harmonic imaging. Harmonic tracking reduces the reverberation
clutter and bias in tissue displacement estimates. On the other hand, harmonic
tracking has the challenge of low SNR and low penetration depth similar to B-mode
THI.

In addition, ultrasonic elasticity imaging methods suffer from depth penetration
limitations due to insufficient tissue motion induced by acoustic radiation force im-
pulse (ARFI) excitation. Studies routinely report technical failure and unreliable
shear wave measurements for hepatic lesions deeper than 6-8 cm [74]. The fail-
ure rate increases with elevated patient Body Mass Index (BMI) [101] and in the
presence of significant hepatic fibrosis [81]. These challenges likely result from: (1)
significant propagation distances of ultrasound waves through subcutaneous fat in
elevated BMI patients, which can attenuate ARF excitations, and (2) decreasing
displacement amplitudes with increasing liver stiffness.

A logical approach to increase the SNR of harmonic imaging is to increase the
acoustic source pressure, but the in situ pressures used in diagnostic imaging have
been subject to a de facto upper limit based upon the Food and Drug Administration
(FDA) guideline for the Mechanical Index (MI < 1.9) since 1992 [15]. This value
was derived from historic values, rather than being linked to scientific evidence of
bioeffects. A recent report from the American Institute of Ultrasound in Medicine

(ATUM) concluded that exceeding the recommended maximum MI given in the FDA
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guidance up to an estimated in situ value of 4.0 could be warranted without concern
for increased risk of cavitation in non-fetal tissues without gas bodies, if imaging with
an increased MI were associated with a corresponding significant clinical benefit [64].

No studies exist exploring the potential clinical benefit of employing elevated
acoustic output beyond MI = 1.9 in diagnostic ultrasound, which is presented herein.
Imaging systems with elevated acoustic output were developed and optimized in order

to study the benefits of elevated acoustic output in the context of hepatic imaging.
1.2 Hypothesis

This dissertation proposes to quantify the impact of using elevated acoustic output
in diagnostic ultrasound in the context of hepatic imaging. The goal is to determine
if there is clinical benefit in exceeding the current FDA guideline for MI = 1.9 in
diagnostic ultrasound. We explore the following hypotheses herein: (1) Using ele-
vated acoustic output in ARFI excitation increases displacement and SWS estimation
yield; (2) High MI B-mode harmonic imaging increases lesion visibility and imaging
depth penetration; (3) Using elevated acoustic output in harmonic motion tracking
improves tracking data quality and SWS estimation yield. These hypotheses were
tested in three clinical studies presented in this thesis, and the data quality improve-
ments associated with using elevated acoustic output were quantified by a series of
image quality metrics, such as contrast-to-noise ratio (CNR), imaging penetration

depth (PD), and SWS estimation yield.

1.3 Thesis Outline

This thesis encompasses the development and clinical evaluation of imaging sequences
with elevated acoustic output. It includes three clinical studies that were dedicated
to evaluate the image quality improvement of using elevated acoustic output in ARFI

excitation, B-mode harmonic imaging, and harmonic motion tracking respectively.
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Chapter 2 provides background information on the formulation of the Mechanical
Index (MI) and the FDA guideline of MI for diagnostic ultrasound. The theory of
non-linear acoustics is introduced, and the imaging methods of B-mode harmonic
imaging and ultrasound elastrography are presented.

Chapter 3 presents a clinical study that evaluates the benefit of using elevated
acoustic output in the ARFT excitation (push pulse) in shear wave elasticity imaging
at 2 MI values, 1.6 and 2.2. The Siemens Acuson SC2000™ was chosen for this
work because of its technological improvements over previous generations of scanners,
specifically its increased parallel receive capabilities and stable power supply for long
duration push pulses. Chapters 4 and 5 present two additional clinical studies that
focus on using elevated acoustic output (MI < 3.3) in B-mode harmonic imaging and
harmonic motion tracking (track pulse) in shear wave imaging. The Siemens Acuson
S2000™ was chosen for these studies due to its power supply capabilities to achieve
high MI values.

Chapter 6 identifies the systematic and physical challenges we faced during the
development of high MI imaging sequences and provides solutions to overcome some
of these challenges. Finally in Chapter 7, the work presented in this thesis is sum-

marized and future directions are outlined.



2

Background

2.1 Mechanical Index (MI)

2.1.1 Definition

The Mechanical Index (MI) was developed to predict cavitation events in the presence
of optimally-sized gas bubbles in water [5]. Inertial cavitation is a bubble motion
characterized by a large expansion followed by a violent collapse, which can generate
damaging shock waves and raise the local temperatures as high as 5000 K. The MI
definition used by the FDA is:

_ pr.S(ZMI)

M = 222D (2.1)

\ fawf

where p,.3(zp7) is the attenuated (derated) peak-rarefactional acoustic pressure at
the depth zp/; (assuming an attenuation coefficient («) of 0.3 dB/cm/MHz); 2y 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 is away from the elevational lens focus [15]), and fy,f is
the acoustic-working frequency [34].

The FDA established the MI as an acoustic output metric to address the poten-

tial risks of non-thermal mechanical effects during diagnostic ultrasound exams in

5



1992 [4]. The FDA adopted an MI threshold 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 output, and, no deleterious events had been re-
ported for ultrasonic imaging prior to 1976 [15]. This threshold value of 1.9 was
determined not based upon reported evidence of bioeffects. 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 [4, 103], which results in most current commercial scanners using a maximum

MI between 1.3 and 1.6.
2.1.2  Limitation of MI Assumptions

The MI was developed to gauge the likelihood of inertial cavitation associated with
diagnostic ultrasound, and its calculation is based upon the assumption of a pre-
existing gas bubble in the path of the acoustic beam [5]. There are tissues in the
body that naturally harbor gas bubbles, such as lungs and intestines. However, other
biological tissues, such as the liver, are generally free of gas bubbles [66, 19]. In such
tissues, the requisite amplitude of the ultrasound field for inducing cavitation is
consistently reported to be relatively high. MI values > 5.0 are required to generate
and detect cavitation when using diagnostic frequencies (i.e. > 1MHz), and pulse
durations (i.e. < 1 msec) [64]. A recent report from the AIUM concluded that
exceeding the recommended maximum MI given in the FDA guidance, up to an
estimated in situ value of 4.0, could be justified without concern for increased risk of
cavitation in these tissues, if that elevated MI imaging is associated with a significant
clinical benefit [64].

The current FDA guidance specifies that MI measurements be made in water,
and derated by a factor of a = 0.3 dB/cm/MHz to account for frequency-dependent

attenuation in tissue. Ultrasound must pass through the body wall before reaching



the abdominal organs. The thickness of the body wall varies significantly among
patients, typically being much thicker in overweight and obese patients. In practice,
a wide range of energy levels occur in vivo for a given system output due to differences
in imaging location and patient-to-patient variability in attenuation. In a liver study
with 26 patients conducted by our group [26], the shallowest liver capsule was 20
mm from the skin surface, while deepest liver capsule was 45 mm from the skin
surface. Figure 2.1 shows example liver images of two patients in this study. Their
liver capsule depths varied significantly from 25 mm to 45 mm. Other factors such
as liver fibrosis, inflammation, and steatosis further alter the in vivo energy level. As
a result, a wide range of energy levels could occur for the same MI used in different

patients.

| Cardiac / 4C1 304 1048:14 AN . | Cardiac  4C

371ps /80 mm 2 ey -’, 37 fos /80 mm
0bprn / NTHI General v #.  Obpm/NTHI Ge:u[e;al

HS. DMHZ-.-'B d-B N RO T b H5.0MHZ.'-1 a8
DR: 65 dB R 5N DR: 65 dB

—

FIGURE 2.1: Two pa ients that have different liver capsule depths. Left: liver
capsule depth = 25 mm. Right: liver capsule depth = 45 mm.

In addition, the single derating factor (a = 0.3 dB/cm/MHz) is lower than the
actual attenuation that occurs in abdominal imaging. Liver has a typical attenuation
of 0.5 dB/cm/MHz, while connective tissue and fat have different attenuations of
0.68 dB/cm/MHz and 0.40 dB/cm/MHz respectively [41]. As a result, the MI likely
overestimates in situ acoustic energy levels in livers, especially in the overweight

and obese patient population. The Effective Mechanical Index (MIE) was proposed



to accurately characterize in situ acoustic pressures [97, 58]. The MIE approach
employs the estimated in situ p, in the numerator of Equation 2.1, rather than using
a derating factor of 0.3 dB/cm/MHz. The MIE provides a more calibrated reference
for comparison of the actual in situ values of p, associated with cavitation-mediated
bioeffects in different experimental protocols, for which the prefocal losses are often
not accurately modeled by an attenuation factor of 0.3 dB/cm/MHz. The MIE is

thus more indicative of absolute safety thresholds compared to MI.

2.2  Non-linear Acoustics

2.2.1 Gowverning equations

Linear wave equation

When an acoustic wave passes through a compressible medium, there are dynamic
fluctuations in the pressure, density, temperature, particle velocity, etc. These physi-
cal changes can be described by a series of coupled partial differential equations based
on fundamental physics laws such as conservation of mass, momentum and energy.
For example, in the classical case of a plane acoustic wave propagating through a

homogeneous and lossless medium, the governing equations are given by [75]:

,Ooa—ltl + Vp = 0, (momentum conservation) (2.2a)
op’ .
e + poV - u = 0, (mass conservation) (2.2b)
K, )
p = —/p, (equation of state) (2.2¢)
Po

where u is the particle velocity, p is the acoustic pressure, p is the density, pg is
the equilibrium (ambient) density, o’ = p — po, and K is the bulk modulus. These

equations are first order, linear, partial differential equations, where higher order



terms have been ignored in their derivations. They are combined to give the linear

second-order wave equation:

2 1 3229

A 2.3
¢t ot? ’ (2:3)

where ¢ is the nominal wave speed. It can be derived from the bulk modulus (K)

and the equilibrium density (pg): co = v/ K/po-

Non-linear equations

To extend the governing equations (2.2) for non-linear wave propagation, medium
viscosity, and non-linearity need to be considered to construct a more realistic model
for acoustic propagation. When these effects are considered for a thermoviscous
medium, and keeping the second-order terms, the system of partial differential equa-

tions becomes [43]:

ou 4 1 ou

—_ — / - 2 PR . — ,_
oy +Vp= (i + 3u)V u 2pOV(u u) —p 5 (2.4a)
op/ / /
E+p0V~u:—pV-u—u«Vp, (2.4Db)
By’
= | P+ 5= 2.4
p co<p+2Ap0>, (2.4¢c)

where p is the shear viscosity, ¢’ is the bulk viscosity. Shear viscosity accounts for
diffusion of momentum between adjacent fluid elements having different velocities.
Bulk viscosity provides an approximate description of non-equilibrium deviations
between the actual local pressure and the thermodynamic pressure. B/A is called
the tissue non-linearity parameter, and is discussed in more detail in the next section.
These equations are combined to give the Westervelt equation (1963) for non-

linear plane wave propagation in a thermoviscous medium:

10% 6% B 0%p?
2p__282+_4a3:_ 4 912 (2.5)
cg Ot ¢ Ot pocy Ot
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where f = 1+ B/2A is the coefficient of nonlinearity, and § is the diffusivity of

sound, ¢ is related to p and ' as:

1 4 11
6=—(u’+—u)+£(———> (2.6)
Po 3 Po \Cv Cp

r is the thermal conductivity of the medium, ¢, and ¢, are the specific heat of the
media at constant volume and pressure respectively.

There are other commonly used equations that describe non-linear wave propa-
gation. For example, the Burgers equation simplifies the Westervelt equation to take
a one-dimensional form with an assumption of strictly forward propagating waves.
The generalized Burgers equation takes into account the divergence (or convergence)
of progressive spherical or cylindrical waves. The KZK (Khokhlov-Zabolotskata-
Kuznetsov) equation accounts for the combined effects of diffraction, absorption,

and nonlinearity in directional sound beams.
Harmonic pressure amplitude

The magnitude of the second harmonic increases with the square of the acoustic
pressure in the fundamental [16, 33]. This can be deduced from the frequency domain
solution to the Burgers equation. The Burgers equation is the simplest model that
describes the combined effects of non-linearity and dissipation on the propagation
of 1-D plane waves, and it is the most widely used model equation for studying
nonlinear acoustics. It can be derived from the Westervelt equation (Equation 2.5),

and can be written as (page 57 of [43]):

op 6 Pp B Op

= 2.7
Dz 2¢30t? pocgpéh' (2.7)

where 7 =t — z/cy represents the retarded time frame, i.e., the observer moves at

speed ¢ in a reference frame. Consider a Fourier series representation of a trial
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solution to Equation (2.7):

p(z,7) = Z Po(2)e’™", (2.8)

n=—0o0

Substitute this solution into Equation (2.7):

[e%¢} 8f% 4 0 ' e’} A
)
2c5 Pocy

Let n’ = [ 4+ m, the RHS (right hand side) of (2.9a) becomes
> (jY > umPn/_m> ' (2.10)

The terms in the parentheses of the LHS (left hand side) of Equation (2.9a) and of

Equation (2.10) are equal:

0P,
0z

+n°XP, =Y > mPy Py (2.11)

m=—00

The convolution term in (2.11) can be further extended, and let k = m:

apn n—1 0
o= —n’XP, +jY (Z kPP, i + ankp,:_n> n=12 .00  (212)
k=1 k=n

Equation (2.12) describes the frequency domain solution to the Burgers equation.
The first term of the RHS accounts for viscous attenuation in thermoviscous media,
and the second term accounts for nonlinear generation. This is consistent with the

derivation in [16], which was written in terms of particle velocity, and was derived
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ignoring attenuation (X term is 0). In Equation (2.12), P, is the nth term in a com-
plex Fourier series describing the pressure waveform at a point in the field. The first
summation term in the parentheses represents the accretion of the nth harmonic by
nonlinear combination of other harmonics. The second summation term represents
the depletion of the nth harmonic to other harmonics with a difference frequency
equal to nth harmonic [16]. When n is equal to 2 (second harmonic P,) in Equa-
tion (2.12), the first summation becomes 1P, P;, which is equal to PZ. The second
summation can be approximated by the second term in that summation, 2P; Py,
which is negligible due to the relatively small amplitudes of the third harmonic.
Thus, P, is proportional to P? in the absence of attenuation, i.e., the magnitude of

the second harmonic is simply proportional to the square of the fundamental.
2.2.2  Tissue non-linearity parameter B/A

The ratio B/A has become a common term in the field of nonlinear acoustics. It
originates from the Taylor series expansion of the variations of the pressure in a
medium in terms of variations of the density [43]. It represents the fact that density

does not follow linearly the changes in the applied pressure.

oP 1 [(O?P
P—-F = (a—p> (p—po)+§ <5_p2> (p—po)2+..., (2.13)
0 : 0

where P and p are pressure and density, respectively, Py and py are their ambient

values. Equation 2.13 can be expressed in a more succinct form:

2 3
P B[/ ) C ( 0 >
=Al—)+51—) +5(—) +.., 2.14
P (Po) 2! (Po 31\ po (2.14)
where p = P — Py is the sound pressure, p’ = p — pg is the excess density, and

oP
A=p <—> = pocl, 2.15a
o\ Bp ), =P (2.15a)
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o0?P
B=p | == 2.1
Po (apQ )0 ’ ( 5b)
o3P
C =ps (—> ’ 2.15¢
Po apg 0 ( )

where ¢g is the nominal speed of sound. The ratio B/A can be calculated from the

B Lo 82P
—== == . 2.1
A ( Ip? )0 216)

The quantity B/A is directly related to the ratio of the quadratic to the linear

definitions in 2.15:

terms in the Taylor series (Equation 2.14) and therefore quantifies the contribution of
second harmonics in wave propagation. Higher order effects exist, but are commonly
excluded from consideration because they are extremely small. Another parameter,
B =1+ B/2A, is called the coefficient of nonlinearity. The B/A and / parameters
of many solutions and biological tissues have been measured and reported in the
literature. Most commonly, water has a B/A of 5.0 at room temperature [10], which
corresponds to a [ of 3.5. Liver has a B/A of 7.6 [41], which corresponds to a 3 of
4.8.

2.2.3 Harmonic generation in sound propagation and shock formation

Harmonics are generated as a sound wave propagates in a non-linear material. Fig-
ure 2.2(a) illustrates the change in acoustic pressure as an initially sinusoidal wave
propagates. The change is best characterized by noting the shift to the left of the
maximum compression with respect to zero-crossing; and, conversely, the shift to
the right of the peak rarefaction. The relative positions of peak compression and
peak rarefaction become closer. This wave shape change leads to alterations in the
frequency spectrum of the wave, as evident in Figure 2.2(b). A monochromatic wave

progressively becomes richer in harmonic frequencies of the fundamental. In this
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case, harmonic frequencies are present after the wave travels for 5 cm, while they are

not present at the source.

(a) (b)
1 1
G T M -==0cm
E 0.5 IR ',l 5 0.8 ——5cm
3 {1} 206
a 0 =
<04
g 0 5 E‘ ‘
o -Y. -
o 0.2
= =
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Time (uS) Frequency (MHz)

FIGURE 2.2: Normalized time domain and frequency spectrum of a sinusoidal wave
initially (dotted line) and traveling for 5 cm (solid line) ignoring attenuation.

The explanation for this position change lies in the variation in phase speed v,
at different points on the wave. The phase speed is positively related to the local
sound pressure, i.e., the phase speed is highest in the peak compression, and lowest
in the peak rarefaction. The relationship between v; and particle velocity u can be

derived from the nonlinear wave equation (p.67 of [43]):
v =co+ (1 + B/2A)u = ¢y + Bu, (2.17)

the extent of variation of v; across the sound wave is higher for materials that have
a higher non-linear parameter B/A. In the case of a linear material where B/A = 0,
the phase speed is constant across a wavelength of the sound wave, and no harmonics
will be generated. This is rarely the case in diagnostic ultrasound, as most biological
materials have a B/A between 5 — 12 (p.36 of [43]).

Eventually, the peak compression and peak rarefaction will coincide, and form a
pressure discontinuity. This discontinuity is called an acoustic shock: the peak com-
pression follows immediately and discontinuously behind the peak rarefaction [33].

The concept of acoustic shock leads to the definition of shock propagation distance
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or discontinuity distance [;. This is the point at which a shock first forms, and [; is

given by (p.72 of [43]):

1

li= 05 (2.18)

where € is the acoustic Mach number, defined as ug/co, ug is the particle velocity at
the source, and k is the wave number.
At an arbitrary distance z away from the source, the distortion of the wave can

be conveniently described using the shock parameter oy:
os = z/lqg = €kpz. (2.19)

The shock parameter o, increases linearly with the distance traveled z, and with
the coefficient of tissue nonlinearity 8. In addition, there is linear dependence on e,
hence on the acoustic pressure at the source, and on k, the wave number. Since k is
equal to 2w /\ or 27 f /cy, o depends linearly on frequency. Increases in both source
pressure and frequency increase the tendency for shocks to be generated as a wave
propagates.

The shock parameter is often used to refer to distorted waveforms in a part
quantitative, part descriptive way [33]. For o, below 0.1, the wave may be considered
linear. o, = 1 is taken to be the threshold at which a pressure discontinuity has just
formed. o = 7/2 marks the formation of a full shock and o, = 3 the formation of a
saw-tooth wave. In diagnostic ultrasound imaging, the wave is usually in the weak

shock regime, which means 0.1 < o4 < 1.
2.3 Ultrasonic B-mode imaging

B-mode imaging utilizes sound waves generated from the transducer, which prop-
agates through tissue as longitudinal waves. The pressure and particle velocity at

each spatial location are related by the acoustic impedance, which is dependent on
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the density and speed of sound of the medium [22]. As the acoustic wave propagates
through tissue, it is reflected and scattered due to acoustic impedance variations.
The B-mode image is generated from the backscattered sound recorded by the trans-
ducer.

The ultrasound transducer converts the backscattered acoustic energy into an
electrical signal, which then passes through the receive circuitry of the ultrasound
scanner to form a B-mode image. The receive circuitry typically consists of pre-
amplifiers, analog-to-digital converters (ADCs), analog and digital beamformers, and
digital image formers. The received analog signal typically undergoes a depth depen-
dent amplification to have uniform signal strength over depth, then it is converted

to digital signals for down stream beamforming and processing.

2.8.1 Electronic noise

Axial (cm)

Lateral (cm)
FIGURE 2.3: An example B-mode image on a phantom. The deepest 25% (beyond
9 cm) of the image is dominated by salt and pepper electronic noise and a lack of
signal.

Uncorrelated electronic noise is typically present in B-mode images. There are
two major sources of electronic noise: thermal sensor noise and intrinsic amplifier

noise [42]. Sensor noise is due to thermal molecular activity in the transducer and the
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acoustic medium it is connected to. The available sensor noise power is proportional
to the absolute temperature and the bandwidth. Amplifier noise is primarily caused
by electrons crossing a potential barrier. This noise is denoted shot noise and is
proportional to the DC-currents in the transistors and the bandwidth of the system.

The electronic noise can be viewed as a Gaussian distributed white noise source.
Figure 2.3 shows an example B-mode image on a phantom. The deepest 25% (beyond
9 cm) of the image is dominated by electronic noise and a lack of signal (< -60 dB).
The electronic noise manifests as a ”salt-and-pepper” noise in the B-mode images

and is temporally varying.
2.4 Tissue Harmonic Imaging (THI)

THI is a nonlinear imaging modality that is the default imaging mode by most com-
mercial clinical abdominal imaging systems. The emergence of THI started from
ultrasound contrast agents. Contrast bubbles form a local source of nonlinearity in
an acoustic field. As a result, the backscattered sound from contrast agents is rich
in harmonics, and it can be distinguished from echoes from elsewhere [24]. How-
ever, it was later discovered that harmonic images could be obtained without the
introduction of contrast agents, and these images demonstrated better quality than

conventional Bmode images.
2.4.1 Implementation

Given the finite bandwidth of an ultrasound transducer, THI sequences typically
transmit at a frequency that is lower than the center frequency of the transducer,
to allow reception of the second harmonics included within the higher end of the
transducer bandwidth. The earliest method of THI post-processing was to perform
a high-pass filter on the received data, to separate the second-harmonic signal from

the fundamental [28]. However, this method only works well at the expense of ax-

17



ial resolution. The transmit pulses optimized for a fundamental imaging case, by
design, are broadband and have short pulse lengths to maximize axial resolution.
The frequency spectrum of such an imaging pulse is shown in Figure 2.4(a). The
fundamental and second harmonic bands overlap due to the broad bandwidth of the
fundamental signal. The result is that the fundamental band corrupts the harmonic
images obtained after filtering. To achieve better performance of THI images, the
shape of the transmitted spectrum and its bandwidth need to be carefully modified
to minimize the overlap between fundamental and harmonic bands. The optimized
spectrum for harmonic imaging is shown in Figure 2.4(b). The fundamental band is
narrowed to avoid overlap. This approach minimizes the corruption of fundamental

signal in THI images at the expense of axial resolution.
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FIGURE 2.4: (a): Frequency spectrum of the transmitted pulse optimized for funda-
mental imaging. There is overlap between the fundamental band and the harmonic
band. (b): Frequency spectrum of the transmitted pulse optimized for harmonic
imaging. Overlap between fundamental and harmonic bands is eliminated by nar-
rowing the fundamental band.

Pulse-inversion (PI) harmonic imaging was later proposed to isolate the second-
harmonic signals and make harmonic images while maintaining bandwidth and axial
resolution [29]. PI techniques generally use two transmit-receive cycles for each scan
line in the image, with the second transmit pulse 180° out of phase with the first.

Both the first pulse and the second, mirror-image pulse, undergo nonlinear distortion
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as they travel through the tissue, forming harmonics. With Fourier analysis of the
distorted waveform, it can be shown that the fundamental and odd-order harmonics
(3rd, 5th, and so forth) retain their mirror image 180° phase relationship. The even
order harmonics (2nd, 4th, and so forth), however, are in-phase and therefore add to
form a stronger harmonic signal than either generates alone [14]. An image formed
from these two pulses consists solely of echoes from the in-phase even harmonics, with
the fundamental band removed through phase cancellation. Practically, the summed
PI image only contains the second harmonic signal because the limited transducer
bandwidth filters harmonics beyond the second harmonic.

Given the benefit of higher SNR and freedom to use broadband transmit, PI
harmonic imaging is typically the default method for THI. However, PI implementa-
tions using sequential transmit-receive cycles for each scan line imply that the frame
rate is half that obtained with fundamental mode imaging. Combining PI harmonics
with parallel receive processing and coherent beam formation, it is possible to re-
duce the frame rate penalty of PI harmonics. Doherty et al. proposed fully sampled
harmonic imaging, where each (+) pulse is summed with the subsequent (—) pulse,
and each (—) pulse is also summed with the subsequent (+) pulse, to construct a
harmonic signal with a temporal sampling frequency equal to the pulse repetition
frequency [30].

PI harmonic imaging is used in the work presented in this thesis. It only works
well if the fundamental signals completely cancel out each other between the 2 pulses
that are 180° out of phase, so that all the signal left is the generated harmonic sig-
nals when the transmitted sound wave propagates through the tissue. Imperfect
cancellation of the out-of-phase transmitted signals can introduce undesirable har-
monic content in the received signal and degrades harmonic image quality. This was
monitored in the clinical studies presented in this thesis, and is further discussed in

Chapter 6.
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2.4.2 Benefits and limitations of THI

THI images typically offer better image quality compared to fundamental images.
The significant factors that contribute to the improvement in THI image quality
include: (1) reduced side lobe levels; (2) reduced susceptibility to aberration; and
(3) reduced reverberation clutter [33, 29, 16]. At the edges of the sound beam,
the pulse amplitude is lower than on the axis and harmonics are poorly generated.
Therefore, the side lobe levels for harmonics are low, and THI images are better at
suppressing off-axis bright structures. In addition, harmonic generation builds up
only during the propagation of the transmit pulse when there is sufficient pressure
to generate nonlinearity, which typically occurs near the focal region, bypassing the
aberrating tissues near the skin surface in many cases. Therefore, THI images only
suffer one-way phase aberration when the echoes propagate back to the transducer,
as compared to two-way aberration (transmit and receive) for fundamental images.
Moreover, the propagation of return echoes is accompanied by no further significant
harmonic generation, because of their low amplitude. This is also true for any re-
verberant echoes, whose harmonic content will be limited to only that generated by
the transmission to the target. THI has been shown to produce better image quality
clinically in many applications [68, 67, 45].

The magnitude of the fundamental signal increases linearly with source pressure,
whereas the magnitude of the harmonic signal increases quadratically with source
pressure [16]. Even so, the harmonic signals generated during nonlinear wave propa-
gation in current commercial implementations are typically 15-20 dB lower than the
fundamental signals [16]. Thus, THI approaches can be both SNR and penetration-
depth limited during clinical imaging, resulting in decreased diagnostic utility [68, 82].
A logical solution would be to increase the transmitted source pressure; however, the

maximum pressure that is employed by current commercial systems has been limited
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by the de facto limit established by the FDA guidelines for the MI, as described in

Section 2.1.

2.5 Ultrasound Elasticity Imaging

2.5.1 ARFI and SWEI imaging

Ultrasound elasticity imaging methods have been under investigation since the mid
1990’s. Tissue elasticity is known to be associated with underlying pathological con-
ditions, and ultrasound elasticity imaging methods are able to image these features
non-invasively to provide diagnostic information. Acoustic Radiation Force Impulse
(ARFI) imaging provides information about relative differences in tissue stiffness,
similar to those generated with compressive strain imaging methods. However, ARFI
offers advantages over compressive strain methods due to its limited susceptibility
to out of plane motion artifacts and operator dependence. On the other hand, Shear
Wave Elasticity Imaging (SWEI) quantifies tissue stiffness by exciting the tissue with
an ARFI push and measuring the speed of the associated shear wave propagation.
Both methods use long duration focused ultrasound waves to generate ARFI exci-
tations to induce tissue motion, and use standard ultrasound imaging techniques to
track the tissue displacement. ARFI measures on-axis displacement, and portrays
relative differences in the displacement response within each excited region. For a
given force, displacement is inversely proportional to tissue stiffness. SWEI monitors
the off-axis tissue displacement and tracks the shear wave originating from the ARFI
push to measure the speed of propagation. The shear wave speed (SWS) measured is
related to the material’s shear modulus. For a homogeneous, linear, elastic, isotropic
material, SWS is proportional to the square root of the shear modulus G divided

by the density p:

SWS = ([ =2 (2.20)
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SWS typically has units of m/s, shear modulus (Gg) of soft tissue typically has
units of kPa, and p is usually assumed to be 1 g/cm? for soft tissue. Many clinical
applications of these techniques in various organs and diseases have been reported
in the literature, such as liver fibrosis staging [73], bladder dysfunction [62], kidney

monitoring [40], thyroid gland [86], breast [9], and prostate cancer detection [102].
2.5.2 ARFI excitation

As the acoustic wave propagates through a medium, it also transfers momentum to
the medium due to scatter and absorption, which results in the acoustic radiation

force (ARF). The radiation force can be modeled by [65]:

201
F=" (2.21)
Co

where F is the radiation force [kg/(s*cm?)], I is the temporal average acoustic in-
tensity [IW/ecm?], a is the acoustic attenuation [Np/m], and ¢, is the speed of sound
[m/s].

ARF is generated whenever acoustic waves propagate through a medium. How-
ever, to harness this force for ultrosonic elasticity imaging, high energy, relatively
long duration (> 100 ps) focused ultrasonic waves are typically used to generate
micron level tissue displacements [31]. The radiation force is directly proportional
to the intensity of the acoustic beam, which is proportional to the square of pres-
sure amplitude. Using elevated MIs in ARFT excitation would result in larger ARF

magnitude, which in turn results in higher tissue displacement.
2.5.3 Displacement estimation and harmonic tracking

Displacement estimation is an important step in all ultrasound elasticity imaging
methods. M-mode type ultrasound pulses are transmitted and received several times

at the same region of interest of tissue before and after the ARFI push. The tissue dis-
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placement can be estimated by comparing the ultrasound data using cross-correlation
approaches or phase based methods [77]. The magnitude of tissue displacement from
ARFT excitation is typically on the order of 0-30 microns.

Harmonic imaging methods have been proposed for the tracking sequences of ul-
trasound elasticity imaging [30, 89], to obtain higher quality tracking data utilizing
the benefit of in vivo harmonic imaging. Similar to the benefits of THI, harmonic
tracking can reduce bias in tissue displacement estimates from strong off-axis scat-
terers, reverberation clutter, and phase aberration. In addition, harmonic tracking
also reduces underestimation bias associated with a smaller tracking beam size [70].
Song et al. showed that the shear wave SNR increased by 5.4 dB using PI harmonic
tracking as compared to fundamental tracking, when imaging a phantom through ex-
cised pork belly [89]. Doherty et al. showed that harmonic tracking provided higher
contrast in ARFI images of carotid arteries [30].

On the other hand, harmonic tracking can be susceptible to higher jitter due to its
generally lower SNR. Jitter measures the magnitude of random errors arising from
displacement estimation. Based upon the Cramér-Rao lower bound, a theoretical

lower limit of the jitter can be expressed as [96]:

3 1 1\’
itter > 14— -1 222
e =\ | S o (BWs + 12BW) (002 ( * SNR) ) (222)

where f, is the center frequency, 7" is the correlation window length, BW is the frac-
tional bandwidth, C'C' is the correlation coefficient between the signals, and SN R is
the electronic signal-to-noise ratio. For harmonic tracking, f. is higher and would
result in smaller jitter. However, because of the SNR and depth penetration limita-
tions of THI, C'C and SN R can be lower for harmonic tracking, therefore resulting in
higher jitter. We hypothesize that using elevated acoustic output in harmonic track-

ing will increase the SNR of the harmonic signal, therefore decreasing the jitter of
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displacement tracking, and increasing the success rate of ARFI and SWEI imaging.
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3

Analyzing the impact of increasing Mechanical
Index (MI) and energy deposition on shear wave
speed (SWS) reconstruction in human liver

This chapter has been published in the journal of Ultrasound in Medicine € Biology,
41(7):1948 — 1957, 2015.

3.1 Abstract

Shear wave elasticity imaging (SWEI) has found success in liver fibrosis staging. This
work evaluates hepatic SWEI measurement success as a function of push pulse energy
using 2 Mechanical Index (MI) values (1.6 and 2.2) over a range of pulse durations.
Shear wave speed (SWS) was measured in the livers of 26 study subjects with known
or potential chronic liver diseases. Fach measurement consisted of 8 SWEI sequences,
each with different push energy configurations. The rate of successful SWS estimation
was linearly proportional to the push energy. SWEI measurements with higher push
energy were successful in patients for whom standard push energy levels failed. The
findings also suggest that liver capsule depth could be used prospectively to identify
patients who would benefit from elevated output. We conclude that there is clinical

benefit to using elevated acoustic output for hepatic SWS measurement in patients
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with deeper livers.
3.2 Introduction

Liver biopsy has been the gold standard for staging liver fibrosis [100], with com-
mon disease etiologies such as viral hepatitis [94, 80], metabolic diseases [48, 13],
autoimmune diseases [55] and toxin-related causes [61]. However, due to its in-
vasiveness, risk of patient discomfort and lack of sensitivity [6], liver biopsy is
poorly suited as a diagnostic test for longitudinal monitoring. Recently, Shear
Wave Elasticity Imaging (SWEI) [84], has found success in the staging of liver fi-
brosis [73, 72, 52, 79, 38, 44, 47, 54, 36]. However, studies routinely report depth
penetration limitations and exclude patients with livers and hepatic lesions deeper
than 6-8 ¢cm [74], and technical failure and unreliable measurement rates for liver
stiffness have been reported to increase both with elevated patient BMI (a measure
of obesity) [101], and in the presence of significant hepatic fibrosis [81]. These chal-
lenges likely result from: (1) significant propagation distances of ultrasound waves
through subcutaneous fat in patients with higher BMIs, which can attenuate acoustic
radiation force impulse (ARFT) excitations and abberate tracking ultrasound beams,
and (2) smaller displacement amplitudes in stiffer livers. Current clinical SWEI pro-
tocols require 10 successful measurements for each patient, and record the median
value of the 10 measurements [90]. Herein we test the hypothesis that a stronger
acoustic radiation force excitation will increase the SNR of the shear wave signal as
well as increasing the percentage of successful SWS estimates.

The tissue displacement magnitude is proportional to the amount of momentum

change induced by the ‘acoustic radiation force impulse’, which is given by:

201
ARFIT = 2254, (3.1)
C

where « represents the ultrasonic attenuation of the tissue, I represents the pulse-
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average intensity of the acoustic beam, c is the sound speed, and ¢ is the duration
of ARFI push. In a given material, where o and c¢ are fixed, increasing the tissue
displacement is achieved by using an ARFI push with higher impulse. Technical
approaches to increase the push impulse include: (1) generating higher intensities
(I) and (2) increasing the duration of the ARFI excitation. The peak pressure,
and thus intensity, of commercial systems is limited by the U.S Food and Drug
Administration (FDA) guidelines on Mechanical Index (M = P_3/+/f., where P_3
is the peak-rarefactional pressure derated by o = 0.3 dB/cm/MHz, and f. is the
center frequency) [35].

The acoustic output of diagnostic ultrasonic imaging systems in the United States
has been limited to an MI of 1.9 by FDA guidelines based on substantial equivalence
with commercial products in the market prior to 1976 [2]. The MI guideline is in-
tended to minimize the potential risks of non-thermal bioeffects, such as inertial
cavitation, during diagnostic ultrasound exams. Inertial cavitation, i.e., bubble mo-
tion characterized by a large expansion followed by a rapid, violent collapse, can
radiate damaging shock waves and raise the local temperature to as high as 5000 K,
producing large numbers of reactive free radicals [21]. The MI formulation is based
on the assumption of pre-existing bubbles in water [5], but the cavitation threshold
in viscoelastic tissues, such as liver, can be twice compared to that in water [18]. A
recent theoretical analysis of pressure thresholds for cavitation with pulses typically
employed in ARFI imaging in tissue-like viscoelastic materials with a bubble present
indicated that an MI value of 1.9 represents a conservative guideline in the context
of hepatic imaging [20]. Further, endogeneous cavitation nuclei are rare in most soft
tissues [66]. In tissues such as the liver that are not known to contain well defined
gas bubbles, theoretical models indicate that the likelihood of inducing a cavitation
related bioeffect with an ultrasound signal with an MI of 4.0 is 1 in 10,000,000 [37].

This work presents a clinical study that evaluates hepatic SWEI measurement

27



success as a function of ARFI push energy using 2 MI values (1.6 and 2.2) over a
range of pulse durations. The goal is to quantify the effect of increasing push energy
on measurement success and to determine if there is clinical benefit in exceeding the

current MI FDA guideline of 1.9 in the context of hepatic SWEI measurements.

3.3 Methods
3.3.1 Data acquisition sequence and SWS' calculation

0™ yltrasound

Group SWS was measured using a modified Siemens Acuson SC200
scanner (Siemens Healthcare, Ultrasound Business Unit, Mountain View, CA, USA)
and an Acuson 4C1 curvilinear transducer. Each measurement consisted of 8 SWEI
sequences, each with different ARFI push energy configurations. Four of 8 pushes
had an MI of 1.6, which is typical of ARFI/SWEI on commercial scanners; through
increased excitation voltage, the other four pushes had a higher MI of 2.2. Pairs
of MI 1.6 and 2.2 sequences had matched scanner excitation transmit energy (F)

by adjusting the pulse duration. The scanner excitation transmit energy (E) was

calculated as the energy used to generate the push impulse,

V2
B =2 (3.2)

where V.5 is the root mean square of the excitation voltage, Z is the transducer
impedance at the center frequency of the push pulse as specified on the scanner,
and t is the push duration. Table 3.1 presents a summary of the 8 push pulses.
The smallest energy used in this study was 4.0 mJ (Sequence 1), which is typical
of commercial SWEI. In this study, we have encountered scanner power droop over
the course of ARFI pushes. The pressure amplitude gradually decays towards the
end of the push pulses. All of the sequences were characterized for scanner droop,

which was incorporated into the energy calculations in Table 3.1. The push pulse
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Table 3.1: Configurations of 8 SWEI excitations, Sequence #1 is similar to the energy
used in current commercial SWEI implementations, Sequence #3 and #5 (bold) are
a pair of high and low MI sequences that have the same excitation transmit energy
(E), which was computed using Equation 2.

Seq Number | MI | I,,,,(W/cm?) | duration (us) | E (mJ)
1 1.6 420 364 4.0
2 1.6 420 546 6.0
3 1.6 420 727 8.0
4 1.6 420 1000 10.2
5 2.2 730 157 8.0
6 2.2 730 176 9.0
7 2.2 730 309 15.2
8 2.2 730 411 17.5

was transmitted with a center frequency of 2.2 MHz, and had a fixed F/1.5 focus
near 50 mm axially.

Pulse-inversion harmonic tracking at 4 MHz was used for all sequences to reduce
the clutter in tracking data [30]. The pulse repetition frequency (PRF) was 5 kHz.
Due to equipment limitations, the MI for both pushing and tracking beams was the
same for a given sequence. Eight repeated measurements were performed in each
patient, and the order of the 8 pushes within each measurement was randomized to
avoid systematic errors.

All post-processing tasks were completed offline using Matlab (R2012a, MathWorks®),
Natick, MA). Displacement estimation was performed using a phase-shift estimator
on the beamformed in-phase and quadrature (IQ) data [53, 77]. SWS was recon-
structed using the Random Sample Consensus (RANSAC) [98] algorithm applied
to arrival times of the peak particle velocities, and the Radon Sum [83] algorithm

applied to the particle velocity data.
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3.3.2 SWS yield

In this study, SWEI measurements with less than 50% inliers in the RANSAC al-
gorithm were considered unsuccessful and were rejected, consistent with previously
published in vivo liver data [98]. In addition, it has been shown that the RANSAC
and Radon sum algorithms reconstruct SWS estimates with good agreement, with
a correlation coefficient of 0.91 [83]. Therefore, acquisitions were also rejected when
the SWS estimates from the two algorithms differed by more than 15%.

Differences between SWS measurements as a function of energy level were deter-
mined using a one-way ANOVA for each patient. A p-value exceeding 0.05 meant that
the SWS measurements were not significantly different. A post-hoc Tukey’s range
test was applied in conjunction with an ANOVA for patients that had p < 0.05, to
find the push energy level that produced SWS measurements significantly different

from others.
3.8.8 MI measurement

Acoustic output pressure measurements were made in accordance with the AITUM/NEMA
standard [4]. The measurements were performed in a water tank with the 4C1 trans-
ducer directly coupled to a 3D stepper motor-controlled translation stage (Newport,
Irvine, CA). The transducer was configured to transmit 10-cycle push pulses at a PRF
of 10 Hz to avoid heating of the transducer. The pressure waveform was measured
with a calibrated membrane hydrophone (PVDF, with a 0.6 mm spot size, Sonic
Technologies, Wyndmoor, PA). Custom LabView (National Instruments, Austin,
TX) programs were written to translate the hydrophone and automatically trigger
the scanner to transmit the desired pulses and the oscilloscope to record pressure
waveforms. Five repeated measurements were acquired and averaged at each po-
sition in a 3D grid (3.9 mm x 1.2 mm x 1.5 mm, axial x lateral x elevational)

centered around the focal point using a step size of 0.3 mm, in order to capture the
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global maximum of the acoustic pressure.

The pressure waveform was estimated from the recorded voltage waveform by de-
convolution based on the magnitude of the sensitivity of the hydrophone [99]. This
deconvolution method reduces over-estimation of the peak negative pressure arising
from non-uniform hydrophone sensitivity. After voltage to pressure conversion, the
MI was obtained by derating the peak-rarefactional pressure by 0.3 dB/ecm/MHz at
the center frequency (2.2 MHz) of the transmit waveform, and then dividing by
the square root of center frequency of the push pulse [35]. Figure 3.1 shows ex-
ample pressure waveforms of 10-cycle pulses at both MlIs. The pressure waveforms
were also measured in lossy media (a solution of evaporated milk and water with

a = 0.5 dB/em/MHz) to more closely match in vivo imaging [92].
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FI1cURE 3.1: 10 cycles of the pressure waveforms measured in water that were used
in this study. (a): peak-rarefactional pressure = 3.43MPa, which corresponds to MI
= 1.6 and I3 = 420 W/em?. (b): peak-rarefactional pressure = 4.59MPa, which
corresponds to MI = 2.2 and I,,,3 = 730 W/ cm?.

3.3.4  Clinical study design and population

Twenty six study subjects with known or potential chronic liver diseases were re-
cruited. This clinical study was approved by the Institutional Review Board at the

Duke University, and each study subject provided written informed consent prior
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to enrollment. Patient age, BMI, and fibrosis stage (if a liver biopsy had been per-
formed) were recorded. Liver capsule depth was measured from the Bmode image
for each study subject.

All 8 repeated SWEI measurements per study subject were performed at the
inferior-intercostal location (i.e., 10-11th rib intercostals space coinciding most often
with the location of the liver biopsy needle insertion), and a single trained imager
completed all imaging tasks to avoid inter-operator variability. Study subjects were
asked to pause breathing during each data acquisition, which lasted approximately
8 seconds. After the study subject paused breathing, an imaging location was tar-
geted in a homogeneous liver region on Bmode imaging, devoid of any vessels or
other structures. The study subject was instructed to resume breathing after each

measurement.
3.4 Results

Table 3.2 summarizes patient demographics in this study. The study subjects cover
a wide range of BMI and all fibrosis stages.

Figure 3.2 shows example RANSAC and Radon sum results. The top row portrays
data from a successful SWS measurement, whereas the bottom row shows a dataset
that was rejected due to its low percentage of inliers and the disparity between the
two SWS estimation methods.

Figure 3.3 shows the total percent yield of successful SWS measurements as a
function of scanner energy (FE). The number of successful SWS reconstructions
was summed over 8 repeated measurements for all 26 subjects to determine the
total yield at each push energy level. The percent yield was then calculated by
normalizing the total yield by the total number of measurements at each energy
level (8 repeated measurements x 26 study subjects = 208). The total percent yield

for the highest energy excitation was 48%, and that for the lowest energy excitation
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Table 3.2: Demographics of 26 study subjects.

Gender Total #
Male 13
Female 13

BMI (kg/m?) Total #
< 25 0
25-30 8
31-40 14
> 40 4

Fibrosis stage Total #
FO 5
F 1-2 8
F 3-4 11
N/A 2

Liver capsule depth (mm) Total #
20-34 13
35-59 13

was only 9%. Figure 3.3 indicates that the rate of successful SWS reconstruction is
linearly proportional to the magnitude of the push energy deposition in the liver.

Figure 3.4 shows the normalized peak displacements resulting from ARFI exci-
tations with various push energy levels. For each patient, the peak displacements
were normalized to the displacement level at the lowest energy level. The peak
displacements increase with increasing transmit excitation energy, as expected.

An ANOVA analysis was performed on the data from the 19 study subjects that
produced successful SWS estimates at more than one push energy level. The SWS
estimates from each push energy level were not significantly different in 17 of the 19
subjects (p > 0.05). The two subjects that yielded different SWS estimates between
sequences both had limited successful measurements with outliers at the lower energy
levels. Subject 1 produced 2 SWS estimates at E = 6 mJ described in Table 3.1,
and one of them was 42% higher than the mean of the other estimates. Subject 4

produced only 1 SWS estimate at 6 mJ energy, and it was 62% higher than the mean
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FiGure 3.2: Example RANSAC and Radon sum SWS reconstructions. In the
RANSAC data, the blue points depict inliers of shear wave arrival times, while the
red points depict outliers. The gray plane shows the 3D plane that best fits the
arrival time profile. In the Radon sum data, which was averaged through depth,
the line depicts the best fit that approximates the shear wave trajectory. Each pixel
indicates the peak particle velocity ranging from -5 — 15 mm/s, The top row shows
the RANSAC and Radon sum fit of a successful SWS reconstruction, there were
98% inliers in the RANSAC fit, and the estimates are within 8% of each other. The
bottom row shows an unsuccessful SWS reconstruction, where the data is so noisy
that no shear wave propagation is evident. There were only 28% inliers in RANSAC
fit, and the RANSAC and Radon sum fits were arbitrary, with the SWS estimates
differing by 75%.

of the other estimates.

Figure 3.5 further evaluates the energy threshold in the data and includes liver
depth information. Figure 3.5 shows the number of study subjects for whom the
energy level specified was the smallest energy level that produced a successful SWS
estimate, and the color of the bars represents liver capsule depth. Out of the 26 study
subjects, 11 had successful SWS estimates at £ = 4.0 mJ (typical of commercial
SWEI), 9 had successful SWS estimates only at elevated push energy levels (£ > 6.0
mJ), and 6 subjects failed to yield any successful SWS reconstructions. Table 3.3
provides details from the 6 failed patients. Deep liver capsules and advanced fibrosis
stages are highlighted in bold in Table 3.3. The 6 failed patients had significantly

deeper liver capsules than the rest of the study population (45.0 + 6.3 mm versus
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F1GURE 3.3: The combined percent yield across all patients linearly increases with
increasing push energy. Of the 8 excitation energy levels used in each patient, four
had an MI of 1.6 and four had an MI of 2.2. Generally MI 2.2 excitations have higher
push energy than MI 1.6 excitations. There is a pair of high and low MI excitations
(circled) that have the same energy level of 8mJ. The dashed line shows the linear
fit.
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FiGURE 3.4: Normalized peak ARFI displacement versus transmit push energy.
The error bars represent variation across the 26 study subjects. For each subject,
the displacements were normalized to the amplitude at the lowest push energy level.
As expected, peak displacements increase with increasing push energy.

33.5 £ 7.3 mm, p < 0.001), and 3 of them had advanced fibrosis.
In order to determine whether patients with deep liver capsules had lower yield,
the 26 study subjects were divided into 2 groups: one with shallow liver capsule

depths less than 35 mm (light gray bars), and the other with liver capsule depths
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Table 3.3: Patient details from the 6 patients without any successful SWS measure-
ments

Number | BMI (kg/m?) | Liver capsule depth (mm) | Fibrosis stage
1 33 35 3
2 36 40 N/A
3 32 45 4
4 39 50 2
5 95 50 1
6 26 50 4

Number of subjects Vs min energy for success

64%

100%

100%

Number of subjects
(2}

0

4.0 6.0 10.2 15.2 Failed
E (mJ)

FI1GURE 3.5: Number of subjects for whom the energy level was the minimum for
SWS measurement success. Light gray bars represent patients with shallow liver
capsules (< 35 mm), and black bars represent patients with deeper liver capsules.
Percentages indicate the proportion of patients with shallow livers for each energy
level. The dashed line separates the energy level typical of commercial SWEI prod-
ucts from the elevated energies used in this study.

greater than 35 mm (black bars). The percentages in Figure 3.5 show the proportion
of patients with shallow livers at each energy cut-off (i.e., the ratio of gray to black in
each bar). The 5 patients that only succeeded at E > 15.2 mJ and 6 failed patients
had 60% and 100% deep livers, respectively. Figure 3.6 shows the percentage of
study subjects that produced at least one SWS estimate at each push energy level
for both shallow and deep livers. For patients with shallow livers, 54% succeeded at

E = 4.0 mJ, and 100% succeeded at £ = 15.2 mJ. In contrast, 31% of the patients
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with deep livers succeeded at £ = 4.0 mJ, increasing to only 54% at F = 15.2 mJ.

(a) Shallow livers (b) Deep livers
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FIGURE 3.6: Percentage of successful subjects versus push energy levels for (a)
patients with shallow livers (liver capsule depth < 35 mm), and for (b) patients with
deep livers (liver capsule depth > 35 mm).

To further investigate other factors leading to lower yield, Figure 3.7 shows scat-
ter plots of per-patient percent yield out of 64 SWEI measurements (8 repeated
measurement X 8 energy levels) as a function of fibrosis stage, SWS, BMI and liver
capsule depth, as well as a scatter plot of liver capsule depth versus BMI. Per-patient
percent yield is moderately negatively correlated with fibrosis stage, SWS, and BMI,
it is more strongly negatively correlated with liver capsule depth. There is also a
strong positive correlation between BMI and liver capsule depth.

In order to assess the possible impact of increased track beam signal strength on
yield, we evaluated both the jitter magnitude and harmonic content of tracking beams
with different MI values in matched push energy sequences. Figure 3.8 shows the
normalized frequency spectra of 10-cycle pressure waveforms at both MIs measured
in an attenuating tissue mimicking fluid. The arrows point to the peaks of the second
harmonics at 4.4 MHz. There is an 11% increase in the relative magnitude of the
second harmonics comparing MI 2.2 to 1.6. Figure 3.8 (c) shows the jitter level

for sequences 3 (MI = 1.6) and 5 (MI = 2.2), which each had an energy level of 8
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FIGURE 3.7: Per patient percent yield (out of 8 repeated measurements x 8 en-
ergy levels = 64) versus (a) fibrosis stage, (b) SWS, (¢) BMI and (d) liver capsule
depth respectively. Dashed lines show the linear correlation.(e) shows the correlation
between liver capsule depth and BMI. Correlation coefficients p and R? values are

shown for each plot.

mJ (Table 3.1), measured on a CIRS Zerdine™ homogeneous elastic phantom in

a location away from the push with zero displacement. The jitter level of Seq 5 is
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significantly lower than that in Seq 3.

3.5 Discussion

The Mechanical Index (MI) was developed to gauge the likelihood of inertial cavi-
tation associated with diagnostic ultrasound, and its calculation is based upon the

assumption of a pre-existing gas bubble in the path of the acoustic beam [5]. There

38

60

100

50




 @MI=16 (o) MI=2.2 (©)

o
)

Jitter ( um)

Normalized amplitude
o
~

0.35
0.3 1

10 20 10 20 Seq 3 Seq 5
Frequency (MHzFrequency (MHz)

FIGURE 3.8: (a)-(b): Normalized frequency spectra of the push pressure waveforms
measured in a solution of condensed milk and water with o = 0.5 dB/cm/MHz. The
arrows point to the 2nd harmonics at 4.4 MHz. (c): The jitter level for Seq 3 and 5

specified in Table I, measured on a tissue mimicking phantom with a shear modulus
of 4kPa. Seq 3 has MI 1.6 and Seq 5 has MI 2.2. The errorbars arise from repeated
measurements from 5 independent speckle realizations.

are tissues in the body that naturally harbor gas bubbles, such as lungs and in-
testines. However, other biological tissues, such as the liver, are generally free of gas
bubbles [66, 19]. In such tissues, the requisite amplitude of the ultrasound field for
inducing cavitation is relatively high, with one analysis indicating that the likelihood
of cavitation using an MI of 4.0 in such tissues is 1 in 10,000,000,000 [19]. In 2012,
the American Institute of Ultrasound in Medicine (ATUM) Technical Standards Com-
mittee convened a working group of its Output Standards Subcommittee to examine
and report on the potential risks and benefits of increasing acoustic output levels
under specific clinical imaging scenarios where there is strong expectation of a rela-
tively high benefit-to-risk ratio. Liver imaging is one such scenario, and in this study;,
we compared SWEI performance using MIs of 1.6 and 2.2 in livers, where inertial
cavitation is unlikely to occur due to the lack of pre-existing gas bubbles [66, 19].
From a tissue heating standpoint, these sequences were designed to operate within

FDA guidelines, and temperature rises were less than 1°C. The temperature rise
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at the transducer’s face for 1 measurement that consisted of all 8 SWEI sequences
was measured to be 0.43°C. This temperature rise was well tolerated by the study
subjects. There was no report of patient discomfort due to transducer face heating
during the study. The tissue focal temperature rise due to absorption was calcu-
lated to be 0.15°C for each measurement of 8 SWEI sequences, using Equation (3)

below [71].
2a1

Cy

AT =

/ (3.3)

Where AT is the focal temperature change, « is the ultrasonic attenuation of the
tissue, [ is the pulse-average intensity of the acoustic beam, ¢, is the specific heat
capacity for soft tissue (4.2 W-s/cm?3/°C), and ¢ is the pulse duration. No significant,
adverse biological effects are expected from such small in vivo temperature rises [1].

Figure 3.3 shows that percent yield linearly increases with increasing push energy.
Figure 3.4 indicates that higher push energy leads to higher displacement, which pro-
vides higher signal level of the shear waves. Therefore, the SNR of the shear wave
signal increases with increasing push energy. Based on these findings, we conclude
that in the clinical environment, the number of repeated acquisitions necessary to
obtain 10 successful SWS estimates would likely decrease with increasing push en-
ergy. Further, the total energy deposited into patients would decrease due to the
corresponding decrease in the number of repeated acquisitions.

The ANOVA analysis indicated that the SWS estimates from different push en-
ergy levels are in agreement. Seventeen out of 19 subjects produced p-value > 0.05,
indicating that there is no difference between SWS estimates from the 8 push en-
ergy levels in a given subject. Both of the remaining 2 subjects had few successful
measurements and outliers for low energy levels. In other words, the SWS esti-
mates obtained in this study from all push energy levels were in agreement when

reproducible measurements were obtained (> 3 successful SWS estimates out of 8
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repeated measures). We thus conclude that SWS is not dependent on pulse duration
or MI, at least over the range of values explored herein.

The current FDA guidance specifies that acoustic pressure measurements be made
in water, and derated by a factor of a = 0.3 dB/ecm/MHz to account for frequency-
dependent attenuation in tissue. In practice, a wide range of energy levels occur in
vivo for a given system output due to differences in imaging location and patient-
to-patient variability in attenuation. In this study, SWS was measured at a fixed
depth (50 mm). However, due to liver capsule depth variability, the acoustic path
from the transducer to the SWS imaging window varied significantly across study
subjects. For the patient with the shallowest liver capsule, ultrasound waves traveled
through 20 mm of subcutaneous tissue and 30 mm of liver tissue to reach the imaging
window. On the other hand, for the patient with the deepest liver capsule, ultrasound
waves traveled through 45 mm of subcutaneous tissue and only 5 mm of liver. Liver
has a typical attenuation of 0.5 dB/cm/MHz, while connective tissue and fat have
different attenuations of 0.68 dB/cm/MHz and 0.40 dB/cm/MHz respectively [41].
Other factors such as liver fibrosis, inflammation, and steatosis further alter the in
vivo energy level. As a result, a wide range of energy levels could occur for the same
scanner energy (E) across study subjects, and the current derating approach using
a single attenuation coefficient likely overestimates in situ acoustic energy levels
in many cases. This is the reason displacement amplitudes were normalized in each
patient for comparison across patients in Figure 3.4. Given this variability, one might
consider using the liver capsule depth as an indicator of when the use of elevated
energy might be beneficial, as discussed below.

All 6 subjects that failed at all energy levels had high BMIs and deep liver cap-
sules, and three of these 6 subjects had advanced fibrosis, as shown in Table 3.3.
This is consistent with previous studies [101, 81]. High liver capsule depth means

that the ultrasound waves have to travel through more intervening tissue to reach the
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liver, leading to more pre-liver attenuation and thus smaller applied force. In addi-
tion, high BMI is typically associated with increased abberation both of the pushing
and tracking pulses, which leads to decreased displacement magnitude and tracking
SNR. Advanced fibrosis is associated with higher shear modulus [73], resulting in
smaller displacements under the same magnitude of ARFI excitation. As shown in
Figure 3.7, yield was moderately correlated with fibrosis stage (p = —0.53), SWS
(p = —0.41) and BMI (p = —0.48), and yield was more strongly correlated with liver
capsule depth (p = —0.63).

On the other hand, the elevated energy sequences (E > 6.0 mJ) successfully
obtained SWS estimates from 9 patients who otherwise failed, which comprised 35%
the population in this study. Therefore, we conclude that there would be clinical
benefit to using elevated output for SWEI measurements in these patients. Since
the clinician would not have prior knowledge about a patient’s fibrosis stage or SWS
information before SWEI is performed, liver capsule depth (or BMI, which were
strongly correlated in these data (p = 0.80, Figure 3.7¢)), could serve as a marker
for the need of elevated output. Liver capsule depth describes the distance that
the ultrasound wave has to travel to reach the liver, which is a direct indicator of
the amount of attenuation and aberration caused by the adipose tissue above the
liver. BMI, on the other hand, describes the human body as a whole. The actual
distribution of the body weight can vary across the patient population. Figure 3.7
shows that per patient yield is more highly correlated to liver capsule depth (p =
—0.63) than to BMI (p = —0.48). In this study, liver capsule depth higher than 35
mm was arbitrarily chosen as a marker for a difficult patient who would potentially
benefit from SWS measurement with elevated energy levels. In Figure 3.5, 60% of
the 5 patients who only produced successful SWS estimates at the highest energy
level (E > 15.2 mJ) and all of the 6 failed patients had deep livers. Figure 3.6 shows

that 54% of patients with shallow livers had successful measurements at the energy
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level close to commercial systems (E = 4.0 mJ), in contrast to only 31% of patients
with deep livers at this energy level. We thus conclude that SWS measurements in
patients with deep livers are more likely to fail using standard push energy levels,
where elevated output could enable successful SWS measurements.

For the pair of SWEI excitations with the same total energy (Seq 3 and 5 in
Table 3.1, E = 8 mJ), high and low MI sequences were expected to produce sim-
ilar numbers of successful SWS reconstructions. Figure 3.3 shows that the higher
MI excitation had a moderately higher yield (30% total percent yield, 62 success-
ful SWS reconstructions out of 208 measurements) compared to the same energy
sequence with lower MI, longer pulses (25% total percent yield, 52 successful SWS
reconstructions out of 208 measurements), as determined with a t-test (p < 0.07).
We hypothesized that this could be explained by nonlinear enhancement of the ra-
diation force impulse in higher MI excitations [91], and/or by the improved tracking
signal strength due to increased harmonic generation at the higher MI. If nonlinear
force enhancement were present, then we would expect larger displacements in the
higher MI sequence; however, no significant differences in displacement amplitude
were observed between Seq 3 and 5 (Figure 3.4).

Since the displacement amplitudes were not significantly different between these
sequences, the improved yield suggests a difference in tracking performance. To
assess the signal quality of the tissue harmonic imaging (THI) tracking pulses, we
quantified the jitter level in the data with matching push energies and differing
MIs (Seq 3 and 5). In this study, both the push and tracking beams in a given
sequence had the same MI due to experimental limitations. For tracking, a higher
MI is preferable because it leads to improved harmonic imaging SNR. Figure 3.8 (a)-
(b) show the frequency spectra of acoustic pulses measured in attenuating media.
These measurements were made in a milk solution rather than water to more closely

match the acoustic attenuation of tissue. Seq 5 (MI = 2.2) produced 11% higher
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energy in the second harmonics compared to Seq 3 (MI = 1.6). The enhanced
harmonic generation associated with the higher excitation voltages used in Seq 5
results in increased ultrasound tracking signal amplitudes and reduced jitter levels.
Figure 3.8(c) is consistent with this assessment, in that the jitter level of seq 5 is
significantly lower than that of seq 3. We thus conclude that the decreased jitter
associated with the MI = 2.2 sequences also contributed to improving the SWS
measurement yield. Further studies are required to tease apart the impact of pushing

versus tracking signal benefits in SWEI with elevated MI levels.
3.6 Conclusions

This study investigated the clinical benefit of using elevated push energy in hep-
atic SWEI measurements. Both the ARFI displacement magnitude and the rate of
successful SWS reconstruction are shown to increase with increasing push energy
level. Elevated push energy would require fewer trials to obtain a specified number
of successful SWS estimates and would enable SWS measurement in previously failed
patients. The successful SWS estimates from different energy levels are in agreement.
The SWS yield was moderately correlated to fibrosis stage, SWS, BMI and was more
strongly correlated with liver capsule depth. Liver capsule depth > 35 mm was an
indicator of lower yield in this study. Patients with deep liver capsules were more
likely to fail at standard push energy levels and thus we conclude that these patients

would benefit from elevated output.
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4

Quantifying image quality improvement using
elevated acoustic output in B-mode harmonic
1maging,

This chapter has been submitted to the journal of Ultrasound in Medicine & Biology.
Co-authors: Mark Palmeri, Ned Rouze, Gregg Trahey, Clare Haystead, and
Kathryn Nightingale.

4.1 Abstract

Tissue harmonic imaging (THI) has been widely used in abdominal imaging due to
its significant reduction in acoustic noise compared to fundamental imaging. How-
ever, THI can be both signal-to-noise ratio (SNR) and penetration-depth limited
during clinical imaging, resulting in decreased diagnostic utility. A logical approach
is to increase the source pressure, but the in situ pressures used in diagnostic ultra-
sound have been subject to a de facto upper limit based upon the Food and Drug
Administration (FDA) guideline for the Mechanical Index (MI < 1.9). A recent
ATUM report concluded that an MI up to 4.0 could be warranted without concern
for increased risk of cavitation in non-fetal tissues without gas bodies, but would

only be justified if there were a concurrent improvement in image quality and di-
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agnostic utility. This work evaluates image quality differences between normal and
elevated acoustic output hepatic harmonic imaging. The results demonstrate that
harmonic imaging using elevated acoustic output leads to modest improvements in
contrast-to-noise ratio of hypoechoic hepatic vessels (7 — 12%) and increases in imag-
ing penetration depth on the order of 4 — 8 cm per unit MI increase for a given focal
depth. Difficult-to-image patients who suffer from poor ultrasound image quality

demonstrated larger improvement than easy-to-image subjects.
4.2 Introduction

Ultrasound imaging is one of the most widely used abdominal imaging modalities in
the United States, with advantages including its low cost and real-time nature, as well
as a lack of ionizing radiation. Abdominal ultrasound is widely used for screening
liver diseases [57, 59], and it is the recommended modality for six month screening in
patients at risk for hepatocellular carcinoma (HCC) [12, 7]. The major drawback of
abdominal ultrasound is poor image quality that is insufficient for diagnosis, which is
reported in 25-60% of patients [7, 95, 88, 50|, and is often correlated with obesity [85,
51]. In obese patients, poor image quality arises from decreased penetration depth
and increased aberration, attenuation and reverberation clutter from the abdominal
wall [51, 78].

Tissue harmonic imaging (THI) has become the default imaging mode for most
abdominal imaging exams. THI is based upon nonlinear acoustic wave propagation,
where images are made from the harmonics generated as the transmitted sound trav-
els through biological tissues. THI is widely reported to be better than fundamen-
tal B-mode ultrasound in regard to lesion visibility and diagnostic confidence [93].
Its success in creating higher quality images is attributed to decreased sidelobe en-
ergy [16, 17] and decreased reverberation clutter in the abdominal wall [78, 11].

However, second harmonic pressure amplitude is generally 15-20 dB lower than the
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corresponding fundamental pressure [29]. Therefore, THI can be both signal-to-noise
ratio (SNR) and penetration depth (PD) limited during clinical imaging, resulting
in decreased diagnostic utility [85, 51, 25].

A logical approach to improve THI SNR is to increase the source pressure be-
cause the second harmonic pressure increases quadratically with source pressure [16].
However, the acoustic output of diagnostic ultrasonic imaging systems in the United
States has been subject to a de facto upper limit based upon the Food and Drug
Administration (FDA) guideline for the Mechanical Index (MI < 1.9) [15]. The MI
guideline is intended to minimize the potential risk of inertial cavitation induced by
diagnostic ultrasound exams. Inertial cavitation is a bubble motion characterized by
a large expansion followed by a violent collapse, which can generate damaging shock
waves and raise local temperatures as high as 5000 K [21]. The original MI formula-
tion was based on the assumption of pre-existing bubbles in water [5]. The guideline
of 1.9 was based on the maximum MI computed for the commercially available prod-
ucts prior to 1976, rather than based upon reported evidence of bioeffects [64]. 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 [103, 4], which results in most current commercial scanners
using a maximum MI of 1.6. If bubbles are not present, the pressures (MI) required to
induce cavitation are much higher [20]. A recent report from the American Institute
of Ultrasound in Medicine (AIUM) concluded that exceeding the recommended max-
imum MI given in the FDA guidance up to an estimated in situ value of 4.0 could
be warranted without concern for increased risk of cavitation in non-fetal tissues
without gas bodies if there were concurrent improvement in diagnostic utility [64].

The work described in this paper presents a clinical study that evaluated THI
data quality for hepatic imaging sequences using MI values typical in commercial

ultrasound scanners (MI = 1.6) and elevated MI values (MI < 3.3). We hypothe-
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sized that increasing acoustic output would result in higher SNR of the image data,
which would increase imaging penetration depth and increase contrast-no-noise ratio
of hypoechoic hepatic structures by decreasing the relative signal variance in the

structures.
4.3 Methods

Two types of imaging sequences, B-mode and M-mode sequences, were implemented
in this study. B-mode data were acquired from hypoechoic vascular structures in
subjects’ livers and contrast-to-noise ratio (CNR) was calculated to assess the image
quality for low and elevated MI matched images. M-mode data were also acquired
from homogeneous regions of livers, and the imaging penetration depth (PD) was

estimated from M-mode data and evaluated as a function of MI.
4.3.1 Imaging pulse parameters

Pulse-inversion harmonic data were acquired using a modified Siemens S2000 scanner
(Siemens Healthcare, Ultrasound Business Unit, Mountain View, CA, USA) with a
4C1 curvilinear array typical for abdominal imaging, and a custom made prototype
transducer (PX) for deep abdominal imaging. A total of 4 custom imaging cases
were developed and calibrated [4] using the two transducers with various transmit
foci to target hepatic structures at different depths. Table 4.1 lists the transmit
frequency and focal depths of the 4 imaging cases, as well as the MI values used in
this study. Beamformed radio-frequency (RF) data of each transmit-receive event
was collected, and pulse inversion harmonic data were created by summing the RF
data from two consecutive transmit events with positive and negative leading-edge

pulses and filtering the data around harmonic frequencies.
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Table 4.1: Transmit frequency, focal depth, and MI configurations

Transducer | Tx frequency | Focal depth | B-mode MI values | M-mode MI values
4C1 1.8 MHz 6 cm 1.6, 2.6 1.6, 2.0, 2.3, 2.6
4C1 1.8 MHz 8 cm 1.6, 2.0 1.6, 1.7, 1.8, 2.0
PX 1.3 MHz 11 cm 1.6, 3.3 1.6, 2.3, 2.9, 3.3
PX 1.3 MHz 14 cm 1.6, 2.5 NA

4.8.2  B-mode sequence and contrast-to-noise ratio (CNR)

B-mode data acquisitions were targeted at hypoechoic vascular structures such as
the portal veins in the livers of each subject. For each subject, the liver was scanned
with standard MI live B-mode harmonic imaging and image planes containing target
hypoechoic structures were identified. The focal depth from Table 4.1 closest to that
structure was selected and the receive gain settings were adjusted to obtain the best
image quality. Once the image was optimized, the scanner was triggered to acquire
three pairs of harmonic images with alternating low MI (1.6) and high MI (2.0-3.3)
values using real-time frame rates (> 7 frames per second) in a random order. Using
real-time frame rate was crucial to minimize the motion between image frames for
accurate matched CNR calculations. We aimed to image eight different hypoechoic
structures for each subject.

Hypoechoic structures were identified from the acquired images offline after the
data acquisition, and contrast-to-noise ratio (CNR) of each structure was calculated
from both fundamental and harmonic images. The CNR was calculated using Equa-

tion (4.1),
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where S; and S, are the mean signal magnitudes of the regions inside and outside of

CNR = (4.1)

49



2

2 are corresponding signal variances. The

the structures respectively, and ¢? and o
regions of interest (ROIs) for CNR computation inside and outside the structures
were selected to be greater than 20 mm? to provide sufficient area to accurately
represent mean brightness. In addition, surrounding margins within the ROI were
required to be at least 3 mm to ensure the boundaries of structures were clearly
delineated in the images. The CNR results were averaged across each of the three
images obtained at low and high MI values respectively for each target. A CNR
measurement was rejected when the standard deviation of the CNR across the three
matched MI images was greater than 0.1, which indicates that there was significant
motion artifact during the acquisition.

For each target, a CNR increase was defined when the difference between the
mean CNR going from low to high MI images was positive and larger than the
CNR standard deviation between the 3 repeated measurements at either MI. A CNR
decrease was defined in a similar way, with a negative CNR difference going from low
to high MI images. No change in CNR was defined when the mean CNR difference

between the low and high MI images was less than the standard deviation of the 3

measurements at either MI.
4.8.3 M-mode sequence and penetration depth (PD)

M-mode sequences that consisted of repeated firings of ultrasound beams at the
same spatial location were performed using a pulse repetition frequency (PRF) >
2 kHz. The high PRF was used to minimize motion between the repeated firings.
Each beam was repeated 10 times, and each acquisition contained 8 different beam
locations. For each subject, the sonographer scanned the liver to target homogeneous
liver regions devoid of vessels or other structures using standard B-mode imaging.
The scanner was then triggered to acquire M-mode data for 4 MI values between 1.6

and 3.3. The M-mode data were acquired using focal depths of 6 and 8 cm with the
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4C1 transducer, and using a focal depth of 11 ¢m using the PX transducer.
Normalized cross-correlation (NX-corr) [77] was performed between the received
harmonic data from repeated firings of each beam using a 1.7 mm kernel with 97%
overlap. The correlation coefficient (CC) was averaged across the 10 repeated firings
at each spatial location as a function of depth. Imaging penetration depth (PD) was
quantified as the depth when the CC dropped below 0.8. For a given transducer and

a transmit focal depth, we expect that PD will increase with increasing MI.
4.8.4  MI measurement

Acoustic output measurements were conducted according to [4] using a calibrated
PVDF membrane hydrophone with a 0.6-mm spot size (Sonic Technologies, Wynd-
moor, PA, USA). The pressure was estimated from the recorded voltage waveform
using deconvolution based on the frequency dependent magnitude of the sensitivity
of the hydrophone [99]. After voltage-to-pressure conversion, the MI was obtained
by derating the peak rarefactional pressure by 0.3 dB/cm/MHz at the center fre-
quency of the transmit waveform, and then dividing by the square root of the center
frequency.

The maximum MI values as shown in Table 4.1 were dictated by scanner hard-
ware. The commercial ultrasound scanner used in this study was designed to operate
at an MI < 1.6. System nonlinearities could degrade harmonic image quality when
the scanner operates at elevated acoustic output levels. The positive and negative
leading edge pulses were measured with the hydrophone at the transducer surface
at a range of MI values. Lower correlation coefficients were observed between the
positive and negative leading edge pulses at higher MI values. A lower correlation
coefficient results in imperfect cancellation of the transmitted signals during pulse
inversion, which introduces undesirable harmonic content in the received signal and

degrades harmonic image quality. We imposed a minimum correlation coefficient
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Table 4.2: Subject demographics, 25 subjects in total

Gender Total #
Male 13
Female 12

BMI (kg/m?) Total #
<249 8
25.0-29.9 8
30.0-39.9 6
> 40.0 3

Image quality Total #
1 (easy) 9

2 (medium) 9
3 (difficult) 7

magnitude threshold of 0.98 to maintain high levels of cancellation. This correlation

coefficient threshold dictated the maximum MI for each sequence used in this study.
4.8.5  Clinical study design and population

Twelve patients scheduled for general abdominal ultrasound exams at Duke Univer-
sity Medical Center and thirteen healthy volunteers were enrolled for this study. This
clinical study was approved by the institutional review board (IRB) at Duke Univer-
sity and Duke University Medical Center, and each study subject provided written
informed consent prior to enrollment. The Body Mass Index (BMI) of each subject
was recorded. All data acquisition was performed subcostally. Study subjects were
asked to stop breathing during each data acquisition, which lasted approximately 5
seconds for B-mode sequences and 8-10 seconds for M-mode sequences. The study
subject was instructed to resume breathing after each acquisition. The B-mode im-
age quality of each subject was subjectively scored on a 1 — 3 scale by the study team
radiologist (1 - easy, 2 - medium, 3 - difficult). Table 5.2 summarizes the subject

demographics.
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4.4 Results

4.4.1  Mechanical Index (MI)

The MI was measured for a range of scanner excitation voltages at each focal depth.
Figure 4.1 shows example pressure waveforms measured at a focal depth of 6 cm using
the 4C1 transducer. Figure 4.1 (a) and (b) plot the pressure waveforms corresponding
to MI values of 1.4 and 2.8. As is typical in water measurements, both waveforms
appear non-linear with the peak positive pressure significantly higher than the peak
negative pressure. The corresponding MI values were calculated from peak negative

pressures using Equation 2.1.
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FiGureE 4.1: Hydrophone measurement results from the 4C1 transducer with a
lateral focus at 6 cm. (a) Pressure waveform corresponding to an MI of 1.4. (b)
Pressure waveform corresponding to an MI of 2.8.

4.4.2  Contrast-to-noise ratio (CNR)

Hepatic hypoechoic structures were identified from each B-mode image after data
acquisition, and their CNR was computed. Given the rejection criteria described
in Section 4.3.2, there were 188 hypoechoic structures identified in total from the
B-mode images of the 25 subjects.

The two images in the top row of Figure 4.2 show an example pair of hepatic

harmonic images of an average weight volunteer (BMI = 20.9 kg/m?). The arrows in
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the images point to 3 hypoechoic vessels in which the CNR was computed. The CNR
values of the 3 vessels at the 2 MI values are plotted in the bottom panel of Figure 4.2.
The variability among the 3 pairs of the measurements at each MI is reflected in the
error-bars. The vessels had CNR increases of 7% (red), 12% (cyan), and 20% (pink)
going from low to high MI imaging. Figure 4.3 shows a pair of hepatic harmonic
images from an overweight patient (BMI = 26.0 kg/m?) who consistently exhibited
significant CNR increase (> 30%) going from low to high MI imaging. The CNR
of the highlighted structure increased by 38%, and the boundary of the structure is
more clearly delineated in the high MI image on the right.

Ml=1.6 MI = 2.6

PACNR = 1.38 FACNR = 1.55

4 4
3
— 6 6
8
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FIGURE 4.2: Top: Matched THI images using MI values of 1.6 (left) and 2.6 (right)
in an easy-to-image (Category 1) volunteer with a BMI of 20.9 kg/m?. The arrows
indicate structures in which CNR was computed. Both images are shown with a
dynamic range of 60 dB. Bottom: CNR versus MI for each structure. The error-bars
reflect the variability of CNR among the 3 pairs of measurements at each MI.

Figure 4.4 shows the number of structures that exhibited a CNR increase, no

change, or decrease going from low to high MI B-mode imaging across all focal

o4



Ml =2.0

Axial (cm)

Lateral (cm) Lateral (cm)
FIGURE 4.3: Matched THI images using MI values of 1.6 (left) and 2.0 (right) in a
medium image quality (Category 2) patient with a BMI of 26.0 kg/m?. The arrow
indicates the structure in which CNR was computed. Both images are shown with a
dynamic range of 60 dB.
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Fundamental Harmonic

FIGURE 4.4: The number of hepatic hypoechoic structures that exhibited a CNR
increase between matched low and high MI B-mode imaging across all 25 subjects.
Out of the 188 identified structures, 57% of the structures had a CNR increase
in harmonic images, whereas only 18% of the structures had a CNR increase in
fundamental imaging.

depths and all study subjects in both fundamental and harmonic imaging modes.
Out of the 188 identified structures, 57% exhibited a CNR increase in harmonic
images, while only 18% exhibited a CNR increase in fundamental images.

The CNR results of harmonic images were then normalized to the CNR values
at an MI of 1.6 to estimate percent CNR increase. Figure 4.5 shows percent CNR
increase with respect to image quality evaluated by the radiologist. The mean CNR

increase was positive for all levels of image quality with median values of 4.2% 7.2%
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and 7.6% for easy, medium and difficult-to-image subjects. Using a Wilcoxon rank
sum test, the CNR increase in images with quality level 1 is significantly lower than

the CNR increase for image quality levels 2 and 3 (P < 0.005).
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FIGURE 4.5: Percent CNR change as a function of subjective assessment of overall
image quality. The mean CNR change is positive for all levels of image quality. The
CNR increase for image quality level 1 is significantly lower than the CNR increase
for image quality level 2 and 3 (P < 0.005).

Figure 4.6 shows scatter plots of the percent CNR increase from all subjects
with respect to focal depth between low and high MI imaging. The focal depth was
generally close to the depth of the hypoechoic structures. There is no significant

trend between focal depth and CNR increase (p = 0.13, P > 0.05).
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FIGURE 4.6: Percent CNR change versus focal depth
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FIGURE 4.7: (a) An example harmonic image using a focal depth of 6 cm and an MI
value of 1.6 from an overweight subject (BMI = 25.7 kg/m?). The image is shown
with a dynamic range of 60 dB. CC was calculated from the M-mode data of the
center beam of the image as highlighted by the blue line. (b) CC as a function of

depth. Using a CC cut-off of 0.8, the penetration depth of this image is determined
to be 10.4 cm.

4.4.3 Penetration depth (PD)

M-mode data was obtained from 23 of 25 subjects. The 2 failed subjects had trouble
holding their breath during the M-mode data acquisition which took 8 — 10 seconds.
Figure 4.7 (a) shows an example harmonic image using a focal depth of 6 cm and
an MI value of 1.6 from an overweight subject (BMI = 25.7 kg/m?). The deepest
50% of this image is dominated by electronic noise and a lack of signal. Correlation
coefficients were calculated using 1.7 mm kernels along the center beam of the image
(blue line), which is one of the 8 different spatial locations where PD was evaluated.
Figure 4.7 (b) plots the corresponding correlation coefficient results over depth. The
correlation coefficients were close to 1.0 for shallow depths < 7 cm, and decreased with
increasing depth as the harmonic signal amplitude dropped due to attenuation and
the electronic noise became more apparent. Using an arbitrarily selected correlation
coefficient cut-off of 0.8 to quantify penetration depth, the penetration depth for this
case is 10.4 cm.

Imaging penetration depth (PD) was estimated from the M-mode data for all focal

o7



@ ) (b)

w
S
=
o

28 T ,—"* ot
_.-" R?=096

26 = 8F
524 i_—’ g% 71
o .- £
S22 Eg 6l
020, - X 6cm, 1.8 MHz ¢ 3
£ % X 8cm, 1.8 MHz S5 5
) X 11cm, 1.3 MHz 5E
© 18 S 4L
5 o¢
=16 --% [
[ ¥ = g 3
£ - X R2 = 0.98 %--25
Sl4r - R?=0.98 5l
o 2- -

12t -

1t
ot X7
| | | 0 . '
15 2 25 3 6 8 n
MI focus (cm)

FIGURE 4.8: (a) Penetration depth (PD) as a function of MI computed in an over-
weight patient (BMI of 25.7 kg/m?). An increase in MI results in an increase in
penetration depth for all focal depths. The dashed lines represent the linear fit

between MI and mean PD. The error-bars reflect the standard deviation from 8 dif-
ferent spatial locations. (b) Slope of the linear fit between MI and PD as shown in

(a) combining data from all the study subjects (R? > 0.95) as a function of focal
depth. The error-bars represent inter-subject variability.

depths from the 23 subjects. Figure 4.8 (a) plots PD as a function of MI at different
focal depths in the same subject as in Figure 4.7. The error-bars reflect the standard
deviations of PD computed from 8 different spatial locations. PD is always higher
than the focal depth, and increases with increasing MI. The mean PD follows a linear
relationship with MI as shown by the dashed lines in Figure 4.8 (a). Similar trends
between MI and mean PD were observed in the data from all subjects. Figure 4.8
(b) shows the slope of the increase in PD with respect to MI increase combining
data from all 23 subjects. The error-bars represent inter-subject variability. The
results indicate that PD increases between 4 mm and 8 mm per MI increase of 0.1

depending upon transmit focal depth, frequency and focal configuration.
4.5 Discussion

This paper evaluates the in vivo image quality improvement when using elevated
acoustic output in hepatic harmonic B-mode imaging. The Mechanical Index (MI)

was originally developed to gauge the likelihood of inertial cavitation associated with
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diagnostic ultrasound [5]. The FDA guideline of MI < 1.9 for diagnostic ultrasound
was derived from historic values, rather than being linked to scientific evidence of
bioeffects. In biological tissues that are generally free of gas bubbles such as healthy
livers, the cavitation pressure threshold is relatively high, with one theoretical anal-
ysis concluding that the likelihood of cavitation using an MI of 4.0 in such tissues
is 1 in 1'% [19]. The Technical Standards Committee of the ATUM has formed a
subcommittee to examine the benefits and risks of elevated acoustic output under
clinical imaging scenarios where there is potentially high benefit-to-risk ratio [64].
Liver imaging is one such scenario, and this study evaluated the image quality of
hepatic harmonic imaging using an MI up to 3.3.

This study evaluated the impact of using elevated acoustic output at a limited
range of focal depths (6, 8, 11, and 14 cm). We were unable to achieve an MI
> 1.9 using deeper focal depths given the finite transducer aperture and limited
scanner hardware. Water-based pressure measurements are subject to a maximum
pressure amplitude (saturation pressure) for a given focal configuration due to pre-
focal saturation losses in water, which results in a maximum MI that can be measured
for each focal depth [32]. The saturation pressure increases with increasing aperture
size, and decreases with increasing imaging focal depth and frequency. For typical
curvilinear array transducers such as the 4C1 transducer for abdominal imaging, it
is difficult to achieve an MI > 1.9 for focal depths greater than 10 cm.

Elevated acoustic output results in improved CNR for a larger number of struc-
tures in harmonic imaging than in fundamental imaging as shown in Figure 4.4. Out
of the 188 identified structures, 57% of the structures had a CNR increase in har-
monic images, while only 18% of the structures had a CNR increase in fundamental
images with increased MI. This is likely because harmonic imaging suffers from a
lower SNR than fundamental imaging [11]. Second harmonic pressure increases with

the square of source pressure, while fundamental pressure increases linearly with
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source pressure [16]. Therefore, an MI increase leads to a quadratic increase in har-
monic signal compared to a linear increase at the fundamental signal, resulting in a
higher CNR increase in harmonic images.

As shown in Figure 4.6, a CNR increase with respect to MI was observed at all
focal depths, and there was no correlation between focal depth and CNR increase.
The CNR increases observed in this study were fairly modest (mean values of 7 —
12%), although, there was one subject in whom CNR increases consistently exceeded
30% with increased MI (going from 1.6 to 2.0) as shown in Figure 4.3.

Figure 4.5 examines the percent CNR increase with respect to image quality as
subjectively assessed by the radiologist. The mean CNR increase is positive for all
levels of image quality, suggesting that elevated acoustic output could lead to higher
lesion visibility in subjects regardless of body habitus. On the other hand, the CNR
improvement is significantly higher in medium- and difficult-to-image subjects than
in easy-to-image subjects, indicating that difficult-to-image subjects could preferably
benefit from using elevated acoustic output imaging.

Figure 4.8 indicates that increasing MI results in an increase in imaging penetra-
tion depth for a given focal depth in THI images. An MI increase leads to higher
harmonic signal amplitude, which in turn increases the SNR of the harmonic image
and the imaging penetration depth. In cases when the radiologist struggles to see
the anatomy deep in an ultrasound image for a given focal configuration, we expect
that increasing MI would increase the imaging penetration depth and enable the
image to cover a larger axial extent, as shown in Figure 4.9. On the other hand, this
study investigated a limited range of focal depths: 6 cm, 8 cm, and 11 ¢m, and PD
was compared for matched focal depths. We did not compare, for example, high MI
focused at 11 cm with lower MI focused at 24 cm. Future work will be directed to
explore imaging penetration depth with varying focal depths to evaluate the optimal

focal configuration and acoustic output level for deep abdominal imaging.
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FIGURE 4.9: Matched THI images using typical an MI value (MI=1.4, left) and an
elevated MI value (MI = 3.4, right) focusing at 5 cm in an obese volunteer (BMI =
30.4 kg/m?) with a fatty liver. The image intensities are shown in dB. The arrows
point to vessels in which CNR was computed. The cyan and magenta arrows in the
right image indicate structures deep to the focus that are only visible in the elevated
MI configuration.

A limitation of this study is that targets were identified while scanning with the
lower MI sequence. Each subject was first scanned with conventional THI to identify
targets in the liver. After the target was located, the scanner was then triggered into
data acquisition using low and high MI values. This meant that all structures were
visualized at both low and high MI, and in general only modest increases in CNR
were observed in these structures. In one subject, we observed some lower contrast
structures deep to the focus at higher MI that were not visualized at the lower MI.
Figure 4.9 shows a pair of harmonic hepatic images using MI values of 1.4 and 3.4
acquired in an obese volunteer (BMI = 30.4 kg/m?) with a fatty liver focused at 5 cm.
The cyan and purple arrows in the right panel highlight structures that were not seen
in the low MI imaging. In this case, elevated acoustic output imaging increased the
SNR of the harmonic signal at depths beyond the focus, and enabled visualization
of low-contrast structures that were not apparent at the lower MI.

Another limitation of this study was the use of only 2 MI values for each focal

depth in the B-mode sequences and CNR computation. This limits the ability to
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draw conclusions about MI thresholds and minimum CNR increases. This will be
the focus of future work.

In addition to the FDA guideline on the Mechanical Index that minimizes the
risk of non-thermal bioeffects, diagnostic ultrasound systems are also subject to
thermal safety limits such as the spatial peak temporal average intensity (Ispra)
and transducer face heating. Igpra is related to expected thermal bioeffects and
is limited to 720 mW /cm? in non-fetal tissue [15]. The temperature rise at the
transducer surface is limited to 27°C when transmitting into still air and 10°C when
the probe is in contact with a phantom during scanning [49]. In this initial study,
we adopted a very conservative scanning protocol which had low duty cycle (< 1%)
during high MI data acquisition to minimize temperature increase. There has been
no report of patient discomfort due to transducer face heating during the study.
Future work will involve developing high MI scanning sequences in order to assess

detectability differences of low contrast hepatic lesions.
4.6 Conclusions

This study investigated image quality improvement using elevated acoustic output in
hepatic B-mode harmonic imaging. Custom B-mode and M-mode sequences were de-
veloped with fixed focal configurations, and Contrast-to-noise ratio (CNR) as well as
imaging penetration depth (PD) were computed to assess image quality. We observed
modest increases in CNR in the majority of hepatic hypoechoic vascular structures
using harmonic imaging with elevated acoustic output. The CNR improvement with
elevated MI was apparent in all subjects, and was higher in medium and difficult-to-
image subjects. We also observed that harmonic imaging PD increased linearly with
increasing MI for all focal depths. The results indicate that using elevated acoustic
output exceeding the current FDA guideline of MI 1.9 moderately improves the im-

age quality of B-mode hepatic harmonic imaging in terms of increasing vessel CNR
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and axial imaging depth.
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5

Evaluating the benefit of elevated Mechanical Index
(MI) harmonic motion estimation in ultrasonic
shear wave elasticity imaging (SWEI)

This chapter has been submitted to the journal of Ultrasound in Medicine € Biology.
Co-authors: Mark Palmeri, Ned Rouze, Clare Haystead, and Kathryn Nightin-

gale.
5.1 Abstract

Harmonic imaging techniques have been applied in ultrasonic elasticity imaging to
obtain higher quality tissue motion tracking data. However, harmonic tracking can
be signal-to-noise ratio (SNR) and penetration depth (PD) limited during clinical
imaging, resulting in decreased yield of successful shear wave speed (SWS) mea-
surements. A logical approach is to increase the source pressure, but the in situ
pressures used in diagnostic ultrasound have been subject to a de facto upper limit
based upon the Food and Drug Administration (FDA) guideline for the Mechanical
Index (MI < 1.9). A recent AIUM report concluded that an MI up to 4.0 could
be warranted without concern for increased risk of cavitation in non-fetal tissues

without gas bodies if there were a concurrent clinical benefit. This work evaluates
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the impact of using elevated Mechanical Index (MI) in harmonic motion tracking for
hepatic shear wave elasticity imaging (SWEI). The studies demonstrate that high MI
harmonic tracking increased SWS estimation yield by 27% and 37% at focal depths
of 5 cm and 9 cm respectively, with larger yield increase in more difficult-to-image
patients. High MI tracking improved harmonic tracking data quality by increasing
the signal-to-noise ratio (SNR) and decreasing jitter of the tissue motion data. We
conclude that there is clinical benefit of using elevated MI in shear wave tracking

particularly in difficult-to-image patients.
5.2 Introduction

Ultrasonic elasticity imaging methods have been developed over the last 2 decades
to estimate tissue stiffness, which is often associated with underlying pathological
conditions [87]. An increase in tissue stiffness can be caused by the presence of fi-
brotic tissue as occurs in liver cirrhosis, or by an increase of tissue cellular density as
typically occurs with cancer. A number of ultrasonic elasticity imaging techniques
have been proposed including acoustic radiation force impulse (ARFI) imaging [63]
and shear wave elasticity imaging (SWEI) [84]. These methods use long-duration
focused ultrasound beams to induce tissue motion and standard ultrasound imaging
techniques to track the resulting tissue motion. ARFI imaging measures on-axis tis-
sue displacement to determine relative differences in tissue stiffness. SWEI monitors
tissue motion at locations offset from the ARFI excitation to determine the prop-
agation speed of the induced shear wave, which is related to the shear modulus of
the material. The conventional SWEI method uses multiple track beams to track
the shear wave generated from a single ARFI excitation, with the shear wave speed
(SWS) reflecting the shear modulus between the track beams used in the estimation.
This method is referred to as multiple track location SWEI (MTL-SWEI) [46]. Re-

cently, a different beam configuration was proposed that uses multiple laterally offset
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push beams and a single track beam (STL-SWEI) [56, 46]. The SWS estimated in
this method reflects the tissue properties between the push beams. STL-SWEI is less
susceptible to speckle bias [56], which is a source of error that leads to uncertainties
in the tracking beam position.

Tissue harmonic imaging (THI) has been widely used in diagnostic ultrasound
since the late 1990s because it improves image quality compared to fundamental
B-mode imaging mode. THI relies on nonlinear acoustic wave propagation, which
generates harmonic signals as the transmitted sound wave travels through biological
tissues. An ultrasound harmonic image is created from the harmonic signal instead
of the transmitted fundamental signal. THI is reported to create higher quality
images compared to fundamental imaging in regard to lesion visibility and diagnostic
confidence [93], due to decreased sidelobe energy [16, 17] and decreased reverberation
clutter [78, 11]. However, second harmonic pressure amplitude is generally 10-20 dB
lower than the corresponding fundamental pressure [29]. Therefore, THI can be
both signal-to-noise ratio (SNR) and penetration depth (PD) limited during clinical
imaging, resulting in decreased diagnostic utility [85, 51, 25].

THI techniques have been applied in tissue motion tracking in ultrasonic elasticity
imaging methods to obtain higher quality tracking data utilizing the benefits of in
vivo harmonic imaging [30, 3]. Harmonic tracking reduces the reverberation clutter
and bias in tissue displacement estimates. On the other hand, harmonic tracking
has the challenge of low SNR and low penetration depth similar to B-mode THI.
The low SNR in harmonic tracking can lead to higher jitter, i.e., the magnitude of
the uncertainties in ultrasonic displacement estimation. Based upon the Cramér-
Rao lower bound (CRLB) (Equation 2.22) [96], due to the limited harmonic signal
amplitude, C'C and SNR can be lower for harmonic tracking, which can result in
higher jitter. Herein, we test the hypothesis that using an elevated Mechanical Index

(MI) in harmonic tracking will increase the SNR of the harmonic signal, therefore
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reducing jitter magnitude and increasing the measurement success of ARFI and
SWEI imaging.

The acoustic output of diagnostic ultrasonic imaging systems in the United States
has been subject to a de facto upper limit based upon the Food and Drug Adminis-
tration (FDA) guideline for the Mechanical Index (MI < 1.9) [15]. The MI guideline
is intended to minimize the potential risk of inertial cavitation induced by diagnostic
ultrasound exams. 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 [103, 4], which results in most current
commercial scanners using a maximum MI between 1.3 and 1.6. However, the FDA
MI guideline for diagnostic ultrasound systems was based on substantial equivalence
with commercial product in the market prior to 1976, rather than being linked to
scientific evidence of bioeffects. A recent report from the American Institute of Ul-
trasound in Medicine (AIUM) concluded that exceeding the recommended maximum
MI given in the FDA guidance up to an estimated in situ value of 4.0 could be war-
ranted without concern for increased risk of cavitation in non-fetal tissues without
gas bodies [64].

Our group has previously investigated the benefit of using elevated acoustic out-
put in the ARFT excitation in shear wave imaging [26]. A clinical study was performed
to evaluate hepatic SWEI measurement success as a function of push pulse energy
using 2 MI values (1.6 and 2.2) over a range of pulse durations. The results indicated
that the rate of successful SWS estimation is linearly proportional to the magnitude
of the push energy. A higher push energy results in higher tissue displacement, which
in turn leads to higher SNR of the tracking data. On the other hand, in our experi-
ence, the success of ultrasonic shear wave imaging largely depends on the ability to
accurately track tissue motion. The impact of using elevated Mls in tissue motion

tracking was not evaluated due to hardware limitations in the previous study.
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The work described in this paper examines the use of elevated MIs in harmonic
motion estimation in SWEI. This study evaluates SWS estimation yield and jitter
amplitude for SWEI sequences using identical push beams, and either a typical MI

value of 1.6 or an elevated MI value of 2.8 for motion tracking.

5.3 Methods

5.3.1 Data acquisition sequence and calibration

Group SWS was measured with a modified Siemens Acuson S2000 ultrasound scan-
ner (Siemens Healthcare, Ultrasound Business Unit, Mountain View, CA, USA).
Two transducers were used in this study, a 4C1 curvilinear array and a custom made
prototype transducer (PX) for deep abdominal imaging. The push and track pulses
for each SWEI sequence had concurrent focal depths, which were 5 cm for the 4C1
transducer and 9 c¢cm for the PX. An STL-SWEI configuration was used for all se-
quences, with a single track beam located along the center axis of the transducer
(0 mm), and eight evenly spaced push beams covering a lateral range of 1.0 — 10.2

mm [56, 46]. Table 5.1 lists the track beam configurations.

Table 5.1: Track beam configurations

Transducer | Focal depth | Tx frequency | PRF MI values
4C1 5 cm 1.8 MHz 5.0 kHz | 1.6 and 2.8
PX 9 cm 1.3 MHz 3.4 kHz | 1.6 and 2.8

Each measurement consisted of two sequentially acquired SWEI sequences with
identical push configurations and two track configurations. One sequence had a track
MI of 1.6 (typically used in commercial ultrasound scanner), and the other had an
elevated MI of 2.8. Fully sampled pulse inversion harmonic tracking followed by
a bandpass filter around the harmonic frequency was used for all sequences [30].

The push configurations of the 4C1 transducer were the same as in a clinical study
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previously conducted by our group [73], which used 400-cycle push pulses at 2.2
MHz. The PX used 600-cycle push pulses at 1.5 MHz.

Acoustic output measurements were conducted according to [4] using a calibrated
PVDF membrane hydrophone with a 0.6-mm spot size (Sonic Technologies, Wynd-
moor, PA, USA). The pressure was estimated from the recorded voltage waveform
using deconvolution based on the frequency dependent magnitude of the sensitivity
of the hydrophone [99]. After voltage-to-pressure conversion, the MI was computed

using Equation (2.1).
5.3.2 SWS calculation and SWS yield

Beamformed radio-frequency (RF') data were obtained from each acquisition, and the
data from low and high MI tracking were processed identically to generate SWS es-
timates. Tissue displacement was estimated using normalized cross-correlation [77].
A bandpass filter (BPF) with cut-off frequencies at 50 Hz and 1000 Hz was ap-
plied to the tissue displacement data to reduce motion artifact and displacement
jitter [27]. SWS was reconstructed using 2 algorithms: the random sample consensus
(RANSAC) [98] algorithm applied to arrival times of the peak tissue displacements
and the radon sum [83] algorithm applied to displacement data averaged over the
depth of field of the push beam (16 — 20 mm depending on push frequency). A SWS
measurement was considered unsuccessful and was rejected if there were less than
50% inliers in the RANSAC algorithm, and/or when the SWS estimates from the
two algorithms differed by more than 15% [26].

5.3.8 Data quality metrics: correlation coefficient (CC), displacement jitter, and
mazximum displacement

The correlation coefficient (CC), displacement jitter and maximum displacement
were used as metrics of the tracking data quality in this study. Each metric was

compared between low and high MI tracking sequences using Wilcoxon rank sum

69



tests. The CC is related to the signal-to-noise ratio (SNR) of the tracking data using
Equation (5.1), as adapted from Equation (20) in [39]. The jitter represents the
random errors in ultrasonic displacement estimation. A higher CC and lower jitter
indicate higher tracking data quality. The correlation coefficient and displacement
jitter were estimated from spatial locations away from the ARFI excitation and
from temporal windows before the shear wave arrived where no motion is expected.
The SNR of the tracking data was computed from the average CC for each MI
configuration at both focal depths using Equation (5.1). The jitter was calculated
as the standard deviation of the displacement data when no shear wave was present.
The frequency content of shear waves generated in human livers using a curvilinear
array is typically less than 500 Hz [69]. Because filtering is often used to reduce
jitter, the jitter was computed for 3 different signal processing scenarios: no motion
filter, BPF 50 — 1000 Hz (typically used in SWEI), and an aggressive motion filter
of BPF 50 -500 Hz.

cc

SNR=1\[T—c@

(5.1)

Maximum displacement can be used to gauge the level of reverberation clutter
present in the tracking data because a high level of stationary clutter leads to under-
estimation of the tracked displacement [77]. It was calculated at each MI from the
average displacement within the depth of the field at the closest recorded beam to
ARFI excitation, which was 1.0 mm and 1.2 mm at focal depths of 5 cm and 9 cm

respectively.
5.8.4  Clinical study design and population

Twenty-five study subjects in total were recruited in this study, including 12 patients

scheduled for abdominal ultrasound exams at Duke University Medical center and
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Table 5.2: Subject demographics, 25 subjects in total

Gender Total #
Male 13
Female 12

BMI (kg/m?) Total #
<249 8
25.0-29.9 8
30.0-39.9 6
> 40.0 3

Image quality Total #
1 (easy) 9

2 (medium) 9
3 (difficult) 7

13 healthy volunteers. This clinical study was approved by the institutional review
board at Duke University, and each study subject provided written informed consent
prior to enrollment. The Body Mass Index (BMI) of each subject was recorded.
All data acquisitions were performed at the subcostal location. Commercial B-mode
imaging was used to scan each subject’s liver and identify a homogeneous liver re-
gion devoid of vessels or other structures. The study subject was then asked to stop
breathing during data acquisition, which lasted approximately 6 seconds and con-
sisted of a pair of STL-SWEI measurements using low and high MI tracking. The
study subject was instructed to resume breathing after each measurement. Six re-
peated measurements were performed for each subject. The B-mode image quality
of each subject was subjectively evaluated by the sonographer, and separated into
scores 1-3 (1 - easy, 2 - medium, 3 - difficult). Table 5.2 summarizes the subject

demographics.
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5.4 Results

Figure 5.1 shows the total percentage yield of successful SWS measurements for low
and high MI tracking across all subjects. The number of successful SWS estimations
was summed over six repeated measurements from each study subject to determine
the total yield for each sequence. The percent yield was then calculated by dividing
the total yield by the total number of measurements (6 repeated measurements x
25 study subjects = 150). Going from low to high MI tracking, the percent yield
increased from 43.3% to 70.7% focused at 5 cm, and from 16.0% to 52.7% focused

at 9 cm.
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FIGURE 5.1: Percent yield of successful SWS measurements across all study subjects
for low and high MI tracking. The title of each sub-figure shows the focal depth.
Going from low to high MI tracking, the percent yield increased from 43.3% to 70.7%
focused at 5 cm, and from 16.0% to 52.7% focused at 9 cm.

Figure 5.2 shows two example pairs of the shear wave trajectories using low and
high MI tracking focused at 5 cm from (a) an easy-to-image volunteer and (b) a
difficult-to-image patient. In the easy volunteer, both low and high MI tracking
yielded successful estimates and resulted in similar SWS values (Figure 5.2a). Low
MI tracking failed to produce a successful SWS estimate in the difficult patient
(Figure 5.2b). The high MI tracking in both cases visually has a more well defined

trajectory of the propagating shear wave, suggesting that high MI tracking reduces
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FI1GURE 5.2: Example shear wave trajectories using low and high MI tracking focused
at 5 cm. (a) An easy-to-image volunteer (BMI = 20.9 kg/m?), where both low
and high MI tracking yield successful SWS estimates and similar SWS values. (b)
A difficult-to-image patient (BMI = 31.8 kg/m?), where low MI tracking failed to
produce a successful SWS estimate.

the jitter noise in the shear wave signal.

The correlation coefficients (CC) from locations away from the ARFI excitation
were averaged across all acquisitions for each subject at both focal depths as shown
in Figure 5.3. The error-bars reflect the inter-subject variability. High MI tracking
results in significantly higher CC at both focal depths. The mean CC as well as the
corresponding SNR of the tracking data are listed in Table 5.3. High MI tracking
increased the SNR of the tracking data by 6.5 and 5.5 dB at focal depths of 5 cm
and 9 cm respectively.

Table 5.3: Correlation coefficients (CC) and Signal-to-noise ratio (SNR) of the track-
ing data at both MI values for each focal depth

Focal depth 5 cm 9 cm
Track MI 1.6 2.8 1.6 2.8
Mean CC | 0.980 | 0.996 | 0.966 | 0.990
SNR (dB) | 16.9 | 234 | 14.5 | 20.0

Displacement jitter was computed in all acquisitions for each subject and fo-
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F1cuRE 5.3: Correlation coefficients (CC) from locations away from the shear wave
where zero motion is expected averaged across all acquisitions for each subject at
low and high MI tracking for focal depths (a) 5 cm and (b) 9 cm. The error-bars
reflect the inter-subject variability which was smallest at the shallowest focal depth
and highest MI. High MI tracking results in significantly higher CC at both focal
depths with p-values < 0.01.

cal depth and the results are shown in Figure 5.4. Jitter was computed from raw
displacement data through time, as well as filtered data with different cut-off fre-
quencies. The error-bars reflect the inter-subject variability. In all cases, using the
same push configurations, high MI tracking results in significantly lower jitter.
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FiGURE 5.4: Displacement jitter computed from low and high MI tracking. The
error-bars reflect the inter-subject variability. The top row shows the jitter when
focused at 5 cm, and the bottom row shows the jitter when focused at 9 cm. The
title of each sub-figure in the top row indicates the data/filtering type. In all cases,
high MI tracking results in significantly lower jitter with p-values < 0.01.

Maximum displacement at around 1 mm from the push was also estimated for

each measurement. Figure 5.5 shows the maximum displacement ratio between high
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and low MI tracking. The error-bars reflect the inter-subject variability. The max-
imum displacement is not significantly different between low and high MI tracking

at either focal depth with p-values > 0.65.

1.3

P =0.68 P =0.65
12

Max displacement ratio
(High Ml / low MI)

4
©

o
®

5 9
Focal depth (cm)

Ficure 5.5: Ratio of maximum displacements obtained with high and low MI
tracking in all acquisitions from all subjects. The error-bars reflect the inter-subject
variability. The mean ratio is close to 1 at both focal depths.

The percent SWS yield data were separated with respect to B-mode image quality
and illustrated in Figure 5.6. From these data we observe that high MI tracking
increases SWS yield for all image qualities. SWS yield is lower in more difficult-
to-image subjects at both focal depths, and the relative yield improvement going
from low to high MI tracking is higher in more difficult-to-image subjects and at the
deeper focal depth. Using elevated MI tracking, SWS yield improved by 1.5x, 1.7x,
and 1.9x in easy, medium and difficult subjects respectively at 5 cm, and 2.4x, 5.0x,

and 7.0x at 9 cm.

5.5 Discussion

This paper evaluates the benefit of using elevated MI for harmonic motion tracking
in SWEI. SWS estimation yield increased significantly going from low to high MI
tracking at the 2 focal depths (5 cm and 9 cm) used in this study as shown in

Figures 5.1 and 5.6.

High MI tracking significantly improves the tracking data quality by increasing
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FIGURE 5.6: Percent SWS yield at various image qualities. The image quality is
represented by scores 1-3 (1 - easy, 2 - medium, 3 - difficult). The top row shows the

results when focused at 5 cm, and the bottom row shows the results when focused
at 9 cm.

SNR and the correlation coefficient (CC) in motion estimation as shown in Figure 5.3
and Table 5.3. The SNR of harmonic tracking data increased on the order to 4 —
6 dB going from low to high MI tracking at both focal depths. The increase in
SNR and CC results in the reduction of displacement jitter as described by the
CRLB. Figure 5.4 shows that high MI tracking decreases jitter in raw (left) and
filtered (center and right) tissue motion data. The BPF with cut-off frequencies 50
— 1000 Hz in the center column of Figure 5.4 is typically applied to tissue motion
data in hepatic SWEI to reduce background motion artifact and jitter noise [27],
and was included in the data processing pipeline to estimate SWS in this study.
As expected, the jitter amplitude is lower in the filtered data than in the raw data
at both focal depths and at both tracking MI values. On the other hand, high
MI tracking has lower displacement jitter after the BPF, indicating that high MI
tracking still provides the benefit of lower jitter and higher tracking data quality
after the post-acquisition data filtering. The right column of Figure 5.4 shows the
jitter amplitude after the displacement data was filtered with cut-off frequencies 50
— 500 Hz. The jitter amplitude of high MI tracking is still significantly lower than

that of low MI tracking after this aggressive filter. These results indicate that the
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benefit of lower jitter provided by high MI tracking is present in raw data as well as
in filtered data after post-acquisition data processing.

As shown in Figure 5.6, SWS yield is directly related to image quality, with
lower SWS yield observed from more difficult-to-image subjects at both focal depths.
High MI tracking leads to higher SWS yield for all image qualities. In addition,
the relative SWS yield improvement going from low to high MI tracking is higher
for more difficult-to-image subjects. This indicates that difficult-to-image patients
are less likely to produce successful SWS measurements under the current FDA
MI guideline, and are more likely to benefit from using elevated MI in shear wave
tracking to obtain reliable SWS measurements. These findings suggest that B-mode
image quality could be used prospectively to identify patients who would be likely
to have low SWS estimation yield, and would potentially benefit from using elevated
MI shear wave tracking.

Chapter 3 concludes that liver capsule depth could be used to identify patients
who would benefit from high MI ARFI excitation. In this study, the liver capsule
depth was also estimated from the B-mode image of each study subject. Figure 5.7
shows the scatter plot of liver capsule depths as a function of B-mode image quality.
Easy-to-image subjects had liver capsule depths < 30 mm, while difficult subjects
had liver capsule depths > 30 mm. Liver capsule depth > 30 mm can be used to
identify difficult-to-image patients who would suffer from low SWS estimation yield,
and would benefit from using elevated output in harmonic motion tracking.

A limitation of this study was the use of a single track focal configuration, which
employs focused harmonic tracking. This method affords the highest quality data at
the expense of frame rate. Alternative tracking methods include plane wave imaging,
which has been used extensively in SWEI (multiple track location) [8, 46]. Future
work will be directed to evaluate the impact of using elevated acoustic output between

different track focal configurations, particularly between focused harmonic tracking
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FIGURE 5.7: Scatter plot of liver capsule depths as a function of B-mode image
quality. Easy-to-image subjects had liver capsule depths < 30 mm, while difficult
subjects had liver capsule depths > 30 mm.

and plane wave harmonic tracking as well as plane wave coherent compounding [60].
5.6 Conclusions

This study investigated the clinical benefit of using elevated MI in shear wave har-
monic tracking. SWS measurements were acquired from 25 subjects at two focal
depths, 5 cm and 9 ecm. High MI tracking resulted in higher data quality with lower
jitter in tissue motion data. The rate of successful SWS reconstruction increased
when going from low to high MI tracking in all subjects, with larger SWS yield im-
provements in difficult-to-image subjects. B-mode image quality and liver capsule
depth could be used as indicators to predict patients who would have low SWS esti-
mation yield and would benefit significantly from using elevated MI to obtain reliable
SWS measurements. We thus conclude that there is clinical benefit of using elevated

MI in harmonic shear wave tracking.
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6

Challenges of developing high MI imaging systems

This chapter summarizes the systematic and physical challenges we encountered dur-
ing the development of high MI imaging sequences for the clinical studies presented

in the previous chapters.
6.1 Saturation pressure

The acoustic pressure at the focus measured in water is limited by the saturation
pressure, which presents an upper limit for the pressure amplitude, and thus MI, for
a given transducer configuration measured in water. The saturation pressure psq ¢,

is calculated as Equation (2) of [32]:

poc® G

Dsat,f = 2Bf2nG (6.1)

where py is the equilibrium density of the fluid, ¢ is speed of sound, 3 is the nonlinear
parameter of the fluid (5 = B/2A + 1), f is the center frequency of the sound wave,
z is the focal depth, and G is the focusing gain. The focusing gain G is dependent
on the size of the transmit aperture, and G is typically between 4 — 10 in diagnostic
ultrasound transducers [32]. Equation (6.1) indicates that the saturation pressure

increases with increasing aperture size, and decreases with increasing imaging focal
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depth, frequency, and tissue nonlinearity. Because the acoustic attenuation of water
is very small (0.05 dB/cm/MHz), water-based MI measurements are often affected
by acoustic saturation, where further increases in source pressure do not result in an
increase in the pressure at the focus. The measured pressure at the focal point in
water py and the saturation pressure py, ¢ are related by (combining Equation (6.1)
and Equation (A5) of [32]):

Po
by :psat,fA+pO- (62)

where pg is the source pressure, and A is a constant that incorporates the transducer

focal gain and other system and material properties:

_q_ Ly _pet
A=0 7T>26lenG' (6.3)

Equation (6.2) indicates that p; increases with increasing p,. When py is very large
compared to A, p; asymptotes to saturation pressure (psu ). This results in a
maximum Mechanical Index that can be measured for a given focal configuration.
The blue curve in Figure 6.1 shows the MI values measured in a water tank using
a range of scanner voltages with the Siemens S2000 scanner and 4C1 curvilinear
array. The transmit pulse was at 2.2 MHz and focused at 5 cm. The MI values
measured did not increase linearly with increasing scanner voltage. The asymptotic
relationship between MI and scanner voltage is due to saturation pressure. At high
scanner voltage, the MI plateaus to the maximum MI that can be achieved, which

is dictated by the saturation pressure.
6.2 MI and MIE

Due to saturation pressure and pre-focal loss in water-based pressure measurement,

the Mechanical Index (MI) is likely to underestimate in situ pressure amplitude at
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FiGure 6.1: MI and MIE measurements at a range of scanner voltages using the
4C1 transducer at a focal depth of 5 cm. The MI values did not increase linearly with
increasing scanner voltage, but rather asymptotes to the maximum value dictated by
the saturation pressure. MIE values are higher than MI values at the same scanner
voltages for MIs > 2.5. Particularly, using a normalized scanner voltage of 0.9, the
MI is 3.4 while the MIE is 4.0 as indicated by the black dashed line.

high MI levels. The orange curve in Figure 6.1 shows the effective Mechanical In-
dex (MIE) measured in a milk solution. The milk solution was tuned to have an
attenuation of 1.1 dB/cm at 2.2 MHz (0.5 dB/cm/MHz assuming linear frequency
dependence), in order to more closely match the acoustic attenuation of tissue. Fig-
ure 6.1 shows that the MI and MIE measurements are in agreement for MI values <
2.5. At higher MI levels, MIE values are higher than MI values at the same scanner
voltages, indicating that MI underestimates the pressure amplitude in an attenuating
medium. Particularly, using a normalized scanner voltage of 0.9, the MI is 3.4 while
the MIE is 4.0 as indicated by the black dashed line. Based on the AIUM report [64],
we should limit the acoustic output to an MIE of 4.0, which corresponds to a lower
MI of 3.4 using this focal configuration.

Figure 6.1 indicates that water based MI measurements are likely to underesti-
mate in situ pressure amplitude at high MI values. On the other hand, MI is likely
to overestimate pressure amplitude at low pressure levels due to its fixed derating

scheme as discussed in Section 2.1.2. Therefore, MIE was proposed to provide a more
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accurate estimation of in situ pressure amplitude to assess the likelihood of cavita-
tion. However, there is not a current consensus on a method of quantify MIE. Future
work should be directed to formulate a standardized MIE measurement protocol that

accurately represents in situ pressure amplitude.
6.3 Region of increased acoustic output

Due to the saturation pressure and the linear derating scheme employed for MI mea-
surement, there is a focal-depth dependent upper limit on MI that can be achieved
with a given transducer. Figure 6.2 shows the MI values currently employed by ul-
trasound manufacturers (blue line), as well as the maximum MI values achievable
with commercially available abdominal transducers (6C1, 4C1, C52, red line). The
red shaded region indicates the elevated acoustic output regime we explored in the
previous chapters. The maximum MI achievable decreases with increasing depth.
To increase MI values further at depth, larger apertures and lower frequencies are
required. We have recently designed a custom prototype transducer (PX) that ex-
tends the transmit frequency capabilities down to 1.3 MHz and increases the aperture
surface area. This prototype deep abdominal transducer enabled us to extend the
output regime at depth as represented by the gray shaded region. We were able to
achieve elevated MI values greater than 1.9 for focal depths > 10 cm using the PX

in the clinical studies described in Chapters 4 and 5.
6.4 System non-linearity

Apart from the saturation pressure, the MI values used in the clinical studies were
further limited by scanner hardware. The commercial ultrasound scanner S2000 used
in the clinical studies in Chapters 4 and 5 was designed to operate under the FDA
guideline of MI < 1.9. We observed system non-linearities when transmitting at high

MI values.
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FIGURE 6.2: Region of increased acoustic output that was explored herein. The
lower boundary of the shaded region (blue line, 6C1, S2000) represents the MI mea-
sured at each depth (i.e., z, not zys, see Equation 2.1) using a Siemens 6C1 curvilin-
ear array and S2000 scanner with the maximum manufacturer-allowed MI settings.
Shaded regions indicate the acoustic output regime we explored. The red shaded
region indicates the regime with commercial, curvilinear arrays (4C1: 1.8 MHz; 6C1:
2.0 MHz; C52: 2.4 MHz); the black diamonds and gray shaded region represent the
elevated MIs with the PX transducer.

The positive and negative leading edge transmit pulses were measured with the
hydrophone at the transducer surface using a range of scanner excitation voltages.
Figure 6.3 plots the surface measured pulses using the 4C1 transducer with a focal
depth of 6 cm at 2 transmit powers (0.3 and 0.6). The top row of Figure 6.3 shows
the positive and negative leading edge pulses. The two pulses appear to be out of
phase at both scanner powers. On the other hand, the bottom row of Figure 6.3
plots the positive leading edge pulse as well as the inverse of the negative leading
edge pulse concurrently to compare their differences. Qualitatively the two pulses
differ to a greater extent at the higher scanner power, indicating system non-linearity
particularly at the peak positive pressures.

The system non-linearity was quantified by measuring the correlation coefficient
(CC) and Root-mean-square (RMS) difference between the positive and negative

ledge transmitted pulses. The ideal CC is 1, so that the two pulses cancel each
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FIGURE 6.3: Positive and negative leading edge transmit pulses measured with the
hydrophone at the transducer surface at 2 scanner voltages. Top: Absolute positive
and negative leading edge pulses. Bottom: Normalized positive leading edge pulse
and the inverse of the negative leading edge pulse.

other perfectly during summation in pulse-inversion harmonic imaging, and all the
signal left is generated harmonics (as compared to transmitted). Figure 6.4 shows
the correlation coefficient (CC) and RMS difference using the 4C1 transducer at
a range of scanner excitation voltages. The CC decreases with increasing scanner
voltage at different focal depths and pulse lengths. RMS difference increases with
increasing scanner voltage. A lower CC and higher RMS difference result in imper-
fect cancellation of the transmitted signals during pulse inversion, which introduces
undesirable harmonic content in the received signal and degrades harmonic image
quality. We imposed a minimum correlation coefficient magnitude threshold of 0.98
to maintain high levels of cancellation. This correlation coefficient threshold dictated

the maximum MI for each sequence used in the clinical study.
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FIGURE 6.4: (a) Correlation coefficient (CC) and (b) Percent RMS pressure dif-
ference between the positive and negative ledge pulses using the 4C1 transducer at
focal depths of 6 and 14 cm, using 2-cycle and 5-cycle transmits. The CC decreases
with increasing scanner voltage regardless of focal depth and pulse length.

6.5 Real-time high MI imaging systems

Chapter 4 shows that high MI harmonic imaging resulted in modest improvement in
CNR of hypoechoic hepatic vessels. However, all hypoechoic structures identified in
that study were visualized at low MI imaging. It is useful to develop real-time high MI
harmonic imaging sequences to scan for low contrast targets. Thermal related safety
limits of diagnostic ultrasound, such as Ispta and transducer surface temperature
rise limits, would restrict the frame rate for real-time imaging sequences. The Igpa
limit, which is 720 mW /cm? in non-fetal tissue [15], is considered here.

A Field IT simulation was performed to simulate the transmit focal configurations
using the 4C1 curvilinear array at a focal depth of 6 cm with an attenuation of
0.3dB/cm/MHz. Figure 6.5 shows the transmit intensity distribution. The high MI
sequence used in the clinical study in Chapter 4 had an MI of 2.6 focused at 6 cm.
The corresponding pulse average intensity ([,,) was measured to be 564 W/cm? at
the focal point.

The intensity distribution was rotated with respect to the apex of the transducer

to simulate different transmit beam directions in a B-mode imaging case. The B-
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FIGURE 6.5: Intensity distribution of an F/1.5 transmit focused at 6 cm using the
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FIGURE 6.6: Example intensity distribution at -10°, 0.1°, 10° with respect to the
apex of the 4C1 transducer

mode imaging sequence used in Chapter 4 consisted of 256 equally spaced beams that
spanned a angular field of view of -35° to 35°. Figure 6.6 shows example intensity
distribution at -10°, 0.1°, 10°.

Summing up the intensity distribution from each of the 256 transmit beams,
Figure 6.7 shows that the maximum intensity of this B-mode sequence is located

at 31 mm axially, and its amplitude is 7.9 times the maximum intensity of a single
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FIGURE 6.7: Intensity multiplier between the maximum intensity of a B-mode imag-
ing case and a single transmit. The maximum intensity of this B-mode sequence is
located at 31 mm axially, and its amplitude is 7.9 times the maximum intensity of a
single transmit at focus.

transmit measured at the focal point. Given this intensity multiplier information,
we can perform real-time harmonic imaging using an MI of 2.6 at a frame rate up to
41 frames per second to stay within the Igpa limit of 720 mW /cm?. Therefore, we
hypothesize that transducer surface heating will be the limiting factor for the frame
rate of high MI harmonic imaging. On the other hand, we did not model transducer
surface heating in this analysis, which would add to tissue heating near the surface.
Future work will be directed to optimize the scanning protocol to minimize transducer
surface heating. A more efficient transducer design with effective heat dissipation or
an active cooling system would be able to reduce the transducer surface temperature

rise during scanning, and therefore facilitate increased frame rates.
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7

Conclusions

Harmonic imaging is typically signal-to-noise ratio (SNR) and penetration-depth
limited during clinical imaging, resulting in decreased diagnostic utility. A logical
approach to increase the SNR of harmonic imaging is to increase the source pressure.
This dissertation explored the potential diagnostic benefit of employing elevated
acoustic output beyond the FDA guideline MI = 1.9 in the context of hepatic imaging,
specifically in B-mode harmonic imaging and shear wave elasticity imaging (push and
track). To accomplish these goals, B-mode and SWEI imaging sequences using high
MI transmits were developed, and clinical studies were conducted to evaluate the
clinical impact of high MI imaging.

The results from Chapter 3 show that SWS estimation yield and displacement
amplitude increase with increasing push energy. The push energy (ARFI excitation)
can be increased by either increasing the MI of the push pulse or increasing the push
duration. Using elevated push energies enabled successful SWS measurements in
previously failed patients. Liver capsule depth > 35 mm was an indicator of lower
SWS yield. Patients with deep liver capsules were more likely to fail at standard
push energy levels and thus would benefit more from elevated output.

Chapter 4 demonstrates that using elevated acoustic output in B-mode harmonic
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imaging results in modest improvement in the CNR of hypoechoic hepatic vessels,
and the improvement was higher in medium and difficult-to-image subjects than easy
subjects. The imaging penetration depth increased linearly with increasing MI, on
the order of 4 — 7 cm per unit MI increase at a given focal depth. Additionally, in
one patient, CNR increases > 30% were consistently observed going from low to high
MI harmonic imaging.

Chapter 5 shows that harmonic motion tracking using elevated acoustic output
increased SWS estimation yield by 28% and 37% at 2 focal depths (5 cm and 9 cm),
caused by higher tracking data quality with higher SNR and lower jitter. The rate
of successful SWS reconstruction increased going from low to high MI tracking in
all subjects, with larger SWS yield improvements in difficult-to-image subjects. We
found that B-mode image quality and liver capsule depth could be used as indicators
to predict patients who would likely have low SWS estimation yield and would benefit
from using elevated MI in harmonic motion tracking. The results presented in these
studies show promise for using elevated acoustic output to provide clinical benefit to

ultrasonic abdominal imaging.
7.1 Future work

The work presented in this dissertation provides evidence that using elevated acous-
tic output has the potential to provide clinical benefit in B-mode harmonic imaging
and in ultrasound elastography. However, several challenges have been identified re-
garding the design and implementation of current studies, which should be addressed
to further assess the cost and benefit of using elevated acoustic output in diagnostic
ultrasound.

The Mechanical Index (MI) calculated from water-based pressure measurements
with a linear derating factor does not accurately represent in situ pressure ampli-

tude in human tissues. Acoustic propagation through water is a highly nonlinear
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process that inherently differs in attenuation, nonlinearity, and path heterogeneity
from propagation in tissue. The MI can overestimate or underestimate the in situ
acoustic output depending on the pressure amplitude and that the peak rarefac-
tional pressure (PRP) can occur in spatially offset locations when imaging through
heterogeneous media such as the abdominal wall. Future work will be directed to
use a full-wave [76] package to simulate acoustic propagation through various human
abdominal wall samples to evaluate the position and magnitude of PRPs, in order
to demonstrate how these parameters can affect PRP compared to that predicted by
water based MI measurements.

High MI B-mode harmonic imaging was shown to result in modest improvement
in CNR of the hypoechoic hepatic vessels in the clinical study presented in Chapter
4. As discussed previously, this study should be expanded to use real-time high MI
sequences to scan liver lesions to further examine the impact of high MI imaging on
lower contrast targets. Liver lesions are generally low contrast targets and are located
deep in the body. Current ultrasonic exams typically fail to visualize these targets
and using high MI harmonic imaging might be a promising direction to visualize these
targets using B-mode ultrasound. Moreover, the optimal focal configurations for deep
abdominal harmonic imaging is to be studied. Systematic evaluation of harmonic
signal amplitude at depth should be performed to determine the optimal imaging
parameters such as focal depth and F number to maximize harmonic generation at
depth.

In addition, only 2 MI values were used for each focal depth in the B-mode
sequences and CNR computation. This limits the ability to draw conclusions about
MI thresholds and minimum CNR increases. Future work should also be focused
on evaluating image quality at a series of MI values to determine the maximum MI
needed for significant image quality improvement.

Current shear wave imaging techniques using a conventional curvilinear array
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for abdominal imaging are typically limited to an axial depth of 7 cm [90]. In
the motion tracking study presented in Chapter 5, we demonstrated reliable SWS
measurements (> 50% yield) at 9 cm using elevated MI tracking and a custom
designed low frequency transducer. Future work should be directed to combine the
benefits of high MI in pushing and tracking, as well as the prototype transducer to
further increase the axial field of view for shear wave imaging.

The challenges of developing high MI imaging sequences were discussed in Chap-
ter 6. It is difficult to achieve elevated MI at deep focal depths using conventional
curvilinear arrays due to pre-focal loss in water and limited aperture size. It would
be valuable to design a low frequency transducer with a larger surface area for deep
abdominal imaging. There are many possibilities in improving deep abdominal imag-
ing using such a transducer and using elevated acoustic output. In addition, system
non-linearity was observed, which was a confounder that could degrade image quality
using elevated acoustic output. To facilitate high MI imaging, clinical scanners that

have minimal system nonlinearity at high MI values must be developed.
7.2 Technical and Clinical Contributions and Implications

The work presented in this thesis demonstrates initial studies exploring the potential
diagnostic benefit of employing elevated acoustic output beyond the FDA guideline
of MI = 1.9 in hepatic imaging. B-mode, M-mode, and SWEI imaging sequences
using elevated acoustic output were developed and implemented on modified clinical
ultrasound scanners and used to acquire data on human subjects. Contrast-to-noise
ratio (CNR), correlation coefficient (CC), imaging penetration depth (PD), SWS es-
timation yield and displacement jitter were developed to serve as metrics to evaluate
image quality. These imaging sequences and imaging metrics lay the ground work
for investigating image quality using elevated acoustic output in B-mode and shear

wave imaging modes. They can be continuously employed and modified in future
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studies.

The results presented in this thesis demonstrate that elevated acoustic output has
the potential to improve image quality of diagnostic ultrasound. Specifically, high MI
harmonic imaging improves CNR of hepatic vessels and imaging penetration depth.
High MI pushing and tracking improve SWS yield in ultrasound elastography. These
promising findings begin to build the foundations for a collaborative effort between
ultrasound manufacturers, research communities, clinicians, as well as regulatory
bodies to examine the cost and benefit of using elevated acoustic output, thereby
assessing the possibility for the FDA to modify the MI guideline to improve the

diagnostic utility of ultrasound imaging.
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