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Abstract

Ultrasound imaging is the most widely used medical imaging modality since it is non-invasive,
deep penetrating, cost-effective, and capable of real-time imaging. Microbubbles serve as
contrast agents in diagnostic ultrasound imaging. Contrast harmonic imaging of microbubbles
takes advantage of their nonlinear properties that generate additional harmonic frequencies in
the received spectrum. This enables them to separate their echoes from the surrounding tissue,
which is mainly linear. By eliminating the linear components on receive, e.g. with pulse
inversion technique, the obtained beam-formed image, contains only the nonlinear
microbubbles signals. While this method is being clinically used, its main limitations are the
nonlinearity of the tissue itself and the fact that the harmonic content is significantly weaker
than the linear signal. As a result, contrast harmonic imaging suffers from limitations in
contrast, signal-to-noise ratio, and generated artifacts.

The purpose of this study is to develop and validate an enhanced, real-time, contrast
harmonic imaging technique. This technique relies on the excitation of microbubbles with a
dual-frequency waveform. The microbubbles trigger a frequency mixing effect that generates
additional frequency components in the received spectrum, including difference and sum
frequencies, in addition to the standard harmonics, thus amplifying microbubbles' nonlinear
response and enhancing image contrast.

Our real-time approach relies on the superposition of two single-frequency waveforms into
a single dual-frequency transmission. The dual-frequency waveform is incorporated into a
standard pulse inversion sequence and is transmitted by a single transducer using an arbitrary
waveform generator in a programmable ultrasound system. On receive, standard dynamic
receive beamforming, identical to pulse inversion, is used, without additional post-processing.
The proposed method is described analytically, while numerical simulations via the

Marmottant model are used to confirm the generation of the sum and difference frequencies in



the microbubble's backscattered echoes. The resulting image quality enhancement is
demonstrated in tissue-mimicking phantoms containing a cavity of microbubbles suspension.
A maximal contrast improvement of 3.71 dB compared to standard pulse inversion is achieved,

along with a reduction by 4.5 fold in the mechanical index.
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Introduction

Since the first sonogram usage for medical diagnosis by Karl Dussik in 1942, ultrasound (US)
has become one of the most widely used medical imaging modality, since it is non-invasive, deep
penetrating, cost-effective, portable, and capable of real-time imaging [1], [2]. The diagnostic
US has found wide application for different parts of the human body, as well as in veterinary
medicine. The major imaging categories of US imaging are female breast, cardiac, gynecologic,
radiology (internal organs of the abdomen), obstetrics (fetuses in vivo), vascular system, etc. [3].
Moreover, there are even specialized US applications that have been honored by their
terminology, derived from the region the transducer is placed or the application process itself.
For example, Laparoscopic (imaging carried out to guide and evaluate laparoscopic surgery) or
Musculoskeletal (imaging of muscles, tendons, and ligaments) [4].

With hardware and software developments, diagnostic US is constantly in progress, getting
optimized and new techniques and methods are invented [5]. In addition, the US has many
advantages over other imaging methods. For example, there is no ionizing radiation (for example
in CT and X-ray), which enables unlimited imaging time, in terms of safety concerns. In addition,
it is an affordable imaging device and therefore US is much more accessible than other expensive
methods, such as MRI, CT, and PET. The last is very rare, making them unavailable compared
to the US [3].

Given the many benefits of a US system, new US imaging methods are being investigated
and applied in clinics at a high rate [5]. However, most of the newly developed software-based
US methods, especially real-time imaging, could not have come without the development of
powerful and fast computers, continuing improvements in electronics, advanced hardware, etc.,

in the last decade [6]. Improving US performance can greatly affect the accuracy of diagnosis,



improve monitoring (e.g., cancerous tissues), and even assist in treatment's success when it is
guided with US imaging. Therefore, there is no doubt that developing advanced and improved
US imaging methods is essential [7].

US imaging can be divided into standard linear imaging and nonlinear imaging, where in
both cases short acoustic pulses at a specific center frequency are transmitted into the human
body, and the difference between them is at the receive [8]. In the first standard method, image
reconstruction is based on capturing returned echoes with the same transmitted frequency,
whereas in the nonlinear, the harmonic frequencies (integer multiples of the transmitted
frequency) are detected and filtered with different imaging techniques to generate a contrast-
enhanced US image, called harmonic image (HI) [9]. Moreover, to increase the nonlinear signal
to improve HI contrast and quality, ultrasound contrast agents (UCA), are injected into the
vascular beds to enhance US reflections [10]. This imaging technique is known as contrast
harmonic imaging (CHI). UCA are gas-filled microbubbles (MBs) encapsulated with
phospholipid shells, which have a significant nonlinear response under US excitation, that
increases their back-scattering signal, compared to other soft tissues and fluids without MBs [11],
[12].

Although CHI is used clinically, its main limitations are the nonlinearity of the tissue itself
and the fact that the harmonic content is significantly weaker than the linear signal, and further
attenuates as it propagates through the tissue. Therefore, nonlinear imaging methods are more
sensitive to attenuation, noise, and artifacts [9]. When increasing the US pressure, the undesired
nonlinear echoes from the tissues also increase, thus reducing the MBs signal [13]. Overall, these

challenges interfere with image quality, especially under poor imaging conditions [14], [15].



To overcome that limitation, this work proposes to use an additional non-linear mechanism,
called the frequency-mixing effect. This phenomenon occurs when an MB is excited by a signal,
which contains several frequencies, resulting in new frequency components of their difference
and sum within MB signal response, in addition to their harmonics [15], [16]. The presence of
additional nonlinear components amplifies the MBs signal, leading to an increase in the resulting
harmonic image quality and contrast. in CHI. This concept was suggested in several previous
works, but most of them did not include MBs [17], [18], or were not practical due to the
requirement of complex setup, post-processing, mechanical scanning, or pulse synchronization
[19]-[21]. Therefore, the goal of this work was to simplify that and to develop a practical method
with a single transducer, which provides enhanced CHI with MBs in real-time.

This thesis describes the different stages of developing a new proposed approach, from
simulations to US experiments with MBs inside a phantom. To begin with, a summary of the
general US imaging principles is presented in chapter 3. In addition, it includes different methods
for US image formation, the common metrics, and parameters to evaluate and to characterize US
imaging, the existing CHI techniques and their implementations, physical mechanisms, and
limitations. At the end of the 3™ chapter, the concept of the proposed method is described.
Chapter 4 presents the methods and materials, which were used for this work and the two major
stages during this research. First, includes the numerical simulations of MB dynamic response to
our designed multiplexed signal excitation, compared to the standard transmit signal. The second
includes US experiments of our implementation, with the programmable US system in the lab.
Chapter 5 performs the obtained results and the sixth chapter discusses them. Finally, the main

conclusions, further work plan, and possible optimization are described in chapter 7.



2 Research objectives

As explained in the introduction, this work aims to develop an enhanced and real-time CHI of
MBs based on the nonlinear mechanism of frequency mixing, to increase their nonlinear
backscatter signal. For this purpose, the first milestone in the study was to prove that the
frequency-mixing effect occurs within MBs. To do so, numerical simulations were implemented
with matching parameters to the MBs produced in our lab. Other configurations and optimization,
regarding the transmit and the waveform design, were determined after trial and error within the
simulations.

The next milestone was to perform US experiments, including designing the setup and
programming the US system to perform the desired imaging technique. The main goals for this
stage were:

e Engineering a costumed dual-frequency US waveform, to trigger frequency-mixing within

MBs suspension inside a tissue-mimicking phantom.

e Implementation of CHI, based on the traditional Pulse-Inversion (PI) technique, with the
programmable US system in the lab.

e To plan a reproducible experimental protocol and a contrast evaluation metric, which
provide a valid comparison between the standard PI and our purposed method for different

emitted pressures.

3 Theoretical Background

For a better understanding of the written in the thesis and the proposed US imaging technique, it
IS necessary to present the main principles of US imaging in general and then the CHI US imaging

with MBs specifically, which is the imaging method this study aims to improve. Thus, this



chapter presents the most important aspects of US imaging, including the basic physical
phenomenon, commonly used transducers, imaging modalities, and evaluation metrics, based on

two US books [1], [22].

3.1 Ultrasound imaging principles

The US is defined as a sound wave with frequencies >20 kHz, which are higher than the upper
audible limit of human hearing. The US is an acoustic wave, which moves and advances by
expansion and compression of the medium, through which, it is moving at a certain speed,
depending on the material. Those waves can be absorbed, refracted, focused, reflected, and
scattered. After World War I, inspired by sonar and radar technologies, a few medical
practitioners suggested using the pulse-echo technique for the human body, for medical purposes.
Of course, sonar and medical US applications have many differences. The first detects hard
targets, such as metal ships in the water, and the second forms an image of soft tissues in the
human body, but they both obtain spatial information of a region or an object within a medium,
by receiving the backscattered acoustic signals (echo-response), of the transmitted sound waves
towards them [1].

The US provides a noninvasive technique for imaging human anatomy using a transducer,
which converts electrical signals to acoustic signals. In standard US imaging, short acoustic
pulses at a specific center frequency are transmitted into the human body and focused to a specific
depth [8]. Because of the inhomogeneity of the medium (e.g., different tissues and internal
organs), the US wave is partially reflected and scattered, i.e., echoes are generated and then
propagate back toward the transducer, with the same frequency spectrum [9]. The detected
echoes are converted from acoustic to electrical signals by the piezoelectric elements inside the

transducer. These received signals are then processed by the system's software to a grayscale
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image, called a B-mode image. Each point in the B-mode image corresponds to the anatomic
location of an echo-generating structure, and its brightness corresponds to the echo strength [23].
The frame rate of the imaging depends on the time required to transmit, receive and process the
reflected echoes (beamforming process). At a maximum depth, z,, .., the pulse repetition interval

Tg, and the pulse repetition rate fr, defined by [1]:

2 1
TR 2 Zr:ax, fR 2 a (l)

3.2 Sound propagation in a medium

A sound wave is produced when an object vibrates, creating a pressure wave (transducer's basic
principle). This pressure wave causes particles in the surrounding medium (air, liquid, or solid)
to have vibrational motion (kinetic energy). When the new particles "have been charged” with
that energy, they repeat the process and transmit their energy to other nearby particles and then,
their motion (Kinetic energy) diminishes until they are affected by another passing wave [1]. That
is how the sound wave travels through the medium and creates alternating compression and
rarefaction (expansion) patterns, typical for longitudinal waves, as displayed in Figure 1. A
longitudinal wave is a wave in which particles displacement (in a medium), is parallel to the
direction of wave propagation [24]. Compression is characterized by densely packed particles,
causing a high pressure, whereas rarefaction is characterized by distanced particles, causing low
pressure.

Soft tissues have high water content and therefore, US waves propagation inside them can
be approximated as waves propagation in liquids, although tissues are more elastic solids with
complicated structures. The main difference between waves in fluids and solids is that in the first,

exist only longitudinal waves, while in solids can appear also other types of waves e.g., shear



waves (particles displacement perpendicular to the direction of wave propagation) [22]. Another
convenient simplification is that the waves in tissue behave linearly. That means, they keep their
shape even when their amplitude is changed and when several different waves are combined,
they form a superposition wave. The principle of linearity is an extremely important condition,

on which most of the US imaging theory is based [1].

(a) Sound wave velocity and direction v

b )

source

(b)

N

Figure 1. Propagation of longitudinal wave illustration. (a) One dimensional sound wave propagates by
compression and rarefaction of particles in the medium. (b) Pressure graph produced by the sound wave in (a),
displayed as a transverse wave.

The wave propagation phenomenon is commonly described by the wave equation. For
simplicity, the second-order differential wave equation will be described for a homogeneous

medium without attenuation, at a position (X, y, z) of the propagating space and at a time t [22]:

2 1 9%p(x,y.zt) 2. 07 0% 02
V-G =0 Vp=ap+t5pto5D, 2

where V2 is the Laplacian operator and c is the speed of sound in the medium:



c=1 3)
where p is the medium density and k[Pa~!] is its compressibility. The average speed of sound
in the human body is 1540 m/s. It is the slowest in air/gasses and the fastest in solids. Here, the
wave propagation description will refer to a plane-wave (PW), which propagates in x (positive)
direction only:

?p(xt) 1 0%p(xt)
0x2 cz 9tz 0, ()
where p(x, t) represents the pressure that is a function of the position x and time t. A possible

general solution of (4) can be:

p(x,t) = poel @7 (5)
where p, is the amplitude of the propagating wave, % is wave frequency, and k = % is the

wavenumber. In addition, it is common to represent the acoustic pressure by its magnitude, i.e.,

the real part of the expression in (5):
p(x,t) = pocos(w (£ = 3)). ©)

Sound intensity I, for a PW, is defined as the power per unit area carried by a sound wave, and it

is proportional to pressure amplitude oscillations [1]:

I= %LTp(t) v(t)dt (7

The relation between the generated pressure, p, and the particle velocity of the medium, v, is a
specific acoustic property of the medium, known as the acoustic impedance Z, defined also by

the product of the medium density and the speed of sound [23]:

_p(®) (8)
TR



kg
m2-sec

The impedance units are Rayls, 1[Rayl]=1[

]. By extracting particle velocity from (8) and

substituting it with the pressure from (6) into (7), intensity can be described by:

_bo W

-2z L] ®)

m2
When a PW hits a boundary of another tissue/medium/object, the acoustic impedance changes
and causes a portion of the incident wave energy to reflect and the rest continues to propagate
further, but with some steering of the original wave direction because of the change in the speed
of sound in the new medium, as illustrated in Figure 2. The angle of the reflected wave 6, , is the

same as for the incident wave 6; (relative to the vertical of the boundary surface) but only

backward. The angle of the transmitted wave 6, in the new medium, can be calculated using

Snell's low:
sing; C;
= — 10
sinf; C, (10)
0; =06,

Figure 2. Ultrasound wave interactions. Reflection and refraction (transmission) of the incident wave in a medium
with different acoustic impedance Z, and speed of sound C,. C;,Z, are the speed of sound and the acoustic
impedance of the first medium respectively.

An important note to consider is that the reflection and refraction attenuate the original
transmitted US beam, but without them, US echoes could not be generated.
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Biological tissues are characterized by a strong absorption, which leads to a great energy
loss of the transmitted beam. Therefore, the pressure wave representation in (5) must include
also the attenuation component:

p(x, t) = poe/ (W) - gmox (11)
where « is an attenuation factor, dependent on wave frequency and medium viscosity and x is
the wave penetration direction. As the frequency increases, so does the attenuation factor a. As
a result, US imaging is limited by penetration depth, but if lower frequencies, we can increase

the depth of penetration [1], as displayed in Figure 3:

Resolution

Penetration

Frequency: 1-4 MHz 2-5 MHz 5-15 MHz
Transducer: Phased array Curvilinear Linear

Figure 3. Resolution and penetration tradeoffs

3.3 Transducers

The simplest transducer is a piece of piezoelectric material, crystal such as lead-zirconate-titanate
(PZT), with electrodes at both sides. When the transducer resonates (vibrates), it has a distinctive
electrical impedance signature that can be measured electrically. By applying a potential
difference across the electrodes, each piezoelectric material vibrates at its natural center-
frequency and generates the ultrasonic signal [25]. This frequency specification is defined by the

10



transducer's frequency bandwidth (BW), which for diagnosis is mostly within the range of 1 MHz
to 15 MHz. Most piezoelectric transducers are reciprocal, so they act as receivers equally well
[1]. When receiving an echo, if the acoustical wave is within the range of the piezoelectric
frequency BW, it will be detected and transferred to an electrical signal.

Early US imaging transducers used a single piezoelectric element, but they were not practical
for the clinic, because they had to be mechanically scanned and they had a fixed focus that could
not be changed. These two limited dramatically imaging depth, resolution, and real-time
performance. Multi-elements arrays consist of many small piezoelectric elements (Figure 4),
which are excited by phased-delayed signals to steer and focus beams electronically, at different
depths and angles. This provides much more flexibility in controlling the delays and the
waveform design of each element of the array, without moving any parts, which minimizes
artifacts and scanning time. Moreover, arrays enable dynamic focusing (at the receive and
transmit), changing the lateral resolution (lateral direction defined in Figure 4), and beam
shaping, throughout apodization, which is applying weighting coefficients on the elements'
excitation signals. Nowadays, the multi-element arrays became the standard transducers for US
imaging systems in clinics and they include a large number of piezoelectric crystals, ranging

between 64 to 512 [26].

Elevation (y)
A

\_ate‘a\ W

\ 4

Figure 4. The spatial coordinate system for 1-D ultrasound transducer of the multi-elements array. The
transmitted ultrasound wave propagates in the axial direction. The lateral direction is parallel to the surface of
the elements.
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In electronic focusing, all elements (or sometimes only a part of them) are excited with the
same pulse at different times, such that the inner elements are delayed with respect to the outer
elements. For example, (12) defines the delay time of each element in a linear array and a focal

point position at (xs, yy, z¢), as defined in [23]:

1 12
At; = E(\/(Xc —x)% + (Ve — Yr)? + (20 — 2)? (12)

- \/(xi —x)2+ i —yp)*+ (2 — Zf)2> :
where (x., V., z.) is the reference center point on the aperture (center of the transducer) and
(xi,y:,2;) 1s a center of a single piezo-electric element i. A focused beam results from the

interference of the whole produced small wavelets, as illustrated in Figure 5. The time delays

determine the depth of focus for the transmitted beam and can be changed during scanning.

Amplitude weights Time delays Array elements

' |
Pulse excitatioy Wl —W— Ty —W—4

| Wl Wz, W
W > ALz A ‘
\W4——'W‘——r4-——*w\——l |
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Figure 5. Electronic focusing with the multi-elements array at the transmit. Apodization and time delay are
applied to each element's excitation pulse.

Depending on their clinical applications and scanning methods, US transducers appear in a

wide variety of shapes, sizes, and frequencies. The three most conventional configurations are
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linear, convex, and phased arrays. Figure 6 presents the three common types of arrays and their

electronic steering for each case [27].

AN

(a) o= ()

b Active elements —
Image

Beam profile__/_ area

Active elements

IBeam profile

Figure 6. Hlustration of three major multi-elements affz{y transducer types: (a) Linear array, (b) Phased array, (c)
Convex array, and their corresponded scanning modalities. d represents aperture width determined by the number
of active elements.

3.4 B-mode and scanning

The most frequently used US imaging mode is the B-mode that uses the brightness of an imaging
pixel to represent the strength of the echo from the corresponding voxel (imaging volume) inside
the imaged tissue, where the sound wave scatters due to in-homogeneities of the speed of sound
and density within it [19].

In standard US imaging, a typical B-mode image is reconstructed by multiple scan lines (64
to 512). Each scan-line is obtained by transmitting a focused pulse into the tissue, and then the
transducer detects all generated echoes by reflections and scattering from the tissue. Typically,
scanning with a linear array (Figure 6. (a)) is performed with a different part of activated elements
of the array, in each scan-line. This sub-aperture contains 8-16 elements and is shifted over a

region of interest in the body. I.e., the active elements are moved stepwise to the side, and a new
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focused pulse is emitted and echoes received until all elements have been used. The shape of the
field of view (FOV) and the resulting images is rectangular. Such transducers are usually used
for imaging shallow objects because of the limited depth penetration due to their high frequencies
relative to a phased transducer (Figure 6. (b)). When scanning with convex or phased array
transducers, the FOV is enlarged by its fan shape, created by beam steering in different angles.
Scanning with a convex array is the same as for a linear array, using sub-aperture and shifting
the active elements in the array but with a larger area. However, when scanning with a phased
array, all elements are activated in transmission and reception. Moreover, phased arrays permit
reducing the number of elements of the transducer, which means a smaller array size, while
obtaining a large FOV. The advantage of a small transducer is that it can reach "hard to get"
regions for imaging e.g., the heart between ribs [28].

In general, each scanning configuration sets limits to the temporal resolution as the frame
rate of a full B-mode image is limited by the number of scan-lines N, the speed of sound in tissue
¢, and scan depth Z,,,,, as described below:

Tframe tiine * N . ZIZM

But if decreasing scan lines, each scan line becomes wider (more active elements) to cover the
entire scanned region, leading to a wider beam, and that decreases the spatial resolution. l.e.,

image resolution and frame rate compete with each other.

3.5 Image formation and quality metrics

After discussing the main concepts of US transmit and scanning, here is described image
formation from the received echoes. When the scanning process is complete, all echo-response

signals, received by the transducer's elements, are converted to radiofrequency (RF) raw data.
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Then, the raw data go through beamforming (BF), which is the main stage in image formation.
BF determines the resulted pulse-echo beam shape, which is the product of the transmit and the
receive beams. The main two roles of BF are:

1.  Steering or focusing the receive beam towards the coming signal from a known

direction, usually from the focal point.

2. Improving the spatial resolution, the signal-to-noise ratio, and image contrast.
BF can be considered as a spatial filter. It enables the selectivity of acoustic signals, reflected
from some known positions while attenuating the signals from other positions. This is classically
done by delaying (focusing) and applying some specific weights (apodization) to the reflected
signals and summing them to one RF signal, also known as DAS (delay and sum) [28]. This

concept is illustrated in Figure 7 and displayed in Figure 8. BF process repeated for each scan-

line.

Array elements Signal alighment
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Figure 7. Beamforming principle to produce raw RF data, using 5 element-array. DAS technique includes a
summation of the received echoes followed by time alignment and weighting according to the spatial position
of the focal point.
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Figure 8. RF data generation with DAS. (a) Gray scale image of the received echoes detected by 64 elements
for a single scan line. (b) Time alignment of (a). (c) The summation of all 64 signals forms the RF line.

BF process is applied also on the transmit beam and is the name of the overall process of
designing the transmit waveform with a multi-array transducer. Mathematically, the RF-line can
be expressed by:

|7 — 7| = |7 = 74 (14)

N
RF(t) = Z Wiyt — 1), T = )
1

Cc

where y; represents the received echo detected by the i element, W; and t; are the apodization
coefficient and time delay applied on the received y; echo, respectively. N is the total number of
elements in the array. 7;, 7., 7 are the coordination of the i element, the central element, and the
element in front of the focal point in the array, respectively. c is the speed of sound in the medium.
At the end of scanning, all obtained RF lines are juxtaposed to one matrix, called the RF image.
However, it is still not a US B-mode image. The RF image needs to go through several processing
steps until the final result (see a diagram example in Figure 9). These steps are usually as follows
[29]:

» Band/low-pass filtering — to minimize noise and artifacts by frequency filtering according
to different considerations, mainly dependent on the imaging technique.
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Envelope detection —provides the intensity magnitude of the RF signal, usually by applying
the Hilbert transform on the RF image.

Gray scale mapping and logarithmic compression -are techniques to determine the
dynamic range of an image to optimize its smoothness and contrast performance.

Scan conversion- transforming the collection of discreet pixels in a matrix to the final display

of the B-mode image with the shape of the imaged region (see Figure 9. (e)).

Post processing

RF Data

Band pass filtering

|

Envelope detection

Logarithmic compression

Scan conversion

Figure 9. Diagram of typical post-processing steps applied on the RF image to obtain a B mode image. (a)
the original RF image, (b) the RF image after band-pass filtering, (c) a gray scale image resulting after
envelop detection with Hilbert transform, (d) a gray scale image after logarithmic compression, (e) a fan-
shaped image after scan conversion.
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To characterize a US imaging system, a variety of acoustical and electrical measurements
must be taken to know its capabilities e.g., voltage range, frequency BW, the resulted pressure
field, etc. In addition, imaging performance is evaluated by several standardized parameters and
metrics. The most common are imaging resolution, contrast, noise level, and frame rate. The last
was defined in (13) and the first three will be described below.

US image quality is strongly influenced by spatial resolution, both axial and lateral
resolution. Figure. 4 illustrates the spatial coordinate system of the 1D US transducer.

Axial resolution- is the capability to distinguish between two objects lying in the direction of
the US wave propagation [28] and it depends on the number of cycles, N., and the wavelength,
A, of the transmitted pulse :

Nc-2 (15)
2

AZaxial =

Lateral resolution- is the smallest distance between two objects lying in the lateral direction
(perpendicular to wave propagation direction), that can be detected. l.e., if two scatterers are
positioned at a smaller distance, they will be performed as one spot (object) in the B-mode image.
This resolution is determined by the diffraction limitation, due to the beam width (at the transmit
and receive), also known as the full-width-half-max (FWHM). For plane-wave imaging (no
focusing at the transmit), with a rectangular aperture, as performed at this study, the FWHM

parameter is defined as [2]:

Az (16)
AxXjgteraqr = FWHM = 1.206 - T

d is the aperture width as demonstrated in Figure 4.
To describe US imaging visualization performance, there are common metrics to evaluate

image quality. In this study, we focused on improving the contrast between a "cyst" with MBs
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and the surrounding tissue and therefore, evaluation of the resulting images, conducted via

contrast ratio (CR), [28] that is used from 1985 [30] :

CR=% | CR[dB] = 2010g10(% : (17)

Ho

W; is the mean intensity inside the object or the region of interest (ROI) whereas, u, is the mean
intensity of the outside of that region. When imaging a cyst, CR is simply the average gray-

scale brightness level in the cyst compared to its surround.

3.6 Plane-wave and coherent compounding

To increase the frame rate and decrease acquisition time, PW imaging can be a great solution.
PW imaging uses all the elements in transmission/reception to construct a US image. Of course,
this image has a lower resolution than the one obtained with a standard US imaging with
focusing. However, the resolution of the image can be increased by coherent-compounding.
Coherent compounding imaging is a promising BF technique to obtain high frame rate imaging,
where scanning is performed without focusing, but with a few PW transmits at different angles
[31]. At each transmit event, a US wave is transmitted from the whole transducer array for PW
imaging, where the delay profile of the excitation, for the steering angle, 8, can be defined by
[23]:

dsinf 19
Af = sin (19)

)

Cc

where d is the aperture width (the width of all active elements and the spaces between them),
and c is the speed of sound in the relevant medium. Figure 10, illustrates a steered PW transmit

with a 5-element array:
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Figure 10. Transmit of Steered plane-wave at 8° angle. Specific delays applied on elements pulse excitation to
obtain wavefront of 6° .

The backscattered echoes are focused and then recorded using all elements on the receive
aperture. The absence of a focus in the transmit, results in a low-resolution image (LRI)
reconstruction. Then, this process is repeated for the desired number of steered PWs in different
directions. Combining all resulted LRIs, by summing phase-aligned RF-signals, gives a high-

resolution image (HRI) [32], (see illustration in Figure 11).
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Figure 11. Coherent compounding beamforming principle. Transmitting N steered plane waves provides N
low-resolution images. Then combination of their phase-aligned RF signals achieves a high-resolution image.
Reprinted from Jensen, Jonas. "Fast plane wave imaging.” Ph. D. dissertation (2017).

3.7 Safety in ultrasound imaging

Diagnostic imaging with the US is the safest imaging method. Therefore, it is not surprising that
the last case of harm from the diagnostic US was reported in 1998 [33]. There are three main
factors responsible for this impressive level of safety: First, is the large number of scientists
studying ultrasound-induced bio-effects and different phenomena and processes under US
radiation. Second, is the extensive knowledge of the two main bio-effects triggered by the US
waves in tissue, cavitation, and thermal heating, and the ability to control and limit them with the
acoustic output. Third, is the international standards of diagnostic US equipment that ensure safe
imaging for humans and require measurements and characterization of the systems according to
worldwide-accepted standards organizations, such as the American Institute of Ultrasound in
Medicine (AIUM), the National Electronics Manufacturers Association (NEMA), etc. For
example, the Food and Drug Administration (FDA) requires all US manufacturers that sell in the
USA, to meet certain parameters and to measure acoustic output levels with a calibrated, broad-
band hydrophone and report them the results on a regular basis [1]. However, there will always
be unintended side effects as a result of the biophysics at the interaction of sound and tissue.
Therefore, they came up with real-time algorithms for predicting relative temperature rises and
potential for inertial cavitation, processes that can harm the tissue, and defined the thermal and

mechanical indexes.
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To assess the safety of the US and to predict the possibility for undesired mechanical bio-
effects, mechanical-index (MI) was defined (20) and is commonly used. For imaging
applications, the FDA limits the Ml to be below 1.9 [34].

_PNe 20)
e

where the PNP is given in MPa and the frequency f is given in MHz. To evaluate the thermal

MI

effects in soft tissues, induced by the US during imaging, there is a thermal index for soft tissues
(TIS), which is defined as the ratio of the transmitted acoustic power, (commonly set by the user
during the scan), to the power required to raise the irradiated tissue temperature by 1°C. TIS can

be calculated using the following equation [33]:

WO 'f (21)
TIS = 210mW - MHz ’

where f [MHZz] is the transmitted frequency and W, [mW] is the power applied, which depends
on the transmit mode and beam’s cross-section area at the most energetic depth. This unit-less
index gives a rough estimate of the potential for temperature rise and its risk, from thermal causes,
associated with the US beam. FDA has limited its maximal value for ophthalmology applications
to TIS < 1 and for other applications TIS < 6 [24].

Any US imaging system in the clinic must measure and report in real-time these indexes,
dependent on the settings of the device, imaging mode, and the transducer. A larger TI/MI value

represents a higher heating/mechanical effect and potential for tissue damage.

3.8 Non-linear ultrasound imaging

In chapter 3.2, wave propagation in a tissue is assumed to be linear. However, like much of the

real world around us, it does not always behave this way and in fact, the tissue has also nonlinear
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characteristics. l.e., while propagating within the tissue, the wave's shape and amplitude are no
longer proportional to the input excitation. Therefore, for a better understanding of propagation
within a nonlinear medium, including the energy loss, there were developed and investigated
many wave equations, which can be solved only numerically. One of them is known as the
Westervelt equation- a full-wave, nonlinear equation that describes cumulative distortion, (based

on conservation momentum) [35]:

pc* 0t2

(VZ 1&) __B ¥ (22)

here, B is the coefficient of nonlinearity and it appears in the literature, papers, and
characterization tables of tissues and mediums. For most tissues g falls in the range of 3 to 7 [1].
As a result, the general pressure solution in (5), has to be modified to a non-linear expression:

p(x,t) = [A*p+ B p?] = poe/ @0 4 p, e2i(@t=kx) (23)
where A and B represent constants, the first exponent in the expression is the linear solution and
the second, the quadratic term, refers to the non-linear part and p, is its magnitude.

The major consequences of tissue non-linearity on the US wave, are pulse accumulation and
beam distortion (Figure 12), which lead to harmonic frequencies generation. This phenomenon
refers to the appearance of new frequency components in the wave's frequency spectrum, which
contains not only the transmitted, fundamental frequency but also its integer multiples, called
‘harmonic frequencies' (Figure 12. (b)). As the wave propagates, the distortion increases until the
wave shape becomes a "sawtooth™ (Figure 12. (c)), when it has the maximal harmonic
frequencies [1]. And finally, at great distances and higher frequencies, the wave's distortion
reaches saturation, where the whole wave signal is attenuated and is no longer proportional to

the original emitted amplitude (Figure 12. (d)).
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Figure 12. Harmonic frequency generation in a non-linear medium. (a) The transmitted sine wave of frequency
f. (b) Initial wave distortion caused by asymmetric velocity of the two wave phases. (c) A wave “sawtooth”
shape, rich with harmonics. (d) Attenuated sine wave followed by saturation of the non-linearity.

US imaging can be divided into linear and nonlinear imaging. Linear imaging occurs when
the transducer captures only the backscattered echoes, that contain the same fundamental center
frequency that was transmitted [1]. Nonlinear US imaging forms an image by detecting the
additional frequency component observed in the returning echoes. These nonlinear components
include harmonics, subharmonics, and ultra-harmonics [36]. The most commonly known
nonlinear imaging methods are harmonic imaging (HI) and contrast harmonic imaging (CHI).
The first is widely used for soft tissue imaging, whereas the latter is mainly used for vascular
sonography with contrast agents [14], [37].

Although the nonlinear equation provides more accurate approximations to real waves
propagation, it is more complicated for simulation use and design. Therefore, when designing
the wavefront of the transmitted beam, where non-linearity was not necessary, simulations were
performed with Field 1l, a MATLAB package, which is based on the linear equation only.
Whereas, for the MBs simulations, where their nonlinear echo-response is responsible for the
nonlinear US imaging technique we wanted to improve, the model had to include the nonlinearity
term.
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3.9 Harmonic imaging

One of the non-linear imaging modalities, that was introduced in the previous section is HI. This
modality does not use UCA and is based on the harmonic frequencies generation in tissues, due
to the US wave deformation while propagating through them. HI improves image quality even
without UCA, compared to fundamental imaging [38] and is an important diagnostic tool in many
clinical sonographic procedures and applications, such as the cardiac, abdomen, or fetal head
imaging [11], tumors detection, and characterization [6], Doppler [10], and Elastography [12].
Advantages of HI include an increase in signal to noise ratio, contrast, and spatial resolution

compared to standard linear imaging, as displayed in Figure 13:

(@)

Figure 13. Images of two small hepatic abnormalities (arrows), were obtained by (a) harmonic imaging and (b)
fundamental imaging. Reprinted from “A primer on the physical principles of tissue harmonic imaging,”,

Anvari et. al. (2015). Copyright Radiographics.

The most straightforward approach for HI is to bandpass filter the harmonic frequencies.
However, this method is more effective when transmitting long pulses in order to narrow the
spectrum and reduce spectral overlap. As a result, axial resolution is compromised, or additional
post-processing is required [1]. This includes the use of a matching filter to restore axial
resolution at the expense of reduced frame rate and increased complexity [17], [39].

Alternatively, pulse inversion (PI) is a method that uses two subsequent transmissions, where a
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short pulse with positive polarity (+1) is initially sent, followed by an inverted pulse (-1) [40].
When the two waves propagate through a linear medium, such as water and liquids, the
summation of their backscattered echoes cancels out. Whereas the waves propagate through a
non-linear medium, such as elastic soft tissues, the summation of their backscattered echoes is
retained and forms a high-frequency RF signal. I.e., this technique cancels the linear components,
such that only the nonlinear components remain (illustrated in Figure 14). Other similar methods
such as contrast pulse sequence [41], and power amplitude modulation [9] yield a similar overall

result.
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Figure 14. Pulse-inversion technique for harmonic imaging. Two phased inverted pulses (180° phase shift) are
transmitted and their receive echoes are summed to an RF line. This technique removes the fundamental
frequency from the entire image and remains only the non-linear, harmonic frequency components.

Although H1 is used clinically, its main limitation is that the harmonic content is significantly
weaker than the linear signal, and further attenuates as it propagates through the tissue. Therefore,

nonlinear imaging methods are more sensitive to attenuation, noise, and artifacts [1].

3.10 Contrast harmonic imaging with UCA

Since the harmonic content is significantly weaker compared to the fundamental frequency, the
standard HI method is not good enough in some cases, for example when imaging blood vessels

that are almost invisible to the US without special processing. As a result, CHI, which uses UCA,
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is also a commonly used nonlinear imaging technique in clinics, since it amplifies the harmonics
and further enhances imaging [11], [42].

UCA are gas-filled MBs, usually with perfluorocarbon, encapsulated with phospholipid or
albumin shells. The MBs are about 1-5 um diameter, near the red blood cells size. They are
injected into the vascular beds to reach the regions we want to image and to enhance their US
reflections. After traveling in the blood system, they diffuse and are released through the lungs
[1], [16]. Upon US excitation, a microbubble expands and contracts repeatedly, tracking the
compressional and rarefaction cycles of the excitation sound wave [15]. As a result, their US
scattering increases significantly. This, together with their impedance mismatch compared to the
surrounding tissue, makes them highly echogenic [43], such that even a single microbubble can
be detected in vivo [17].

All mentioned refers to MB's linear pulse-echo response, but the MBs have a non-linear
characterization too. MBs act as nonlinear oscillators and oscillate asymmetrically, such that the
expansion phase is larger than the compression. As a result, harmonics of the fundamental
frequency are generated in the MBs echo spectrum, making them ideal contrast agents for CHI
[44]. This phenomenon reminds the non-linearity within the soft tissues, but the harmonics
generation in both cases are triggered by different mechanisms. While the tissue itself also
possesses a nonlinear behavior at high pressures, MB’s nonlinear response initiates at
significantly lower pressures, and immediately under US excitation, where the tissue response
remains mainly linear [40], [45], [46]. Moreover, MB's coefficient of nonlinearity, 8, can be
103 times higher than for the soft tissues [46]. Since the nonlinear characteristics of MB are
several orders of magnitude greater than tissue, a significant enhancement of MB's back-scattered

signal is achieved, leading to a higher contrast relative to the surrounding tissue. In addition, this
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phenomenon has a maximum at a specific frequency called resonance frequency. E.g., for a 4
um bubble the resonance frequency is approximately 1.6 MHz [38].

In the fundamental, linear imaging, MBs demonstrate an increase in grey-scale values, which
enhances the contrast between organs or regions with MBs to those without. For example, they
can improve the endocardial border image of the heart ventricles or chambers, providing more
accurate volume and movement analysis for the detection of abnormalities [38], as presented in
Figure 15. Moreover, contrast agents significantly improve the ability and sensitivity of US to
follow the flow of blood, especially in small vessels as in muscle perfusion. However,
fundamental gray-scale imaging with MBs sometimes performs insufficient detectability in the
presence of tissue, mostly in hyperechoic regions, where the fundamental backscattered
component of the MBs is very low, relative to the component of the hyperechoic tissues.
Therefore, CHI has a great advantage over HI and fundamental imaging, since it utilizes MB's
non-linearity feature and separates their signal from the tissue by detection and filtration of the
received harmonic frequencies from the entire echoes. This mode improves image performance
dramatically and therefore, is widely used for different applications. The most common are:
vasculature imaging, including artery stenosis [47], endocardial abnormalities [48], thrombosis
[49], organ and cavities imaging [10], [50], tumors [51], and super-resolution US imaging [13],

[52].
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Figure 15. Ultrasound harmonic imaging of the left cardiac chambers. (a) Before microbubbles (MBs) entered
and (b) after, where the ventricular myocardium border is well enhanced. Reprinted from “Pulse inversion
techniques in ultrasonic nonlinear imaging,”, Shen et al. (2005). Copyright Medical Ultrasound.

Despite all the benefits of CHI, there are still challenges, which limit the obtained image
quality, especially under poor imaging conditions [14], [15]. E.g., when increasing the US
pressure, the undesired nonlinear echoes from tissues also increase, reducing MBs signal [13].

Overall, there is a place for new advanced developments and research.

3.11 Simulating and modeling of UCA

The discovery of UCA and its unique echo properties have increased their use in diagnostic and
therapeutic US applications. Therefore, there is a need for mathematical equations and models to
characterize their motion and dynamics under different conditions, for further enhancements,
research, and developments. There are several existing models, which provide nonlinear
equations that can be solved numerically. They are all based on the gas-bubble oscillation theory,
published by Lord Rayleigh in 1917 [53], but since then, there were many changes,
improvements, and alternative models suggestions. The most familiar known as the Rayleigh-
Plesset equation [1]:

- 3R? 1 4R
RR+2-==(P, - ZE - P(t)). (24)
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where R=R(t) is the dynamic radius of the bubble to be found, P(t) is the varying acoustic pressure
applied on the bubble, p is liquid density, 7 is the surrounding liquid viscosity, P; is the pressure
of the liquid near the bubble wall. However, the major shortcoming of this model is the absence
of a bubble shell, which influences dramatically on its dynamics, because it modifies the effective
surface tension. In addition, the shell increases the bubble's mechanical stiffness and elasticity,
which stabilizes it and makes it difficult for it to shrink and expand. Therefore, for our simulations
during this study, another model for bubble dynamics under US excitation was used. A model
suggested by Philippe Marmottant et al. [54], takes into account the physical properties of MB's
lipid shell and its non-linear behavior, triggered by large amplitude US waves. The model was
validated by experimental recordings with a high-speed camera [54] and is widely used in
ultrasound imaging [55] and therapy [56] research that uses MBs. Their main equation was based
on dynamics are represented by its varying radius, due to its oscillation (expansion and
contraction), triggered by the excitation signal. with polytropic gas law and with the following
boundary condition, that describes the variable, dynamical surface tension as a function of the
MB radius (R) :

20(R)+4nR 4K R (25)
R R Rz’

Fy(t) — P () =
P, is the gas pressure inside the bubble and is proportional to R 3, where k is the polytropic gas

exponent. k, is the surface dilatational viscosity from the monolayer shell. 298 s the capillary

pressure term 2R s the stress arising from the frictions in the liquid and 252 s the stress arising

from frictions in the shell. The overall equation of the Marmottant model is:

p (1 22) = [ ) (£ (1 20) -y - 2ty O
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R, is the equilibrium radius of the bubble and P, is the ambient pressure, and the tension

expressed as :

0 if R < Rbuckling (27)
RZ
d(R) = X(Rz— - 1> if Rbuckling <R SRbreak—up
buckling
k Owater if R = Rbuckling

This function includes three states of the bubble, also described in Figure 16. The first is the
buckled state, when the bubble contracts too much, such that its lipid molecules at the interface
decrease, leading to a decrease of the MB's surface tension, ¢ = 0. The second is the elastic state
when the bubble's surface area is stable and even though it expands and contracts, this range of
radius changes, is small and it maintains the same surface tension at the shell. The third is the
ruptured state, = o,,4ter » When the ultrasonic pressure pulse leads the bubble to over-expansion

and break-up, because of the developed stress and strain on the shell.
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Figure 16. Three stages of bubble surface tension. Pressure rising ratio vs radius expansion ratio for an

encapsulated bubble with shell. Ry =2um. Rpyckiing=1.98 um, x =1 N/m. Reprinted from "A model for large

amplitude oscillations of coated bubbles accounting for buckling and rupture”, Marmottant et al. (2005),
Acoustical Society of America.
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3.12 Frequency Mixing

When two or more acoustic waves interact, there is a generation of secondary waves having
different frequencies from the fundamental, including harmonics, sum, and difference
frequencies. This phenomenon was first reported by Peter Westervelt in his parametric acoustic
array theory [57] and is usually known as the parametric effect, but in this work, we prefer to call
it “frequency mixing’, inspired by optics [58] and electricity [59]. Westervelt’s discovery has led
to the development of new methods in various fields, based on the created difference frequency
as a result of the interaction of the waves. Examples include the parametric array sonar [60],
audio spotlight [61], characterization of liquid-vapor phase transition [62], nonlinear computed
parameter tomography [63]-[65] and Vibro-acoustography [66]-[68]. Moreover, frequency
mixing has been used to produce low-frequency waves in wideband scattering experiments [69].
In addition, it was found that the presence of a spherical scatterer, like an MB, enhances the
frequency mixing effect due to two mechanisms, namely the dynamic radiation force and
scattering of sound by sound [69]. Assume an MB in a fluid is notified simultaneously with two
primary acoustic waves of an arbitrary wavefront, at two frequencies w, and w,, with equal
amplitude p, at the origin and they both propagated through the same distance x and attenuated

at the same rate @. The resulted incident pressure can be described as [57]:

P(x, t) = poe—ax(ej(wlt—klx) + ej(wzt_kzx)) _
(29)
= ppe ™ (cos(yt — kyx) + cos(wt — kyx))

Then equation (26) can be modified to include this pressure term:

. 3R? 20(R)] / R\ ¥ 3K . 20(R) 4nR 4x,R  (29)
p<RR+T>_[P°+ R, I(R_O) (1_7R)_P°_ R R R?
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—[poe~**(cos(w;t — kyx) + cos(w,t — k,x))] .
Using the successive approximation, a solution to this equation may be written as [16]:
R(E) = (30)
(t) = Ag + A; cos(wqt) + A, cos(wyt) + Az cos(Qwqt) +A, cos(2w,t)
+As cos((w, + wy)t) + Ag cos((w, — wy)t) + -+,

where 4;, i =0,1,2, ... refers to the amplitude of the oscillating radius, corresponding to a
specific frequency. Since the backscattered pressure signal is a result of the bubble oscillation,
the receive echo-response contains the same frequency components and their approximated
pressure magnitudes [16]. Moreover, the received spectrum contains both the difference
frequency (w, —w,) and the sum frequency (w, + w;) components, in addition to the
fundamental frequencies w, w, and their 2nd harmonics 2w, ,2w-, [9], [16], [70]. For simplicity,
higher-order harmonics are not shown in (30).

For a better understanding of how the sum and difference components appear in the scattered
echo, it is more convenient to substitute the expression for the incident wave with the two
frequencies (28) in the general expression for the non-linear solution of the wave equation (23):

p(x,t) = A-[cos(w it — kyx) + cos(wyt — k,x)]
(31)
+B - [cos(wit — kix) + cos(wyt — kyx)]? ,
where A and B are the pressure amplitudes of each component, including attenuation. For

simplicity, we may ignore the spatial dimension (x) and expand the quadratic term:

p(x,t) = A-[cos(w,t) + cos(w,t)]

(32)
+B - [cos?(w4t) + 2 cos(w4t) - cos(w,t) + cos?(w,t)] .
Using trigonometric identity for cosines multiplication, we get:
p(x,t) = A-[cos(w,t) + cos(w,t)] (33)
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+B - {cosz(wlt) + % [cos((wg + wy)t) + cos((wy — wy)t)] + cosz(a)zt)} )

which demonstrates how the new frequencies are created in the backscattered wave.

From all of the above, the non-linearity characteristic of the MBs can be expressed not only
by harmonic generation in its backscattered signal but also by the frequency mixing effect.
Nevertheless, it was reported that this effect is distinctly greater within MBs, rather than the
surrounding tissues [15]. Therefore, these additional frequency components may provide a better
MB separation and detection in tissues.

Frequency mixing was reported previously in the literature in the context of general tissue
HI, without the use of MBs [17], [19], [39], [41]. In the most recent paper, three single element
transducers were used for different frequency imaging: Two were used for transmit, where each
transducer transmitted a different frequency (5 MHZ and 6 MHZz). The two transmit transducers
were mechanically aligned to focus on the sample. The third transducer was the receive
transducer, with a center frequency that matched the difference frequency (1 MHz), to capture
the frequency mixing result [19]. This setup (Figure 17) requires precise alignment of the three
transducers, mechanical movement of the object to scan the entire FOV, and post-processing
using a matched filter. Here, we aim to use a single phased array transducer for the transmit and

the receive in real-time, without any moving parts or additional post-processing.
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Figure 17. Setup for difference frequency imaging proposed by Li, Yilei, et al. (2019) IEEE Transactions on

Medical Imaging.

Frequency mixing with MBs was also presented in several works [18], [20], [21], [71], [72].
However, the concept was demonstrated either only via numerical simulations [70], [72], by
hydrophone measurements [15], [18], or by using single element transducers that capture the
echoes at a single point [21], [71], [73] or via mechanical scanning of the object [19], [20]. All
of the mentioned above methods, cannot be used for real-time imaging. Our method uses a single
phased array imaging transducer for transmit and receive in real-time, without any moving parts

or additional post-processing.

3.13 Proposed method concept

This study aimed to develop an enhanced and real-time contrast imaging of MBs based on the
nonlinear mechanism of frequency mixing. The basic concept of the proposed method is to
trigger the frequency mixing effect within MBs signal response, by exciting them with a dual-
frequency waveform, that is a superposition of two different waveforms, each with a different
frequency, in order to generate their sum and difference frequency components in addition to
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their harmonics. The presence of additional nonlinear components, amplifies the MBs signal,
leading to an increase in the resulting harmonic image quality and contrast. Figure 18 presents a
schematic illustration of the proposed method. An additional major difference in our
implementation, when compared to previous works and applications, such as in parametric
arrays, is the absence of beams intersections applied by two simultaneous transmits from two
transducers. This fact provides a larger image FOV, without the limitation of the intersection
volume and eliminates the complexity of synchronization between the two pulses and the
mechanical scanning. Thanks to advanced programmable US systems, this technique can be

tested experimentally and not only in simulations.

Superposition Microbubbles

Figure 18. Schematic illustration of the proposed method. Two single frequencies are superpositioned into a
multiplexed waveform. A broadband transducer is excited with this waveform for US imaging with MBs. Due
to the frequency mixing effect, generated by the MBs, image quality is enhanced.

4 Materials and methods

4.1 Numerical simulations

Initially, acoustic pressure fields were simulated using Field Il software [74],a MATLAB-based
toolkit (version 2018a, MathWorks, Natick, MA, USA). This package provides acoustic wave

propagation modeling, in various mediums and design different wavefronts with multi-element
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arrays. Using this platform, we could explore the US imaging system setting and examine the
effect of different transmit and receive parameters on the resulting fields. Afterward, we
proceeded to other MATLAB simulations, based on the Marmottant and Rayleigh-Plesset
equations, which describe MBs properties and their nonlinear behavior under US excitation in a
fluid. Those simulations, provided an examination of MB’s dynamics while taking into account
parameters such as the effect of the surrounding medium compressibility, MB's shell
composition, thickness and excitation parameters, etc. [54]. Predicting the MB’s echo-response,

assisted in designing optimal in-vitro experiments in the lab and minimizing risks and failures.

4.1.1 Filed Il simulations

Field Il is based on the concept of spatial impulse response as developed by Tupholme and
Stepanishen for linear systems. Thus, only linear propagation of US waves can be simulated.
This response gives the emitted US field, at a specific point in space, as a function of time, when
the transducer is excited by a Dirac delta function. The field for any kind of excitation can then

be found by just convolving the spatial impulse response with the excitation function:

ra]
] =)
p(71, ) = po 1;(:) «h(r,t) ,  h(t) = f f 2l = Tz ds 34

where |7 — 75| is the distance between the transducer and the field point, wv(t) is vibration
velocity of transducer surface, proportional to applied electric voltage, h(7y,t) is the impulse
response for r; position and p (77, t) is the resulted pressure at this point (a schematic system and
its vectors are presented in Figure 19). To evaluate the total emitted pressure field, Field Il sums
all-spherical waves from each point on the aperture surface (transducer’s elements array). It is

important to note, that we did not include in these simulations the attenuation factor of the tissue.
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Figure 19. Transducer excitation and the obtained pressure field at a specific point in the XZ plane.

The main goal of this stage was to determine how we would create the dual-frequency
transmit with a single transducer. What excitation should be applied on array elements and which
waveform should be emitted? Initially, before we came to the idea of multiplexed (superposition)
signal, we considered creating a cross-section between acoustic signals with different frequencies
as was previously reported. Only instead of using several transducers, to use one, a broadband
transducer, by dividing transducer’s aperture into two synthetic sub-apertures, which transmit
US waves with different frequencies.

The first configuration to manage that intersection was taken from a previously reported
work [62] (in simulation only), where elements were divided into even and odd. Both groups
were excited, such that their waves focused on the same point, as presented in Figure 20. Such a
technique improves resolution and allows scanning, which expands the imaging region area.
However, in each scan line, the region for beams intersection is very small, resulting in a low
probability of the frequency-mixing effect to appear and thus, less enhancement of MBs echoes.
Furthermore, this method produces grating lobes (duplication of the central lobe at the transmit

field), which increase artifacts and noise in the image.
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Figure 20. Field Il simulation of dual-frequency transmits, by dividing aperture into even-odd elements, which
excited with different frequencies 2 MHz (odd) and 3.5 MHz (even). (a)Excitation signals of 96 elements.
(c)The sampled point at the focus, 30mm depth, in time and frequency domain, from the obtained transmitted

field (b), displayed in 40dB scale

The second configuration is dividing the aperture into two halves, right and left, where
each emits a steered PW towards the center, creating a rhombus-shaped overlapping area, as
displayed in Figure 21. This region determines the imaging region, where the backscattered echo

will contain the additional non-linear frequencies, due to the frequency mixing phenomenon.
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Figure 21. Field Il simulation of dual-frequency transmits with X-Wave. Aperture is divided into two halves
to transmit two intersectional plane waves with different frequencies: 2 MHz (left) and 3.5 MHz (right).
(a)Excitation signals of 96 elements. (c) The sampled point at 30mm depth, in time and frequency domain, from
the obtained transmitted field (b), displayed on a 40dB scale.

An advantage of such an implementation is that the transmission of a PW without
focusing saves image acquisition time, i.e. improves frame rate. Moreover, it provides a wider
overlap area for the different frequencies to intersect, which increases the frequency mixing
generation. However, such implementation has limited FOV, since the imaging is confined to the
area where the beams intersect. In addition, the method generates near-field artifacts at the region
close to the transducer. Further, when imaging with MBs, it requires setting them up to
concentrate in the overlapping region, which is a challenging task. Therefore, this method was

rejected too.
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The main common disadvantage of the last two configurations is that they utilize only half
of the transducer’s aperture and power to produce the new frequencies. In other words, the split
of the aperture automatically leads to a decrease in the non-linear intensity by a factor of two.
After performing several simulations, we thought we might be able to produce the same
frequency mixing effect by transmitting a wave that already contains the two frequencies and
doesn’t require the intersection of the two waves. By defining the excitation pulse as a
superposition of two sines with different frequencies (Figure 22.), we could use a full system’s

power (of Verasonics hardware), instead of dividing the transducer array into two synthetic sub-
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Figure 22. Excitation pulse in Field Il. (a) 2 MHz and 3.5 MHz sines with the same time duration of 2us,
followed by Tukey window and (b) their superposition, as were defined in ultrasound imaging experiments.
apertures.

Afterward, a focused transmit was simulated with the superposition signal, (Figure 23.
(@),(b)). However, such a method still provided a limited FOV, where the MBs had to be placed.
As a result, it was decided to transmit the superposition excitation with a few steered PWs (i.e.,
image would be formed with coherent compounding), see Figure 23. (c),(d). Without the focusing

requirement, MBs backscattered signals can be enhanced in a wider region (FOV), and scanning

becomes much faster, which are very precious conditions for real-time imaging.
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Figure 23. Field Il simulation of dual frequency transmit with a superposition signal containing 2 MHz and
3.5 MHz frequencies. Two transmit fields were simulated: (b) focused and (d) steering plane-wave, displayed
in 40dB scale. (a) and (c) are their corresponded excitation signals for 96 elements-array, respectively.
(e)Sampled point from the focused transmit (b), at the focus, in time and frequency domain.
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4.1.2 Microbubble echo-response simulation

MBs response to dual-frequency excitation was simulated via the Marmottant model, based on
(26) and (27), to examine the non-linear phenomenon of harmonic and frequency mixing
generation. MB’s dynamics are represented by its varying radius, due to its oscillation (expansion
and contraction), triggered by the excitation signal. MB parameters were identical to [54]; Shell
surface dilatational viscosity was 7.2x10° N, elastic compression modulus was 0.55 N/m, the
inner surface tension was 0.04 N/m, and the outer surface tension was determined as 0.073 N/m.
MB’s resting radius was set to 0.8x10® m, according to the physical dimensions of the MBs that
were used in the experiments.

Three frequencies, f1, f2, f2 - f1, were chosen based on the transducer used in the laboratory
experiments (P4-1, Philips, ATL, Andover, MA, USA), such that all fall within the transducer’s
BW (1-4 MHz). f1 was 2 MHz, f2 was 3.5 MHz and therefore the difference frequency is
expected to be 1.5 MHz. It should be noted that, although the sum frequency is also generated,
its frequency is beyond the cutoff frequency of the transducer (f2 + f1 = 5.5 MHz > 4 MHz).
Therefore, our focus was on the difference frequency.

Each Marmottant simulation for Pl imaging consisted of two transmits. One was the positive
pulse and the second was a negative pulse, identical to the positive pulse but with a reversed
polarity. Then, the simulated MB’s responses were summed. As a result, the fundamental
frequency was eliminated, leaving only the non-linear frequencies. Three excitation conditions
were compared: 1) Pl with a single frequency of f1 = 2 MHz; 2) Pl with a single frequency of f2
= 3.5 MHz; 3) PI with a dual-frequency composed of a superposition of 2 and 3.5 MHz. Each
excitation condition consisted of a sinusoid with the desired center frequency (or the

superposition), enveloped by a Tukey window, as commonly used in the US [14], [44], [75]. For
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initial validation of the method, in the simulation stage, all excitations were 10-cycle pulses,
whereas, for the superposition signal, we did an alignment by the lower frequency, i.e., 2MHz.
The purpose of transmitting multi-cycle pulses is a good visualization of the frequency
components in the signal’s spectrum (the longer the pulse is, the narrower are the spectral
components). In addition, bandpass filtering between 1-4 MHz was applied to the final results to
mimic the BW of the transducer used in the experiments. Spectral representation of the excitation

and received signals ware performed by applying a Fourier transform to the temporal signals.

4.2 Ultrasound imaging

This stage includes designing the setup and programming the US system to perform the desired
imaging protocol, considering the chosen US transducer and excitation parameters. Experiments
were conducted using a programmable research US system (Vantage 256, Verasonics, Kirkland,
WA, USA) with a phased array P4-1 transducer (Figure 24). The transducer had 96 elements,
with a 0.295 mm pitch. All transmitted waveforms were generated and transmitted by an arbitrary

waveform generator (AWG), which enables transmit of custom waveforms.

(a) (b)
1/ Verasonics

Figure 24. Hardware used in ultrasound experiments: (a) Verasonics programmable research ultrasound system
and (b) P4-1 phased array.
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P1 US imaging protocol was used to image the tissue-mimicking phantom including coherent
compounding, using 9 angled PWSs spanning +£10°, as was presented in [31]. The transducer was
fixed to an optical plate and positioned perpendicularly to a tissue-mimicking phantom that
contained a 6 mm inclusion located at a distance of z = 45 mm from the transducer (see Figure
27). In each acquisition, a solution of 1.67x10° MBs was diluted in 0.5 ml phosphate-buffered
saline and then was injected into the inclusion inside the phantom. For spectrum assessment
experiments, waveforms included also a 10-cycle sinusoid, either at 2 MHz, 3.5 MHz, or 2&3.5
MHz with a Tukey window. Next, both transmit and receive were conducted by the P4-1
transducer, while imaging the tissue-mimicking phantom. The received radio frequency signals
captured by each element were averaged and Fourier transform was applied to the result to
display the spectra in real-time by the programmable US system. The process was repeated both
for a single PW and a PI transmit for each of the three waveforms.

For imaging applications, a 1-cycle sinusoid was transmitted (2-cycle waveform with a
Tukey window to yield an effective 1-cycle). This excitation was used to maximize axial
resolution and eliminate the need for additional post-processing. In the imaging section, the
generation of the frequency mixing component translated into contrast enhancement. Therefore,
instead of looking at the frequency components, as done in the numerical simulations and
hydrophone measurements, the contrast was calculated. Since the 2nd harmonic of the 3.5 MHz
frequency is 7 MHz, which is beyond the cut-off frequency of the transducer, imaging results
were compared for Pl with a single frequency of 2 MHz, and a dual-frequency of 2&3.5 MHz.
To compare the different frequencies, images were acquired with the same mechanical index

(MI) which was calculated by (20). The Ml increases as the frequency decrease therefore, for the
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dual-frequency excitation, we chose to use the lower frequency (2 MHz) in the Ml calculation,
as a stricter upper limit.

In a programmable US system, like the one in our lab, the center-frequency of the receive
and the transmit signals are not dependent and can be set to different values. Therefore, in
addition to the two PI transmits (2 MHz and 2&3.5 MHz), three different central-frequency for
the receive, freceive, Were examined in US imaging experiments: 1.5 MHz, 2.5 MHz, and a
custom frequency. The first was set to be around the difference frequency we expect to receive
from the frequency-mixing method, and at the second experiment, it was set to the default central-
frequency value of our transducer. The third experiment, with the custom frequency, freceive Was
set to a specific match according to the transmit method. That is, for the dual-frequency transmit,
freceive =1.5 MHz, to detect the difference frequency and for the 2 MHz transmit, freceive =3.5
MHz, to be close enough to detect its 2"¢ harmonic (4 MHz), but not at the end of transducer BW.

In each experiment, the MBs inclusion was imaged with each method. The phantom was
washed between successive acquisitions and a fresh MBs suspension was injected into the
inclusion. Additional US imaging experiments were performed to test the versatility of the
proposed method and for further optimization. For example, the effect of the number of

transmitted angles and MBs concentration were examined.

4.2.1 Microbubble’s preparation

MBs used in this study were prepared as reported in [76] and composed of a phospholipid shell
and a perfluorobutane (C,F;,) gas core, as illustrated in Figure 25 (a).

Briefly, the lipids (2.5 mg per 1 mL) disteroylphosphatidylcholine (DSPC), and 1,2-distearoyl-
sn-glycerol-3-phosphor-ethanolamine-N-[methoxy (polyethylene glycol)-2000] (ammonium

salt) (DSPE-PEG2K) (Sigma Aldrich) were combined at a molar ratio of 90:10 and made using
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a thin-film hydration method. A buffer (mixture of glycerol (10%), propylene glycol (10%), and
saline (80%) (pH 7.4) were added to the lipids and sonicated at 62°C. The MBs precursor solution
was aliquot into vials with a liquid volume of 1 mL and saturated with the gas. Upon use, the
vials were brought to room temperature and shaken for 45 seconds in a vial shaker. MBs were
purified via centrifugation to remove bubbles smaller than 0.5 um in radii. Size selection via

centrifugation was performed to remove MBs larger than 5 um.

Figure 25. Microbubbles (MBs) as ultrasound contrast agents, composed of (a) phospholipid shell and a
perfluorobutane (C,F;,) gas core. (b) MBs (white foam) in a syringe, produced in our lab.

The size and concentration of the purified MBs (Figure 25. (b)), were measured with a
particle counter system (AccuSizer® FX-Nano, Particle Sizing Systems, Entegris, MA, USA).
MB's radius was ~0.8 pum and their concentration ~1 x 101° MBs/ml. The MBs were used within

three hours of their preparation.

4.2.2 Transducer calibration with a hydrophone

Verasonics US system provides control of the output power and voltage. However, for each
hardware it might produce a different pressure output, mainly depending on the transducer’s

characterization, its frequency BW, number of elements, electrical amplifier, etc. To determine
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the relationship between the measured pressure and the emitted electrical pulse, calibration was
done with a wide-band needle hydrophone (NH0200, Precision Acoustics, Dorchester, UK), with
an active aperture of 0.2 mm in a degassed water tank (Figure 26). The hydrophone probe was
mounted on a three-dimensional positioning system (Newport motion controller ESP301,
Newport 443 series). The received pressure signals for different power outputs were recorded
with a digital oscilloscope (MDO3024, Tektronix, OR, USA), and further peak-negative pressure

was extracted from each measurement to perform linear regression.

Holder of a 3D
positioning
system

Hydrophone
needle

Degassed
water tank

P4-1
transducer

Figure 26. Pressure calibration of P4-1 transducer with a hydrophone inside a degassed water tank.

4.2.3 Tissue-mimicking phantom preparation

The phantom was prepared by mixing 1.5% agarose powder (A10752, Alfa Aesar, MA, USA)
with deionized water at ambient temperature. Then, the solution was heated until all powder was
completely dissolved. 1% silicon carbide (357391, Sigma Aldrich, MO, USA) was added to the

solution and thoroughly mixed, to add acoustic scattering. The homogenous solution was poured
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into a stainless steel 90 x 60 x 50 mm? mold that contained a cylindrical 6 mm rod at its center

and allowed to cool at ambient temperature (Figure 27. (b)).

(@)

b) e (c)

Figure 27. Tissue-mimicking phantom for ultrasound imaging experiments. (a) Setup illustration. A phased
array transducer for imaging microbubbles (MBs) suspension injected into a rod inclusion in a tissue-mimicking
phantom. (b) A 3D stainless steel mold with a cooling agar solution (without scatterers) with a cylindrical rod
in the center, which produces its negative in the phantom. (c) Setup image. A tissue-mimicking phantom with
SiC scatterers and a P4-1 phased array transducer controlled by a programmable ultrasound system. The pipettor
aside is used to inject MBs suspension into the cylindrical cavity.

4.2.4 Contrast analysis

Imaging experiments were conducted for five different Ml (0.04 to 0.18) and repeated 4 times
for statistical analysis. Post-processing was used to calculate the inclusion contrast for each
acquisition method, according to (17), whereas the contrast is calculated by the ratio between the
average gray levels of MB inclusion (“cyst” region) and the surrounding background [77], [78].
To do so, the two regions were selected as marked with green and red circles in Figure 28, for all
obtained US images in each experiment. Statistical analyses were performed using Prism9

software (GraphPad Software Inc.). Results are presented as mean £ STD. Statistical tests are
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reported in the relevant captions. P values less than 0.05 were considered significant and were

adjusted for multiple comparisons as indicated in the captions.
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Figure 28. Selection of “Cyst” and “background” regions for US contrast image evaluations. The green circle
marks a region inside the MBs inclusion, and the red circle marks a speckled background outside the inclusion.
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4.2.5 Real-time display of received RF

As a part of PI protocol implementation, to ensure it performs as intended, a real-time display of
the received RF signals and their frequency content was added to the conventional US imaging
GUI. When imaging the MBs (inside the tissue-mimicking phantom), it allows seeing if the
harmonic generation and frequency mixing appears and if the summation of the received
backscattered signals of the transmitted two phased-inverted pulses, cancels the linear
components and remains only the non-linear. Figure 29 presents two examples of this GUI
implementation, obtained during US imaging experiments with the MBs suspension inside a
tissue-mimicking phantom. Subfigures (a),(b), and (c) refer to a dual-frequency transmit of
2&3.5 MHz, whereas (d),(e), and (f) refer to a conventional “single-frequency” transmit of 2
MHz. (a) and (d) display the received RF image for one transmitted Pl sequence (two phased-
inverted pulses). The RF images were constructed from 1024 samples (z-axis) from 96 channels
(elements in x-axis), in grayscale, and performed two dense regions, which are the corresponding

backscattered echoes detected by the transducer, before beamforming.
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Figure 29. A real-time display of received RF signals by 96 elements, for one transmitted sequence, containing
two phase-inverted pulses. (a),(b) and (c) refer to the dual-frequency transmit of 2 MHz & 3.5 MHz, whereas
(d),(e) and (f) refer to a standard transmit of 2 MHz. (a) and (d) are the received RF image from 1024 samples.
(b) and (e) are the received (by the 50" element), two echoes in the time domain (light and dark blue), whereas
the red signal is their sum. (c) and (f) are the average frequency spectrum of the obtained RF data detected by
the central 48 elements.



Subfigures (b) and (e) perform the two backscattered RF signal-responses to the PI pulses,
detected by the 50" element, one on top of the other (light and dark blue), for two transmits
respectively. When enlarging the RF graph, see Figure 30, it can be noted, that there is a phase
delay between the two blue RF signals, as expected for the Pl sequence. In addition, their sum
(red signal) is mainly zero, except for a very specific time region, around the 25 usec, where the
US wave reached the MBs inclusion in the phantom, which responds nonlinearly and therefore,

the echoes of the two signals are not canceled at their sum.

4 «10* RF signals from central channel in Pl implementation
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Figure 30. Zoomed-in display of the received two backscattered RF signals, light and dark blue, corresponding
to the two phase-inverted pulses at one Pl transmit sequence, detected by the central channel in real-time. The
sum of the two echoes is represented by the red signal.

To explore the backscattered signal and its frequency content, Fourier transform (FT) of the
received RF signals was also performed in real-time. An absolute average frequency spectrum of
Pl image acquisition is displayed in subfigures 29. (c) and (f). To do so, FT was calculated
followed by the sum of the two obtained echoes from each channel (FT was calculated on each
channel separately). Then the resulting FT matrix was normalized and averaged. To display the
specific echoes returned from the MBs, the averaging was performed on the 48 central channels

(elements), which were in front of the MBs inclusion in the phantom.
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It can be noticed, that 29. (c) has a significant dominant frequency component around 1.5 MHz,
which is the difference frequency for the dual-frequency transmit 2&3.5 MHz, whereas the
dominant frequency component of the echoes is 29. (f), is about 3.8 MHz, which is close to the
second harmonic of the 2 MHz transmit. As a result of the transducer's BW limitation, its exact

2" harmonic (4 MHz) component, was attenuated.

5 Results

5.1 Simulation results
Three different transmit signals were simulated: 2 MHz, 3.5 MHz, and the dual-frequency 2&3.5
MHz (Figure. 31). All transmits had the same MI of 0.07. The spectral representation of the
excitation signals accurately reflects the transmitted frequencies. These excitation signals
(Figure. 31 (a),(c),(e)), were subsequently used as the input signals for MBs excitation using the
Marmottant model. The MB response to the excitation waveforms was evaluated by their
temporal expansion ratio (Figure. 32 (a),(d),(g)), which is defined by :

R(t)
Ry

Expansion ratio = (35)

where Ro is the resting MB radius, and R(t) is the changing radius as a function of time. Since
the same M1 was used for the excitation of the MBs, almost a similar expansion ratio of 0.85 (<1
for contraction), was achieved for the three different excitation waveforms. The Fourier
transform of the temporal response signals revealed that the MBs spectrum contained the
fundamental frequency as well as the 2nd harmonic for the 2 MHz excitation (Figure. 32(b)).
Since the excitation was only with a single transmit with a positive polarity, the fundamental
frequency (2 MHz) is not canceled and its amplitude is dominant compared to the 2nd harmonic
(4 MHz).
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generated (Figure. 32(h)).

Figure 31. Excitation signals are used in the Marmottant simulation. Axes are common to subfigures (a),(c),(e),
and to (b),(d),(f) respectively. Temporal excitation waveform at a center frequency of (a) 2 MHz, (c) 3.5 MHz,
and (e) a superposition of 2 & 3.5 MHz. The three waveforms have the same mechanical index (Ml) of 0.07.
(b),(d),(f) Frequency domain representation using fast Fourier transform (FFT) of the temporal excitation
signals in (a),(c),(e) respectively.

Notably, since the transducer's BW is 1-4 MHz, and the 2nd harmonic of the 3.5 MHz excitation
is 7 MHz, which is beyond the cutoff frequency of the transducer, its spectrum contained only
the fundamental frequency (Figure. 32(e)). For the dual-frequency excitation, aside from the

fundamental frequency and the 2nd harmonic, the difference frequency at 1.5 MHz is also

Next, the response of MBs to Pl excitation was computed by exciting the MBs with a positive
excitation waveform (+1) and then with a negative excitation waveform (-1), while summing the
MBs responses. As a result, the fundamental frequencies are canceled (Figure. 32(c),(f),(i)). For

the 3.5 MHz frequency, since the 2nd harmonic is not within the transducer BW, the signal is

54



eliminated (Figure. 32(f)). For the dual-frequency Pl imaging, the amplitude of difference
frequency at 1.5 MHz is 2.6 folds higher than the 2nd harmonic at 4 MHz. Interestingly, for the
dual-frequency, the 2nd harmonic of the difference frequency (i.e. 3 MHz), and the subharmonic

of the sum frequency (i.e. 2.7 MHz), are also detected.

Microbubble Response Microbubble Response Pulse Inversion
Time Domain Frequency Domain Frequency Domain
(@) (b) (c)
2 1.05 2 W — 1l 1 —2 MHz
T 3 =
o 1 3, p
So0s n =
2 L 05 Lo5
8 09 @ T
i =
0.85
0 /N 0
0 2 4 6 1 2 3 4 1 2 3 4
(d) (e) (f)
©1.05 —3.5 MH| — 4] —3.5 MHz ] —3.5 MHz
5 e 3
x @, =
5 - -
- [T
2 095 L 05 o5
T 09 i} o
& =
0.85
0 1 2 3 ° 1 2 3 4 ° 1 2 3 4
(9) (h) (i)
2105 — 283.5 MHz ] 283.5 MHz
S —_
s E :
c Z AL
£0.95 E =
Z Losi '\ 05
T 09 a a
T =
Ho.85
0 0
0 2 4 6 1 2 3 4 1 2 3 4
Time [us] Frequency [MHz] Frequency [MHz]

Figure 32. Simulated microbubble (MB) response. Axes are common to subfigures (a),(d),(g), and to (b),(c),(e),(f),(h),(i),
respectively. Temporal MB response, in terms of expansion ratio, when excited by a center frequency of (a) 2 MHz, (d) 3.5
MHz, and (g) a superposition of 2&3.5 MHz. (b),(e),(h) Frequency domain representation of the temporal MB response for
center frequencies of (a),(d),(g), respectively. Frequency response of MB following pulse-Inversion (PI) excitation at center
frequencies of (c) 2 MHz, (f) 3.5 MHz, and (i) 2&3.5 MHz.
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5.2 Experiment results

5.2.1 Hydrophone measurements and spectra validation
For initial validation of the method, multi-cycle excitations were used, resulting in narrow
spectral components, which facilitate the detection of the difference frequency component.
Hydrophone measurements of the transmitted dual-frequency waveform containing a 10-cycle
PW excitation confirmed the presence of the 2 MHz and 3.5 MHz frequency components (Figure.
33(a),(b)). Since the measurement was performed in a water tank without MBs, the spectrum
does not contain the difference frequency. These results are similar to the simulated transmitted

signals (Figure. 31(e),(f)).
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Figure 33. Hydrophone measurement of the transmitted dual-frequency waveform (2&3.5 MHz), with a 10-
cycle plane-wave (PW) excitation. (b) Fast Fourier transform (FFT) of the temporal transmit signal in (a).

To validate the MBs response experimentally, a 10-cycle PW with a frequency of either 2
MHz, 3.5 MHz, or 2&3.5 MHz, was transmitted to image a tissue-mimicking phantom with
inclusion at its center, filled with MBs (Figure. 27). The recorded echoes were captured by the
phased array transducer, and Fourier transform was applied to the received radio frequency
signals in each channel, to display the spectrum in real-time, either for a single PW transmit
Figure. 34(a)), or for P1 HI (Figure. 34(b)). When transmitting a single PW, the spectrum of the

receive contains mainly the fundamental frequency for each transmit (Figure. 34(a)). However,
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in Pl imaging, the difference frequency at 1.5 MHz had the highest amplitude, whereas the second
harmonic for the 3.5 MHz frequency is not detected (Figure. 34(b)), in agreement with the

numerical simulations.
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Figure 34. (a) Received spectrum following a 10 cycle plane-wave (PW) transmission with frequencies of 2
MHz (blue line), 3.5 MHz (orange line), and the dual-frequency 2&3.5 MHz (yellow line). (b) Received
spectrum following pulse inversion (PI) imaging with frequencies of 2 MHz (blue line), 3.5 MHz (orange line),
and the dual-frequency 2&3.5 MHz (yellow line). Axes are common to subfigures (a), and (b).

For imaging applications, a 1-cycle excitation was used to maximize axial resolution and
eliminate the need for additional post-processing. Therefore, hydrophone measurements of a 1-
cycle pulse of 2 MHz, 3.5 MHz, and the dual-frequency 2&3.5 MHz frequencies were recorded
and displayed in Figure 35.
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Figure 35. Hydrophone measurements of 1-cycle transmit pulses, with frequencies of 2 MHz (blue line), 3.5
MHz (orange line), and the dual frequency of 2&3.5 MHz (yellow line).
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5.2.2 Axial resolution experiment

In order to assess the axial resolution for each method, imaging of a 50 um wire target in a water
tank, was performed either with a 2 MHz or 2&3.5 MHz 1-cycle, at a depth of z=45 mm (Figure
36(a),(b)). The FWHM of the results was calculated from the axial cross-sections, yielding values
of 1.05 mm and 1.02 mm for 2 MHz and 2&3.5 MHz, respectively (Figure 36(c)). This result
confirms that the proposed CHI approach does not affect axial resolution, which remained similar

to a single frequency imaging at 2 MHz.

(a) 2 MHz 2835 MHz
40 1
e
£ 0.5
N
50 0
-10 -5 10 10 -5
X [mm] X [mm]
(c) Axial cross section
1 ———2 MHz
283.5 MHz

Normalized Intensity
o
(6]

L

40 45 50
z [mm]

o

Figure 36. Experimental imaging results of a wire target in water at 45mm, obtained using a 1-cycle pulse of 5v
with (a) single-frequency transmit of 2 MHz, and with (b) dual frequency transmit of 2&3.5 MHz. (¢) Normalized
axial cross-section profiles of the blue and yellow dashed lines marked in (a),(b), respectively.

5.2.3 Ultrasound imaging experiments with a tissue-mimicking phantom
After confirming the generation of the difference frequency experimentally, the performance of
the method had to be evaluated for real-time imaging. To do so, a 1- cycle transmission was used

for imaging the MBs-filled inclusion within the tissue-mimicking phantom (Figure. 27(c)).
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5.2.3.1 Linear imaging
Initially, the phantom was imaged using standard linear imaging with coherent compounding at
a center frequency of 2 MHz, 3.5 MHz, 2&3.5 MHz, where a hyperechoic lesion is observed due
to MBs presence, with a strong speckle background. Figure. 37 (b)-(d) are screenshots of those

linear output images from the US system during those tries.

Figure 37. Screenshots of fundamental, linear imaging of a tissue-mimicking phantom with coherent
compounding, provided by Verasonics US system. (a) Before MBs injection and (b)-(d) after. Images were
acquired with 5v at a center frequency of (b) 3.5 MHz, (c),2 MHz, and at (d) 2&3.5 MHz. (e) Ultrasound set-up
for imaging experiments. MBs suspension was injected into a cylindrical cavity in tissue-mimicking agar
phantom with SiC powder, as scatters. The phantom was covered by Neoprene rubber with US gel for noise

reduction caused by air refraction.
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Figure 7(a) is the resulting image before MBs suspension was injected into the cylindrical cavity
(contains pure PBS), therefore, the dark anechoic cyst appearance, instead of the bright
hyperechoic lesion. In addition, during the experiments, it was found that, at high concentrations
of MBs, there is a blockage of the US beam and a shadow appears below the MBs lesion (Figure
37(b)-(d)). Sometimes, it even transforms MB’s circular shape in the image, into a "moon” shape.
Therefore, concentrations were decreased and optimized, such that the obtained image would not
have these artifacts but still have a strong MBs echo-response. Afterward, Pl imaging was
applied, reducing the tissue speckles background and enhancing the MBs signal. At the first
attempts, the resulting P1 images contained artifacts, noise, and MBs inclusion shape was not a
perfect circle. That led to the idea of wrapping the phantom with Neoprene rubber (Figure 37(e)),
which is known for its high acoustic attenuating properties. This insulation material was used to
reduce image noise produced by returning echoes from phantom's boundaries caused by air

refraction.

5.2.3.2 Contrast harmonic imaging and frequency mixing

After solving the noise and MBs concentration issues, the obtained Pl images for the three
different transmits were saved and displayed at a linear scale (Figure. 38(a),(b),(c)) and 50 dB
scale (Figure. 38(d),(e),(f)), as commonly used in the diagnostic US. The first noticeable result
is that, in the 50 dB scale, the background signals from the scatterers in the phantom are not
completely canceled with the Pl technique, but it is so weak that in the linear scale, it is neglected.
In addition, since the 2nd harmonic of the center frequency of 3.5 MHz is beyond the cutoff
frequency of the transducer, Pl imaging with 3.5 MHz transmit (Figure. 38(b),(e)) yield a poor
signal from MBs inclusion, compared to Pl imaging with 2 MHz (Figure. 38(a),(d)) or the dual-

frequency 2&3.5 MHz (Figure. 38(c),(f)) transmits. When comparing the last two (2 MHz and
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2&3.5 MHz) qualitatively, it seems that the MBs signal for the dual-frequency transmit is indeed
slightly stronger than for the 2 MHz transmit. However, when looking at their performances on
a 50 dB scale, the background of the 2&3.5 MHz, has a speckle noise as much as the 2 MHz
background. Therefore, quantitative contrast analyses were calculated for these two Pl images
(Figure. 38(d) and (f)), as described in 4.2.4. The resulted contrast values were 30.9 dB and 33.5

dB in favor of the dual-frequency method.

2 MHz 3.5SMHz 2&3.5MHz
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Figure 38. Exemplary results of pulse inversion (P1) imaging of the MBs inclusion in the tissue-mimicking phantom for
three transmits with a center frequency of (a),(d) 2 MHz; (b),(e) 3.5 MHz and (c),(f) dual-frequency of 2&3.5 MHz. All
images were acquired with a 1-cycle of 5v pulse. (a),(b),(c) are presented in linear scale and (d),(e),(f) in 50 dB scale.
Axes are common to all subfigures.

Because of the transducer’s BW limitation, which leads to the absence of the 2nd harmonic of
the 3.5 MHz transmit, it was decided to continue the following experiments and their contrast
analysis only with the two transmits of the 2 MHz and the dual-frequency transmits. Moreover,

these two transmits are enough to test our hypothesis, by comparing Pl imaging based on the 2nd
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harmonic only against the frequency mixing method, specifically, based on the difference

frequency echoes.

5.2.4 The effect of the receive center-frequency on the contrast
In parallel with the quantitative analysis of the obtained imaging contrast with the proposed
method, we examined also the influence of the center-frequency defined for the receive, fqceive
through three experiments. Figure 39, displays some exampled images obtained with different

transmit and receive frequencies, with the same applied MI:

2&3.5 MHz

hid

[receive=1-SMHZz

freceive=1'5”MHz

-1 10 -5 O 5 10 15 -15 -10 -5 O 5 10 15

X [mm] x [mm]

Figure 39. Exemplary results of pulse inversion (P1) imaging of the tissue-mimicking phantom obtained by
(@),(c),(e) 2 MHz transmit against the (b),(d),(f) dual-frequency of 2&3.5 MHz transmit for the frequency
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mixing effect. The two methods were compared for three receive center frequencies: (a),(b) 1.5 MHz, (c),(d)
2.5 MHz, and (e),(f) adjusted to the expected non-linear frequencies (e) 3.5 MHz for the generation of the 2nd
harmonic at 4 MHz and (f) 1.5 MHz for the generation of the difference frequency at 1.5 MHz.

Subfigures (a),(c), and (e) represent exemplary results of Pl imaging of the tissue-mimicking
phantom obtained by 2 MHz transmit, whereas the (b),(d), and (f) are examples of the 2&3.5
MHz transmit for the frequency mixing effect. The images in Figure 39 were obtained with a
receive frequency of: 1.5 MHz ((a) and (b)), 2.5 MHz ((c) and (d)), and the adjusted frequency((e)
and (f). For the last pair, freceive Was determined according to the expected non-linear
frequencies: (e) 3.5 MHz, for the generation of the 2nd harmonic at 4 MHz, and (f) 1.5 MHz, for
the generation of the difference frequency at 1.5 MHz.

For quantitative evaluation of the two Pl methods for different receive frequency, contrast
ratios, CR [dB], were calculated by (17). The MB's contrast was presented as a function of Ml,
at 2 MHz (orange line), and dual-frequency of 2&3.5 MHz (green line), in Figure 40(b),(d),(f)
with 1.5 MHz, 2.5 MHz, and adjusted receive frequency, respectively. For statistical analysis,
three pairs of Pl images were sampled for each MI. Figure 40 summarizes the all resulted contrast
ratios at the three experiments with the different receive frequencies, for the two Pl methods and
five M1 values, between 0.04 to 0.18. The results are plotted as mean + STD with their obtained
p values, **p <0.01 ***p <0.001, ****p <0.0001, based on two-way ANOVA with Bonferroni’s
multiple comparisons tests. Subfigures (a),(c),(e), contain the detailed lists of the results plotted
in (b),(d),(f), in Figure 40.

In the first experiment, where the receive center-frequency was set to 1.5 MHz (Figure.40
(@),(b)), the P1 with the dual-frequency transmit, achieved a maximal contrast improvement of
3.43 +1.34 dB (p<0.0001). Notably, the contrast at an M1 of 0.18 for the 2 MHz frequency was

27.8 £ 0.7 dB, compared to the contrast at a M1 of 0.04 for the dual-frequency that was 28.85 +
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0.8 dB. This implies that the M1 can be reduced by a factor of 4.5 for the dual-frequency transmit
and the resulting contrast will remain higher than Pl with 2 MHz. At the second experiment,
where the center-frequency was set to 2.5 MHz, the dual-frequency PI achieved a maximal
contrast improvement of 2.84 £ 1.21 dB (p<0.001). At the third experiment, where the receive
center-frequency was adjusted to the transmitted signal, 1.5 MHz / 3.5 MHz for transmit of 2&3.5
MHz / 2 MHz respectively, the dual-frequency PI achieved a maximal contrast improvement of

3.71 + 0.87 dB (p<0.0001).
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Figure 40. The Contrast enhancements with the dual-frequency transmit for the different Ml values and the three
receive center-frequency, are listed in (8)freceive = 1.5 MHZ, (C) freceive = 2.5 MHz and (&) freceive =
1.5/3.5 MHz for the adjusted receive center-frequency. Contrast measurements of the two Pl methods, plotted as
mean + STD with their obtained p values, **p <0.01 ***p <0.001, ****p <0.0001 in (b),(d),(f) for the three receive
center-frequency, respectively.
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5.2.5 MBs concentration optimization

The dependence of the MBs’ concentration on the imaging contrast results was examined through

imaging experiments (of the phantom with the MBs). Three Pl images were acquired for 6
g MBs
ml’

MHz, and 2& 3.5 MHz, applying the same MI of 0.07. The contrast results are summarized in

different concentrations, from 4-105to 1- 10 with the three transmit signals: 2 MHz, 3.5

the following graph :
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Figure 41. Contrast ratio results for 6 different microbubbles (MBs) concentrations in the imaged phantom.
Three transmits are compared: 2 MHz (blue), 3.5 MHz (orange), and frequency mixing with 2&3.5 MHz
(yellow).

It may be noticed, that starting from a concentration of 2 - 10° %, the contrast ratio reaches a
plateau and there is no further improvement, in all three transmits. In addition, starting from 2 -
107 %, there is even a decrease in contrast, due to the blockage of the US waves by the MBs.

The US beam fails to penetrate the entire inclusion and significantly reduces the imaging
performance in all transmits. What is important to note is that our method achieves a higher

contrast for all concentrations.

5.2.6 The effect of the number of transmitted plane-waves

In the main imaging experiments, the coherent compounding was implemented with 9 angles for
the positive pulses emissions and 9 angles for the negative pulses emissions, hence a total of 18

PW emissions. To test the versatility of the method, we examined how the number of angles
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affects the CHI contrast improvement. To do that, we repeated the experiments with 3 angles
PW, vyielding a total of 6 PW emissions. When comparing the 2 MHz and the 2&3.5 MHz
transmits, the frequency mixing method still performed higher contrast results. The general
contrast ratios were lower for both methods, but the dual frequency transmit achieved higher, by

2.8 dB, results (Figure 42).
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Figure 42. Contrast ratio results for 3 angled plane-waves for (a) 2 MHz (blue) and (b) 2&3.5 MHz(yellow).

6 Discussion

CHI with MBs is a growing field with many clinical applications including vascular imaging
[79], cancer diagnosis and monitoring [80], [81], cardiac imaging [82], and super-resolution
imaging [83]. This method offers higher contrast, sensitivity, and specificity compared to
standard HI. Yet, it suffers from reduced contrast due to tissue nonlinearity and weaker harmonic
signals compared to the fundamental frequency. In this study, we developed an enhanced CHI

method by triggering an additional mechanism of frequency mixing that adds nonlinear
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components and amplifies the MBs signal for a greater image contrast enhancement. Due to
advances in US programmable systems, greater freedom and flexibility in designing custom pulse
sequences and imaging methods now exist. The implementation of the method in real-time using
a single array transducer was feasible here due to the AWG feature in the programmable system
that enables control of the transmit of custom pulse sequences to individual elements, precisely.
This facilitates the development of new imaging methods that were not applicable in the past
[84]. Here, the frequency mixing mechanism was generated by exciting the MBs with a dual
frequency waveform that was engineered as the superposition of two different frequencies and
transmitted via the AWG in the programmable US system. Notably, while the method requires a
custom transmit, on receive, standard dynamic beamforming was used. Hence, no additional
post-processing was required and the built-in beamformer displayed the image in real-time .
Our approach has several advantages over previous works. While most dual-frequency
excitations were performed by mechanically aligning two single element transducers combined
with the mechanical movement of the sample [19], [69], in this study, the method is implemented
using a single transducer that can be electronically steered. Furthermore, it does not require
dividing the transducer elements into two groups for each frequency component but rather uses
the entire aperture to transmit the frequency multiplexed waveforms [85]. Further, 1-cycle
excitation can be used here, eliminating the need for filtering and additional post-processing
when using multi-cycle transmissions [13], [19], [41], [86]. This is a major step towards a
practical implementation, that had not been demonstrated previously, and is a paradigm shift in
implementing dual-frequency excitations with a single array transducer. Moreover, since the
method utilizes coherent compounding of angled PW, and does not require focusing, the obtained

frame rate is enhanced .
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The method was implemented with a broadband transducer (P4-1), to include both
transmitted frequencies (2 and 3.5 MHz), as well as their difference frequency (1.5 MHz). The
method is likely applicable for any other commercially available broadband transducer, given an
informed choice of the transmitted frequencies and the difference frequencies. Conversely, array-
based dual frequency transducers are currently being developed and might further enhance the
method’s performance [87], [88].

Another important contribution of the proposed method is that it allows better utilization of
the transducer's bandwidth. For example, since the transducer used in this study has a bandwidth
of 1-4 MHz, CHI at a frequency of 3.5 MHz is not feasible since its harmonics are beyond the
transducer bandwidth. However, by taking advantage of the frequency mixing effect, we can use
this frequency, enabling an effective usage of the transducer’s bandwidth.

Numerical simulations were performed to assess the MB response to a dual-frequency
excitation and confirmed the generation of the difference frequency, both when transmitting PW
or when using PI CHI (Figure 32. (h),(i)). To accurately compare the different excitation
frequencies, all waveforms were transmitted with the same M, such that the resulting expansion
ratios remained similar. It should be noted that the sum frequency is also generated, however, the
difference frequency has a lower attenuation and was reported previously to improve image
quality in general HI [17] and hence was the focus of our study. The tissue-mimicking phantom
experiments with the MBs-filled inclusion aimed to affirm the numerical simulations via an
experimental observation and to assess the method’s performance when used for imaging with a
1-cycle transmission (Figure 35-42). To validate the generation of the difference frequency
experimentally, a multi-cycle waveform was transmitted either for 2 MHz, 3.5 MHz, or 2&3.5

MHz. The received radio frequency signals were captured by the transducer and displayed in
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real-time (Figures 29 and 30), for validating the numerical simulations and revealing that the
difference frequency has a higher amplitude compared to the standard 2nd harmonics (Figure 34.
(b)).

Imaging of the MBs-filled inclusion was performed with PI CHI based on coherent
compounding of angled PW (Figure 38). Implementation of CHI can be performed using multiple
approaches, such as PI, contrast pulse sequencing, and amplitude modulation [89]. Although as
a proof of concept we chose to use Pl, the method is general and can be compatible with the other
CHI techniques, and in the future might be incorporated into advanced CHI methods [90]. Since
the 2nd harmonic of 3.5 MHz was beyond the cutoff frequency of the transducer, the received
MBs signal in the Pl image (Figure 38. (b) and (e)), was significantly lower than the 2nd
harmonic of the 2 MHz frequency or the difference frequency of the dual-frequency transmit.

One of the main considerations when developing the PI imaging protocol, was to decide
which center-frequency should be set for the receive, because it is not necessarily, has to be the
same as in the transmit. Moreover, since we perform CHI and not fundamental imaging, the
frequency components from the echoes that form the Pl image are different from the transmitted
center-frequency and therefore, setting it around the expected frequencies at the receive, may
optimize the nonlinear image construction and reduce remained linear signals, that are likely to
be removed. From all mentioned above, three different receive center-frequencies were tested
through three Pl imaging experiments, in addition to the two transmit methods comparison. All
three experiments performed a significant contrast improvement for the dual-frequency transmit,
in the range of 1.94 dB to 3.71dB (Figure 40). Since the improvements were relatively similar, it
can be concluded, that the receive center-frequency does not drastically affect the contrast

improvement results. Moreover, it confirms our claim, that the contrast enhancement is achieved
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due to the frequency mixing effect and not because of the transducer BW. Notably, the maximal
improvement was achieved when the receive center-frequency was set to 1.5 MHz, which is the
difference frequency

All imaging results confirm that Pl can suppress tissue background (e.g., Figure 38)
compared to standard coherent compounding of the phantom (Figure 37). In addition, the dual-
frequency transmit (e.g., Figure 39. (b),(d),(f)), enhances MBs signal, yielding a brighter
inclusion compared to Pl with a single frequency of 2 MHz (e.g., Figure 39. (a),(c),(e)). This is
attributed to the generation of the difference frequency in addition to the standard 2nd harmonic.
Quantitative evaluation of the method’s performance in terms of contrast as a function of the MI
(Figures 40), yielded a maximal contrast improvement of 3.71 + 0.87 dB (p<0.0001). The results
also confirm that for the dual-frequency transmit, the MI can be reduced by a factor of 4.5 and
the contrast will remain higher than conventional PI CHI with a single frequency transmit. Thus,
the method is applicable for imaging under poor conditions with low MI.

One limitation in this work was the high sensitivity to MB's concentrations, their movement,
exploding, and floating, which affect the imaging performance. Therefore, MBs were replaced
frequently and mixed with a pipette between each acquisition.

As for the versatility of the proposed method, it was confirmed that its advantage over the
conventional Pl imaging with a single frequency transmit, is achieved also for a variety of MBs

concentrations and even when reducing to 3 PW angels imaging instead of 9.

Conclusions and future work

This thesis performed a study and development of an enhanced CHI method using MB contrast
agents by triggering a nonlinear frequency mixing mechanism that amplifies their signal. The

method is incorporated into a standard Pl sequence, yet instead of transmitting a single frequency,
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the waveform is replaced by a superposition of two frequencies. The resulting contrast is
improved by a maximal 3.71 dB, without any additional post-processing. Thus, the method can
be implemented in real-time on programmable US systems, and facilitate MBs-based CHI, while
reducing the required M1 by 4.5 folds. Therefore, the method can be applied to applications where
contrast harmonic imaging is used and improve the resulting image contrast while decreasing the
transmitted mechanical index. Specific applications of the method include abdominal imaging of
obese patients [91]. The difference frequency has a lower attenuation and thus is likely to perform
well in the variety of tissues that exist in vivo, yielding a higher image quality. Additionally, the
method is likely to facilitate applications where low microbubbles concentrations are used such
as in ultrasound localization microscopy [92]. Implementing the method for super-resolution and
in vivo ultrasound imaging, will be evaluated in future studies. Moreover, the method can be
beneficial for imaging clinical conditions that limit perfusion, which result in a low contrast
image, such as acute coronary syndrome, vascular stenosis, and thrombosis [93]-[95].

The aim of the paper was to provide a proof of concept for the developed method, by testing
its performance in numerical simulations, hydrophone measurements, and tissue-mimicking
phantom experiments. In a future study, we will focus on applying the method in vivo, and
evaluating its performance. The ability to image moving objects depends on the frame rate and
the flow velocity. Since our implementation of Pl has used a typical coherent compounding
script, which is known for its advantages of high frame rate and has been previously demonstrated
in-vivo imaging with MBs [52], we anticipate that our method could be able to succeed as well.
Furthermore, the difference frequency has a lower attenuation and thus is likely to perform well
in the variety of tissues that exist in vivo. Future work may also include optimizing the proposed

method and the experimental set-up for a better contrast performance for example, by using a
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wider bandwidth transducer, to detect also the generated sum frequency, in order to strengthen
the MB’s backscattered signal even more.

Contrast harmonic imaging is becoming a standard in all modern US devices and its
advantages over the standard, linear imaging, have been demonstrated in breast, axillary lymph
node, thyroid, hepatobiliary, pancreatic, genitourinary, cardiac, pediatric, and more imaging
applications [9]. Therefore, new enhancements and improvements of this method can make it

even more useful and essential in practice.
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