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Abstract

Visualizing the microvasculature can aid the diagnosis and therapeutic monitoring of diseases
with aberrant blood vessel proliferation or cardiovascular conditions. Super-resolution ultra-
sound (SRUS) imaging has been demonstrated to reveal microvascular structures and flow with

sub-diffraction resolution in deep tissues by identifying spatially separated ultrasonic contrast

agents (UCA).

However, the clinical translation of this technology is hindered by various issues including the
limited view of conventional 2D US imaging, the expensive equipment and computational cost

of 3D US imaging, as well as the low detection efficiency of UCA.

The research was first focused on developing new imaging methods. A projection SRUS imag-
ing approach was proposed, demonstrating the ability to expand the field of view to a level
comparable to 3D SRUS imaging while maintaining the hardware and computing costs equal
to the 2D SRUS imaging level, using the proposed new type of probe. The proposed approach
was evaluated in simulation, in vitro, and in vivo. Results indicate that the proposed approach
can visualize microvessels in a similar 3D volume as a fully 3D approach but with over an order
of magnitude less transducer complexity and computational cost. Following that, an extension
of this projection approach was proposed, using a revised design of the probe. The simulation,
in vitro, and in vivo results show that improved imaging performance can be achieved with a

minor cost increment.

Next, this study explored the use of a new type of contrast agent in SRUS. The performance of
conventional commercialized polydispersed microbubbles versus recently developed monodis-
persed microbubbles was compared in 2D and 3D SRUS. Our initial results show that this new
type of monodispersed contrast agent used in this study did not provide a significant advantage

over existing ones in improving the UCA detection efficiency.
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Chapter 1

Introduction

1.1 Motivation and Objectives

Visualizing the microvasculature can assist with the diagnosis, therapeutic monitoring, and
follow-up of disorders that have aberrant blood vessel conditions. Many Back in 2013, early
studies demonstrated the ability of Super-Resolution Ultrasound (SRUS) imaging to super
resolve microvasculature in depth in vitro [1, 2] and in vivo [3, 4, 5, 6, 7, 8] by localizing
the spatially isolated contrast agents signals. Then researchers applied this imaging tech-
nique on different animal models preclinically and pilot studies clinically, including oncology
9, 10, 11, 12], neurology [13, 14, 15, 16] and cardiology [17, 18].

However, one limitation of this technique is the long acquisition time that hinders clinical
translation [19]], due to the requirement of the sparsity of contrast agents that results in slow
accumulation of localizations to form a final SRUS image. Researchers have tried to use ad-
vanced filtering methods [20], sparsity-based algorithms [21] and deep-learning tools without
structural priors [22] to improve the separation of contrast agents during the post-processing
stage. However, the problem of the filtering method is the ignorance of MB nonlinearity, and
the imperfect performance of the filter may overestimate the intensity of larger vessels due to
the accumulation effect. The sparsity-based method improves the acquisition time at the cost

of the microvessel structural completeness. Besides, the deep learning methods rely on high-

1



2 Chapter 1. Introduction

quality training data. As demonstrated in [23], a long short-term memory neural network was
used to exploit the spatiotemporal characteristics of microbubbles with higher concentration,
providing a higher image reconstruction speed (~160 ms). However, the risk is that when the
vessels twist or when the MB information is sparse in certain vessels, the model will generate
artifact vessels that do not exist. Since the model was trained on specific organ data, struc-
tural bias will be introduced whenever the vessel distribution in the validation dataset varies.
Therefore, how to make these neural network methods more adaptive and generally applicable
still needs investigation.

Another limitation is that most research generates 2D images, which are partial visualizations

0.02

— 0.01

— 0.0e+00

Figure 1.1: Comparison of Porcine Heart in 2D and 3D SRUS

of often complex 3D structures, due to the complexity and high cost of a typical 2D matrix
array probe and data acquisition hardware. Fig 1.1 compares the 2D and 3D SRUS images
on the same imaging object, where 2D SRUS can only capture segments of the 3D vessels.
Although 3D SRUS imaging has brought benefits including larger volume coverage and the

ability to track contrast agents in and out-of-plane, the fabrication of customized probes [24]
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or matrix array probes [25, 26, 27, 17, 16], the acquisition hardware required and the following
computational costs in 3D are expensive.

To address the problem of volumetric coverage, this thesis proposed broad elevation protection
SR and multi-aperture projection SR using a 1D array and a 1.75D array, respectively. Results
show that the proposed methods can combine the low-cost benefit of 2D SRUS imaging and
the broader volume coverage of 3D SRUS imaging. These techniques could have the potential
to facilitate the clinical translation of super-resolution ultrasound imaging.

For the other problem, this thesis explores using mono-dispersed microbubbles in super-resolution
ultrasound imaging and investigates if it can be used to reduce the acquisition time during the

imaging process and if it can improve the SR imaging performance.

1.2 Statement of Originality

We state here that all the research work presented here is my work except where work by others

has been properly acknowledged.

1.3 Copyright Declaration

The copyright of this thesis rests with the author. Unless otherwise indicated, its contents
are licensed under a Creative Commons Attribution-Non Commercial 4.0 International Licence
(CC BY-NCO).

Under this licence, you may copy and redistribute the material in any medium or format. You
may also create and distribute modified versions of the work. This is on the condition that:
you credit the author and do not use it, or any derivative works, for a commercial purpose.
When reusing or sharing this work, ensure you make the licence terms clear to others by naming
the licence and linking to the licence text. Where a work has been adapted, you should indicate
that the work has been changed and describe those changes.

Please seek permission from the copyright holder for uses of this work that are not included in
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this licence or permitted under UK Copyright Law.



Chapter 2

Background Theory

2.1 Microvasculature

Microvasculature plays a critical role via microcirculation from many perspectives, including
delivery of nutrients, removal of waste products between the blood and surrounding tissues
[28], oxygen distributions [29], as well as cellular communications [30]. Fig 2.1 shows the
crucial functions of the microvasculature [31]. Structural alteration in the microvasculature

may indicate impaired tissue perfusion, tissue damage, and even cancer.

In detail, new capillaries growing from the existing vascular network, known as the angiogenesis
process, will help feed the growth of cancer cells [32], since the proliferation and metastatic
spread of cancer cells depends on the adequate supply of oxygen and nutrients and the removal
of waste products [33]. Fig 2.2 and Fig 2.3 show the normal architecture and pathological
tumor architecture of the brain using a light microscope, respectively. Fig 2.2(a-b) shows the
2D slices of the normal tissue, little vessel segments can be found compared to the enriched 3D
vessel network in Fig 2.2(c-d). Tumour histological sections in Fig 2.3(c-d) show substantial

aberrant density and proliferative behaviour.

Microcirculation dysfunction is also the key predictor of pathophysiologic conditions such as

sepsis and acute heart failure [35]. Besides, diagnosis of diabetes is also assisted by assessing

5



6 Chapter 2. Background Theory
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Figure 2.2: The 2D histological sections of normal (a) cerebral white and (b) neocortical grey
matter stained for endothelium and corresponding 3D reconstructions of the microvascular
architecture (¢ and d) using a light microscope, volume of box: 494 x 370 x 200 um, referenced
from [34].

the microvascular function, particularly the microvascular function of the retinal, renal, and
peripheral nervous systems [36, 37, 38]. For example, increased diameter of retinal venule, and
pathological neovascularization that advance to retinal hemorrhage, were associated with inci-
dent diabetes and impaired fasting glucose [39, 40]. And persistent reduction in renal perfusion

was linked to type-2 diabetes [41]. Diabetic neuropathy is implied by pathological changes like
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Figure 2.3: The 2D histological sections of (a) hemangioblastoma and (b) glioblastoma mul-
tiforme stained for endothelium and corresponding 3D reconstructions of the microvascular
architecture (¢ and d) using a light microscope, volume of box: 494 x 370 x 200 pum, referenced
from [34].

the loss of nerve fibers [42] and abnormal neurovascular blood flow that may cause ischemic-
neuronal damage [43].

Myocardial imaging also plays a key role in cardiac diagnosis, where ischemic heart disease is
the primary cause of heart failure in more than half of patients in North America and Europe
[44]. Nevertheless, multiple studies indicate that as the nervous system ages, the microvascu-
lature in certain brain regions becomes rare and the remaining vessels may undergo structural
changes leading to a decrease in cerebral blood flow (CBF) [45].

Apart from the density change and perfusion dysfunction, another observation is that vascula-
ture associated with a range of malignancies are irregularly shaped [46], either larger amplitude
curves with sharp direction change, with close distances between endpoints, or high-frequency
wiggles that produce a high curvature per unit distance (see Fig 2.3(d)) [47]. In addition,
tortuosity anomalies can be present in early-stage cancers, extending beyond the margins and
affecting the surrounding tissue, which suggests that assessing tortuosity can detect even small
malignant tumours [47]. More specifically, retinal vascular tortuosity is considered one of the
most crucial signs for detecting diabetes [41, 48]. Evidence also indicates that Alzheimer’s
disease is a vascular disorder with neurodegenerative consequences, rather than a neurodegen-

erative disorder with vascular consequences [49]. Vascular changes, including not only decreased
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vascular density but also the presence of atrophic and coiling vessels were consistently noted in
Alzheimer’s disease(AD) [50].

Therefore, visualizing the structure - either density or tortuosity of the microvasculature and
measuring the microcirculation condition using advanced imaging technique will help under-
stand the progression of microangiopathy and the critical pathophysiological processes involved,

benefiting the diagnosis and treatments for a variety of diseases as mentioned above.

2.2 Microvascular Imaging Techniques

Different imaging modalities are being used for vascular imaging, such as optics, photoacoustic,
magnetic resonance imaging (MRI), X-ray, and computed tomography (CT). Many general
reviews [51, 52] have illustrated these main technologies and their distinct challenges that

currently exist, which are summarised below.

2.2.1 Optics

Optical imaging is the imaging modality that can provide the highest spatial resolution and
is mainly used for superficial imaging and subsurface imaging. Fluorescence microscopy tech-
niques such as photoactivated localization microscopy (PALM) [53] has been investigated for
intracellular imaging and optical coherence tomography (OCT) [54, 55] has been widely inves-
tigated for microvascular imaging.

PALM can overcome the light diffraction limit by localizing isolated fluorophores on a large
number of microscope images and achieve a resolution at around 10 nm [53]. However, it is
mainly used for live cell imaging. Its ultrasound analog, Super-Resolution Ultrasound (SRUS)
or Ultrasound Localization Microscopy (ULM) [56, 57] will be discussed in detail later in this
chapter.

In OCT, a short pulse light signal is transmitted through two paths, and then the reflected light
traveling from these two paths can avoid interference within a distance of micrometers, being

able to be resolved at a level of 1-15 pm [58]. Thereafter, reflectivity profiles and images can be
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reconstructed by analyzing the interference patterns. It is specifically useful for morphological
tissue imaging with millimeter penetration depth, such as soft tissue of the oral cavity [59], skin
[60], and retina [61, 62].

To characterize the blood flow, doppler OCT, also known as optical doppler tomography [63, 64]
was later developed by calculating the phase difference between adjacent scans, enabling func-
tional imaging of blood flow in skin [65] and retina [66].

However, this imaging modality is always constrained by the limited imaging depth (1-2 mm)

and thus its clinical applications in deeper tissue microvasculature imaging.

2.2.2 Photoacoustic

Photoacoustic (PA) Imaging is a recently developed imaging modality that can be used for
microvascular imaging [67, 68|. It combines the benefits of high contrast of optical imaging and
the deeper penetration depth of ultrasound imaging.

In PA imaging, laser pulses are used to irradiate tissue and cause the temperature to increase.
Then the heat induces thermoelastic expansion of tissue that emits ultrasound waves. These
ultrasound signals are received by the ultrasound transducer as a part of the PA imaging sys-
tem. After that, the PA image can be reconstructed by analyzing the time-of-arrival of the
signals as conventional ultrasound image reconstruction.

Chromophores such as hemoglobin and melanin can absorb light more strongly than other
chromophores and therefore can be used as PA contrast agents [69]. To further improve the
contrast, organic dyes like indocyanine green(ICG) [70] and methylene blue [71] can be used
as targeted contrast agents with specific bandwidth clinically. With the help of these contrast
agents, PA has been applied to imaging breast [72, 73, 74], skin [75] and retinal [76] morpho-
logically and functionally.

Although having the benefit of higher contrast inherited from optics, this imaging modality
is still constrained by the imaging depth and hence its clinical application. Another impor-
tant biohazard consideration of this relatively novel imaging technique is the non-standardized

tissue-specific laser safety limits [77]. The American National Standards Institute (ANSI) de-
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fined a gentle limit for the retinal and skin tissue only [78], but currently, there are no clinical
FDA-approved PA imaging systems to perform retinal imaging due to safety concerns [79].
However, the present safety restrictions would reduce imaging capability for deeper targets.
For example, visualizing the major blood vessels in the liver, where it is challenging to differ-
entiate it from the surrounding tissue during surgery and thus cause liver damage. PA imaging
can guide this intervention and reduce the damage, however, the operating level needed exceeds

the safety limit [80].

2.2.3 MRI

Magnetic Resonance Imaging (MRI) [81, 82] is one of the most popular non-ionizing medical
imaging techniques in clinics. It can offer high spatial resolution with excellent depth penetra-
tion.

In MRI, radio frequency pulses are transmitted to cause atomic nuclei such as hydrogen atoms
to be realigned to a specific direction. This is called the polarization process, during which RF
echoes are emitted and detected by the MRI machine. As hydrogen atoms are abundant in the
human body (water and fat), it is very popular to image areas with soft tissue.

To enhance the contrast of MRI images, contrast agents [83, 84] like Gadolinium [85] and Iron
oxide [86] were introduced to MRI to improve the characterization of tumor vasculature [87].
Then phase contrast MRI [88] was developed to quantify flow volume and flow rate [89]. To
imaging vasculature, Magnetic Resonance angiography (MR angiography) [90] was shown to
be able to detect left main coronary artery disease with high sensitivity and specificity [91] and
could achieve a resolution of around 1 mm [92].

Functional MRI [93] was recently developed to show cerebral blood flow changes in the brain
[94] and is currently being commonly used in neuroimaging for cognitive research [95]. However,
even using a high-field MRI device, the resolution is still limited at the sub-millimeter level [96].
Its ultrasound analog, functional Ultrasound Imaging (fUS) [97] will also be introduced in the
later part of this chapter.

However, one basic restriction of this imaging technique is the adverse dependency between the
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spatial resolution, scanning time and SNR, which can be described as below:

SNR ~ AV x VTA (2.2.1)

where SN R means the signal-to-noise (SNR) ratio, AV means the voxel size that is inversely
proportional to the resolution, T'TA means the acquisition time. To achieve the desired level
of SNR, operators can either reduce the scanning step size or increase the scanning time. Al-
though both are time-consuming, operators typically prefer to increase the scanning time, which
is already longer than other imaging modalities. Another hardware issue is that the gradient
strength is limited to 300 mT/m on clinical scanners, restricting the minimum slice thickness
and sufficient spatial resolution [98].

High-field MRI can partially compensate for the SNR, but may induce undesired heating haz-
ards. The other limitation is the expensive cost as most high-field scanners employ supercon-
ducting magnets, which need additional high-power infrastructure and are sensitive to vibra-
tions and adjacent ferromagnetic objects [99]. As the software advances including compressed
sensing and deep learning reconstruction, and post-processing methods develop, lower-field
machines have regained the interest and have shown to have high performance clinically [100].
However, for visualizing microvasculature, high-field MRI would be ideal, as a study has re-
vealed that even utilizing a 3T equipment, MA angiography still missed many fine perforating
arteries [101]. Therefore, MRI is currently unsuitable for microvascular imaging so far due to the
limited spatial resolution (< 1mm), the high cost of MRI machines, and ongoing maintenance

expenses.

2.2.4 X-ray

X-ray [102] is another main imaging technique used broadly in clinics. In X-ray imaging,
generators project the X-ray beam onto the imaging object. As harder, denser structures and
soft tissues have different absorption and attenuation coefficients, different amounts of energy
will pass through the imaging object and be detected. Then these differences can be used to

reconstruct the images with contrast. X-ray projectional radiography [103] and X-ray computed
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tomography (X-ray CT) [104] are the two primary X-ray imaging methods.

X-ray Projectional Radiography
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Figure 2.4: Imaging activity happened between March 2021 to March 2022 in England [105].

According to the NHS statisorthopedicsUK [105], X-ray projection radiography remains the

most common diagnostic tool, thanks to its low cost and valuable diagnostic information. Fig

2.4 shows the imaging activity that happened between March 2021 to March 2022 in England.

X-ray imaging, which specifically refers to X-ray Projection Radiography, is separated from

CT scans in statistical analysis and is almost three times more popular than the latter. It

is specifically useful for morphological examinations in orthopaedics, dental, lung, and breast

diseases. It is also used to visualize blood flow in the aorta [106, 107] and pulmonary [108].

To visualize microvasculature, synchrotron-based X-ray using an advanced nanoparticle con-

trast agent was able to reveal microvessels with a 20 pmm diameter and extravascular diffusion

in the leg tumour [109]. Although promising, the synthetic approaches for these advanced

contrasting nanoparticles require further development for large-scale, low-cost manufacturing.

Related imaging research should focus more on the direction of clinical implementation [110].
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X-ray CT

In the USA [111], X-ray CT examinations have doubled during the past decade thanks to its
higher resolution compared to X-ray Projectional Radiography. Multi-slice scan [112], fan-beam
scan, or cone-beam scan are used to reduce the effective slice thickness between truncated pro-
jections, reducing the blurriness in the reconstructed images. the resolution of this imaging
technique can be further improved using advanced reconstruction methods like filtered back-
propagation [113]. CT-related vascular imaging techniques are cheaper than MRI and can
image deeper than optical imaging.

To enhance the imaging contrast, contrast agents like iodine and barium [114] were also intro-
duced to this imaging modality and enabled the quantification of blood flow [115] and perfusion
imaging [116]. With the help of these contrast agents, synchrotron X-ray tomography was able
to obtain 3D vascular cortical network with a resolution of several cubic millimetres [117].
One technique for visualizing vasculature using CT, known as CT angiography [118], is the
main tool in diagnosing coronary artery disease [119]. However, this imaging technique can
only achieve a resolution around 500 gm [120] or 150 pm with ultra-high-resolution machine
[121], disabling imaging of the majority of microvasculature that is usually smaller than 200
pm [122].

Micro-computed tomography (micro-CT) is another advanced technique that is demonstrated
to visualize a 5 pm wire target [123] and the microvasculature of small animals and can show
the details down to the 20 pm voxel limit on rat lung [124]. However, there are still certain
distances to be covered when using micro-CT scanning involving soft tissues in vivo or clinically
[125]. First, the size of the specimen is limited to a tiny scale in micro-CT. Secondly, in clinical
scanners, the imaging object stays stationary while the X-ray source and the detector move
around it, whereas in micro-CT, the scanned specimen is mechanically stabilized and rotated.
Finally, most micro-CT uses tubes with very small focus spots, which results in a significant
amount of scanning time needed. Furthermore, smaller voxels require an increase in the to-
tal number of photons, resulting in the energy of the X-rays used in micro-CT imaging being
extremely high [126, 127]. At the same time, specimens preserved in formalin solutions and

stained by the acidic solution may undergo volume shrinkage during the long imaging process
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[128], which may introduce variability and affect the in vivo and clinical application studies.
Another shortcoming of this time-consuming imaging procedure is the inadequate temporal
resolution, which is still several seconds after technical innovations [129]. This limits its ca-
pacity to disclose microvascular flow conditions. Overall, despite the ability to achieve high
enough resolution for microvascular visualization, this imaging technique will be confined to
morphological specimen imaging at this stage.

Compared to X-ray projectional radiography, CT-scans increase the radiation dose exposure
[130], the CT machine is less available, and the examination is more costly. However, the pro-
jected view of the 3D anatomical structure provided by X-ray radiography may be less sensitive
to certain abnormal situations [131]. As advanced reconstruction and post-processing methods
develop, X-ray radiography images are trained to unveil more abnormal features via deep learn-
ing networks, which have demonstrated efficiency during the diagnosis of the COVID-19 disease
[132]. They are also used to reconstruct 3D images that CT can generate via parametric and
statistical models [133] or convolutional neural networks (CNN) [134, 135]. On the contrary,
researchers also try to reduce the radiation dose of CT by reducing the number of projections
while maintaining the necessary reconstructed image quality during the CT imaging process
[136].

But one problem of the X-ray imaging technique is the biodistribution and toxicity of the con-
trast agents it uses. Studies showed that X-ray radiation may cause chronic kidney disease
when using the most common iodine-based contrast agents [137]. And even gold nanoparticles
that are claimed to be safer can cause side effects when the dose is not well-controlled [138, 139].
Therefore, an imaging technique that can balance the spatial and temporal reslution for mi-

crovasculature imaging, while using more biofriendly contrast agents would be preferred.

2.2.5 Summary

To summarize, optical imaging can scan microvasculature for superficial imaging. Photoacous-

tic imaging can image deeper, but the successful broader translation requires further safety
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investigations. MRI may visualize small vessels with a resolution of ~100 pum using a high-
field machine, which is expensive and less accessible. X-ray imaging techniques can achieve
resolutions of several microns, but have the issue of radiation exposure and contrast agent
biocompatibility. Leaving a technology gap in the ability to image microvascular with deeper
penetration depth to visualize tissue inside, while having the advantages over non-ionizing
radiation exposure, accessibility, and good temporal resolution, using biocompatible contrast

agents, which can be filled by ultrasound imaging techniques.

2.3 Ultrasound Imaging

Ultrasound is another main imaging technique that the examinations almost doubled in the

USA during the past decade thanks to its portable characteristic and advances in relevant signal

Pulse Transmit (Tx) PRSIl
Generator Beamformer 1

processing techniques [111].

. HER

\_m__ Receive (Rcv)
Beamformer Display

Figure 2.5: Overview of a US system pipeline.

Fig 2.5 shows an overview of a US system pipeline. In transmission, the Transmit beamformer
is used to control the electronic focus for each element. Once the delay is defined, the pulse
generator transmits excitation signals with a specific frequency, number of pulse cycles, pulse
repetition frequency (PRF) and amplitude (voltage). Then the electrical pulse is translated
into mechanical stress by the PZT element, which is called the piezoelectric (PZT) effect.

Once the transmission is done, the synchronized Tx/Rcv switch will switch to receive mode until
the current pulse repetition period is finished. During this process, the PZT element translates

the mechanical echoes emitted from the imaging medium into electrical signals. Then analog-
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to-digital converter converts the electricity into digital signals. Then the receive beamformer
aligns the signals with appropriate time delays and summed together, reconstructing the ultra-
sound images. This process is usually implemented on application-specific integrated circuits
(ASICs) or field-programmable gate arrays (FPGA) [140].

The following part focuses on the most relevant basics for this thesis, including the mecha-
nisms of the transducer, contrast agents and contrast-enhanced imaging techniques, and most

importantly, Super-Resolution Ultrasound.

2.3.1 Transducer

There are different materials can be used to fabricate transducers. The most common materials
are the ones having the piezoelectric effect like crystals [141], ceramics [142, 143], polymers
[144], composite [145] and most commonly lead zirconate titanate (PZT) [146]. They can
convert mechanical energy into electrical energy and vice versa. Another recently developed
technology, known as capacitive micromachined ultrasonic transducer (CMUT) [147, 148] uses
material like silicon, and translates energy by applying voltages to induce capacitance changes
and thus membrane vibrations.

By comparison, the latter material is less sensitive, has a broader bandwidth, and could achieve
higher frequency thus improving the imaging resolution [149]. Besides, using CMUT material
makes it easier to fabricate 2D arrays with individual electrical connections and the ability
to integrate with electronics [147]. As a combination of the higher sensitivity of PZT and
easier electronic integration of CMUT, the piezoelectric micromachined ultrasonic transducer
(PMUT) has recently developed [150]. However, PMUT develops slower in practice due to
challenges such as the manufacturing difficulty of high-frequency thin films, and the fabrication
is carried out on special equipment with significant set-up costs [151], while the PZT type of
transducer still dominates the market thanks to its manufacturing maturity. For the rest of the
thesis, I will focus on PZT transducers, although the imaging methods described in this thesis

can be applied to other materials of transducers too.
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Transducer Components
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Figure 2.6: Components of the PZT ultrasound transducer.

As shown in Fig 2.6, transducers are composed of passive layers, a PZT layer, and a backing
layer. The passive layers include the acoustic lens and the matching layer. The acoustic lens
works as a protective layer and also enables focusing along the elevational direction to thin
the slice and improve the elevational resolution. The matching layer is used to improve the
acoustic impedance mismatch, enabling efficient transmission between the PZT and the imaging
medium, and reducing the reflections at the interface.

The PZT layer is where the energy translation happens. The number and arrangement of active
PZT elements can create different types of transducers [152, 153].

The backing layer is designed to isolate the PZT element and the casing of the transducer to
reduce the reflections between them, thus shortening the pulse length and improving the axial
resolution. However, this also causes a broad bandwidth problem when processing the data in

the frequency domain.

1D Transducer Arrays

There are three basic types of 1D array transducers, linear array, curved (convex) array, and
phased array probe as shown in Fig 2.7. The linear array has a flat front alignment and can

provide a rectangular format image. Whereas a convex curved array, with a small footprint,
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A. Linear B. Convex C.Phase

Figure 2.7: Different 1D array probes [154].
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Figure 2.8: Schematization of a linear array probe.

can generate a sector imaging area with a broader imaging field at a deeper imaging depth,
therefore, it is popular for abdominal imaging. A phased array has the smallest footprint and
thus is popular for cardiac imaging.

Fig 2.8 shows the schematization of a linear array, referenced from [154]. If the element width
is smaller than the wavelength, strong side lobes would appear. Similarly, if the element
pitch exceeds wavelength/2, grating lobes would appear. Both phenomena would degrade the
imaging performance and pose challenges in high-frequency probe fabrication whose wavelength

is smaller.
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Figure 2.9: Evolution of the transducer towards the full 2D array.

1D+ Transducer Arrays Configurations

Fig 2.9 shows the generations in the evolution of the transducer towards the full 2D matrix array
for 3D ultrasound imaging. The process primarily focuses on the addition of elements along the
elevational direction to provide the flexibility to steer the beam along this direction. In detail,
the 1.25D array transducer provides a switchable, discrete aperture with a fixed elevational
focus. The outer row elements are electrically connected in parallel, and data acquisition can
be switched between center-row and the center rows using a multiplexor, with the center row
and outer row sharing the same channel and pin connections. A 1.5D array transducer [155]
requires more channels and connections than a 1.25D array, providing a dynamic aperture with
little and symmetrical flexibility in elevational focusing. Both of them have a central row of
elements that have double the height of the side row elements to ensure the electrical impedance
and acoustic sensitivities between the outer row and centre-row areas are equal [156, 153]. The
presence of a physical lens layer also improves elevational resolution and acoustic radiation force
impulse (ARFI) [157], helping them gain popularity in the high intensity focused ultrasound
(HIFU) treatment for prostate cancer [158, 159].

In a 1.75D array, each row of elements has independent channels and connections, enabling

asymmetric focusing. The physical lens layer can be absent in favor of fully electronic beam-
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forming [160]. When the rows number is comparable to the lateral elements numbers, a 1.75D
array probe without a physical lens layer would become a 2D array probe. 2D array probe
inevitably introduces fabrication challenges associated with connecting thousands of elements
individually with independent cables, which could also increase the cross-talk levels. Further-
more, as the distinct element size decreases, the impedance mismatch between the element and

the cable worsens rapidly, thus decreasing the signal-to-noise ratio [161].

Other Transducer Array Configurations

Apart from the aforementioned standard transducers, some customized transducers were devel-
oped to achieve a balance between the channel numbers and imaging performance, especially in
3D US imaging. 2D sparse array with random [161], spiral [162] layouts have been investigated
to optimize the configuration. Row-column addressed (RCA) array has also been investigated
in 3D US imaging with almost an order fewer elements [163]. A hemispherical array has also

been demonstrated for non-invasive ultrasound transcranial therapy in 3D [164, 165].

2.3.2 Transmission and Reception

Fig 2.10 shows the different transmission schemes in ultrasound imaging including (a) plane,
(b) focused, and (c) diverging wave transmission. By adjusting the time delay of each element,
a focal point can be set at +00, at a certain depth in front, or virtually on the back, then
plane wave, focus wave, and diverging wave can be transmitted, respectively. In conventional
ultrasound imaging, a subset of elements is sequentially used to focus on a certain depth to
sweep across the imaging region. Whereas in plane wave transmission, the whole aperture of
elements is used to insonate the whole imaging region, offering a higher frame rate, but at the
cost of contrast-to-noise ratio. Whereas diverging wave transmission is preferred when a larger
imaging area is desired, such as abdomen imaging, although the lateral resolution degrades
significantly at deeper depth. To characterize microvessel flow, a high frame rate is desired to

calculate the slow flow rate which can be as low as several millimeters per second [166, 167].
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Figure 2.10: Different transmission schemes in ultrasound imaging.

(a)

Therefore, experiments included in this thesis will consistently use plane wave transmission.

On receive, echoes coming from the same scattering source arrive at each element at different
times. According to the arrival time, echoes to each element can be aligned and coherently
summed. Repeating this operation over the whole imaging region generates the image conse-
quently. Besides, in both transmission and reception, the amplitudes of the signals associated
with the active elements can be adjusted to reduce the side lobe levels, which is known as

apodization operation [168].

2.3.3 System Descriptions

The resolution of an imaging system describes its ability to resolve two points separated by a
certain distance, within which they could not be separated. The highest resolution theoretically

achievable by a standard transducer is the wave diffraction limit.
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Figure 2.11: Spatial resolution components, axial, lateral and elevational resolution in 3D US
imaging, referenced from [169].

Axial Resolution

Axial describes the depth direction in ultrasound imaging, resolution along this direction is

defined as:

. . SPL N\
azial resolution = 5 = 5

(2.3.1)

where SPL means the spatial pulse length, N, means the number of cycles of the pulse, and A
means the wavelength of the pulse, which is determined by the transmission frequency. There-
fore, higher axial resolution can be achieved by either increasing frequency, at a cost of higher

attenuation and thus less penetration depth [170] or reducing the pulse cycles.

Lateral Resolution

Lateral resolution describes the resolution in the horizontal direction that is parallel to the
alignment direction of the element array. It is determined by the beam width at the focal

depth, which varies according to the geometry and the transmission frequency [171].

lateral resolution = —6dB beam diameter (BD) = 1.02 — (2.3.2)

where F' means the focal depth, ¢ means the sound velocity, f means the operating frequency,

and D means the active aperture diameter. The more elements used for a focus, the larger the
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aperture, and the better lateral resolution can be achieved at this depth.

Elevational Resolution

The elevational resolution describes the thickness of the imaging plane, its definition is similar

to the lateral resolution except that D is the element height. It also depends on the existence

Focal length ——‘

of an acoustic lens or not.
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Figure 2.12: Different beam patterns with an (a) focused and (b) unfocused front face trans-
ducer, referenced from [172].

As shown in Fig 2.12(a), a fixed focus can be generated using an acoustic lens in front of the
elements, increasing the energy focused around the focal point, producing a longer focal length
and thus improving the imaging SNR within this area. Without an acoustic lens, an unfocused
transducer generates two distinct wave field regions, the near field (Fresnel zone) and the far
field (Fraunhofer zone). The complex constructive and destructive patterns of the wave field
near the transducer make the end of the near field the natural focus of the unfocused transducer,
where the highest energy among the whole wavefield occurs here [172]. The length of the near
field is defined as:

2

D
near field length = o (2.3.3)
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where D indicates the diameter of the transducer aperture, and A indicates the wavelength of
the pulse. Whereas in the far field, the wave field diverges gradually and the beam diameter is

no longer a constant, which introduces another descriptor, divergence angle, that is defined as:

A
divergence angle = % (2.3.4)

which indicates that with a higher operating frequency, the divergence level decreases, enabling
better imaging quality in this region. Due to the complex interference patterns near the trans-
ducer and the divergence nature of the wave field in the far field, the elevational resolution can
become really poor in these regions, especially considering the volume averaging effect of the
acoustic signals within the imaging volume [173].

For a focused array probe, an acoustic lens can help reduce the side lobes along the eleva-
tional direction, it also changes the near field length as desired. However, it produces a larger
divergence angle in the far field compared to an unfocused transducer [174], causing more inho-
mogeneity along the elevational resolution and thus more inconsistency of the imaging quality

along depths.

Temporal Resolution

Temporal resolution is described by Frame Rate (FR), which means the number of images
acquired per second with a unit of Hertz (Hz). It represents the ability of the US imaging
system to distinguish movements that occur between contiguous frames. It can be calculated
as

c PRF

frame rate = DN = N (2.3.5)

where ¢ means the sound velocity, D means the imaging depth and N means the number of
transmission/reception pairs per frame.
Temporal resolution can be improved by decreasing the imaging depth and reducing the number

of transmission /reception pairs. It is proportional to PRF by a factor of N.
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Point Spread Function (PSF)

The point spread function describes the response of the imaging system to a point target. It
describes the blurring degree of the imaging system to a point scatterer in the final image. Due
to this spreading of a point target, two scatters that stay within the diffraction limit cannot
be discriminated. Assuming the imaging system is linear and the point spread function is
shift-invariant, then the image I of a point scatterer can be characterized as the convolution
of the point source, modeled by a Dirac Delta function §, the PSF modeled as H, which can
be decomposed into three corresponding components, axial H., lateral H,, elevational H,,

respectively. This can be described by the formula below:

= HHH.®0 (2.3.6)

For a linear system, H, can be modeled as the linear amplification of the excitation signal p(t)

by the scatter with an amplitude coefficient of C.

H, = Cp(t) = Csin(27 fot) (2.3.7)

As H, would be the same as H, for a matrix array probe with square elements, only H, is

discussed as an example.

Table 2.1: Simulation Parameters for different diffraction patterns
fo/Hz fs/Hz X /m W /m S /m N (Fraunhofer) N (Fresnel)
7.7¢6  100e6 200e-6 200e-6 300e-6 3 2

In the near field, according to Fresnel approximation, for a slit between two elements, H,, can
be modelled as [175]

(5-w)/2 N
H,=FE(x,z) = / eik/22(z=2') (2.3.8)
(W=5)/2

with S — W as the size of the element kerf (slit), and F as the wave’s amplitude at a distance
z to the aperture. Fig 2.13 shows the Fresnel diffraction pattern along the lateral direction at

different depth in the near field z = 0.005,0.05, 0.5\, with the simulation parameters in Table
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Figure 2.13: Fresnel diffraction pattern in the near field at different depth z, A indicates wave-
length, x means the lateral direction.

2.1. The diffraction pattern varies significantly as depth changes in the near field. Similarly,
in the elevational direction, as the PSF of a 2D imaging system is not simply a slice of the 3D
PSF, but an average of slices within the elevational beam width, the PSF also varies along this
direction at different imaging depths in 2D US imaging, especially in the near field. Therefore,
it is always preferred to image in the far field for more uniformity of the PSF.

In the far field, according to the Fraunhofer approximation, H, can be approximated by the

Fourier transform of the aperture function AP(x) [176] that can be defined as :

AP(z) = rect [
=0 (2.3.9)

H, = fIAP(2)] = flrect(;)1f[Y_ 6(x = nS) (2.3.10)

n=0
with W as the element width, S as element pitch, N as element number, and rect(xz/W) as the

rectangular element function defined as

0, |z|>W/2
rect(z/W) = q1/2, |z|=W/2 (2.3.11)
1, |z <W/2
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Fig 2.14 shows the (a) time domain signals and (b) their Fourier transforms in the frequency

(a) elevational
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Figure 2.14: (a)The cross-section of the transducer aperture that contains 3 elements, w means
element width, s means element pitch. (b) aperture profile and (c) their diffraction profile
under Fraunhofer approximation in the far field, simulated with parameters in Table

2.1.

domain with simulation parameters in Table 2.1. Local maxima of the sinc() function introduce
side lobes and the periodic appearance of excitation pulses causes the generation of grating

lobes.

2.4 Contrast-Enhanced Ultrafast Imaging

2.4.1 Contrast Agent

The introduction of contrast agents, most commonly, microbubbles to US imaging has enabled
the quantization of blood flow of the vasculature [177, 178]. A microbubble typically consists
of a gas core stabilized by a biocompatible shell-like protein, lipid, or polymer [179]. Fig 2.15

shows the composition of a SonoVue microbubble that encapsulates the sulphur hexafluoride
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Figure 2.15: Composition of a SonoVue microbubble that encapsulates the sulphur hexafluoride
(SFs) gas core with a phospholipid monolayer.

(SFg) gas core with a phospholipid monolayer shell [180]. Once the bubble is excited by the ul-
trasound pulse, it expands and compresses, emitting ultrasound echoes that are much stronger
than that of similar-sized blood cells and the surrounding tissue, thus enhancing the con-
trast. Several microbubbles have been commercialized using different components like Sonovue
(Bracco Imaging S.p.A.), Sonozoid (Amersham Health Inc.), Definity (Bristol-Myers Squibb)
and Optison (Amersham Health Inc.), etc [181].

To better understand the asymmetric oscillating behavior of microbubbles, many gas models
incorporating the effect of a lipid monolayer coat were proposed and one of them is modelled

as follows [182]:

. 3., 20(Ry)] ( R\ ™" 3k - 20(R)  4uR  4k,R
Z = | P - — — —
(i) = [ 250 ()

with p; as the density of surrounding liquid, R as the bubble radius, R, as the equilibrium
radius of the bubble, o(R) as the effective surface tension, u as the surrounding liquid viscosity,
k as the polytropic gas exponent, ks as the surface viscosity of the monolayer, P,.(t) as the

acoustic pressure, P, as the ambient pressure, o(R) can be expressed as:

0 Zf R S Rbuckliny
0<R> - X (#:ling - 1) Zf Rbuckling S R S Rbreak—up (242)

Owater if ruptured and R > Ry,uptured
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with y indicates the elastic compression modulus of the monolayer.

Solving the ODE above generates the bubble radii along time and its first derivative R and
second derivative R, thus the pressure at a distance d from the bubble can be calculated as

183, 184]:
. . R
P= %(R?R +2RR%) - ()"

Pl R?
2

) (2.4.3)

With low acoustic excitation powers, microbubbles are more likely to undergo symmetrical
oscillations, emitting linear responses that have the same frequency component as the excitation
pulse. As the acoustic power increases, asymmetrical oscillations happen more frequently. This
is because the gas core inside resists compression more than expansion, causing the microbubble
to expand with a larger phase than that of the compression [185]. As a result, non-linear signals
that have many frequency components are emitted, including multiples of the excitation pulse
frequency, which are known as subharmonics and harmonics. If the acoustic power keeps

increasing, microbubbles will rupture and dissolve.

Another ultrasound metric, Mechanical index (MI), was also introduced to indicate microbub-
bles’ resistance to the excitation power and the potential cavitation effects that microbubbles

may cause in the human body, which is defined as [186]:

Py

MI =
Ve

(2.4.4)

where Py is the peak negative acoustic pressure in a unit of M Pa, and fc is the centre frequency
of the transmitted pulse in a unit of M Hz. The current FDA-approved maximum MI in

diagnostic imaging is 1.9 [187].

Fig 2.16 shows the plot of the excitation signal and its linear response at a lower mechan-
ical index (MI) and non-linear response at a higher MI. It shows that the spectrum of the
linear response and the excitation pulse almost overlapped. Whereas that of the non-linear
response spreads over the whole spectrum and has multi-peaks around the harmonic frequen-

cies. Responses were generated using an ultrasound simulator BUFF [188] that incorporates
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Figure 2.16: Excitation signal and its responses at different levels of MI. The Y-axis in both
figures are normalized.

the above-described microbubble model with an ultrasound impulse response simulator Field

11 [189].

Monodispersed MB

Table 2.2: Diameter Parameters of SonoVue
Products Diameter (um) Conc. T. (10M B/mil) MB > 10 um (105M B/ml)

Sonovue 1.92 + 0.09 3.4 £0.5 0.022 £ 0.006

As microbubbles’ response depends on their radius, the effect of the size distributions on the
imaging performance has caused broad interest. Their size ranges from 1 to 10 um. Table 2.2
shows the size distribution characteristics of SonoVue, referenced from [181], where Conc. T.
indicates total concentration.

Compared to polydispersed MB that is used clinically, monodispersed MB has a narrower bub-
ble size distribution and a narrower spectrum around its resonant frequency [190], and higher
correlated responses [191] that may help improve the post-processing filtering performance. Be-
sides, under non-linear oscillations, it is reported to have up to two orders of magnitude more
in sensitivity per microbubble and even more for harmonics [192], which has also been verified

in vivo [193]. Furthermore, it is also demonstrated that with the same concentration, monodis-



2.4. Contrast-Enhanced Ultrafast Imaging 31

persed microbubbles with larger diameters can increase the SR imaging sensitivity in vivo [194].
The investigation of monodisperse microbubbles’ effect on SR imaging will be discussed further

in the fifth chapter.

Table 2.3: Simulation Parameters for bubble response.
fo/ MHz bandwidth / MHz Pulse Cycle MI  Ry/um Ry/um

1.59 5.00 2.00 0.055  2.95 1.75
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Figure 2.17: Sonovue bubble response’s dependence on the radius.

Fig 2.17 shows the dependence of a Sonovue bubble response on its radius, with the simulation
parameters in Table 2.3. When transmitting a two-cycle excitation pulse at the theoretical
resonant frequency of bubble Ry (2.95um), bubble Ry (1.751m) has a more non-linear response
than the resonant bubble Ry, corresponding to the stronger harmonics components shown in

the spectrum.

2.4.2 Contrast Enhanced Ultrasound Imaging

Benefiting from the sensitivity and response characteristics of microbubbles, contrast-enhanced
ultrasound imaging developed very fast in the past decades. It has been widely applied clinically

in hepatic imaging to detect focal liver lesions [195], cardiac imaging to assess the systolic
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function of the left ventricle [196] and perfusion function of the myocardium [122]. To utilize
the non-linear response of contrast agents and help separate signals from tissue and contrast
agents, harmonic imaging and multi-pulse imaging techniques like pulse inversion (PI) [197,
198], amplitude modulation (AM) [199], the combination of them, pulse inversion and amplitude
modulation (PTAM) [200], and coded pulses [201, 202, 203, 204] are developed and employed

on clinical machines.

Harmonic Imaging

In ultrasound imaging, harmonics are generated from tissue [205] and contrast agents [206].
As the transmitted pulse propagates, the frequency component changes, and harmonics appear
due to nonlinear propagation of the transmitted pulse. Although its instant energy is smaller
than the fundamental component, harmonic energy accumulates as it propagates [207, 208].
On the reception, the back-scattered harmonic component can be bandpass filtered and used
to reconstruct images with higher resolution.

Under low mechanical index transmission, tissue is more likely to undergo linear response and
thus generate little harmonics component. Whereas microbubble contrast agents can generate
strong harmonic echo signals at acoustic pressure as low as tens of KPa [209], which offers an
opportunity to detect contrast agent-specific signals. At high mechanical index transmission,
tissue generates stronger harmonic components. Thus, tissue harmonic imaging is used to im-
prove the imaging quality of tissue, especially at deeper depths when a lower transmit frequency
is transmitted to attain adequate depth penetration.

Harmonic imaging also brings the benefit of autofocusing as harmonics are more likely to be
generated at the centre of the beam where the pressure is the highest [207]. However, har-
monic imaging is subject to the higher attenuation of harmonics and the limited bandwidth
of the transducer. Besides, due to practical material constraints, transmitted pulses are usu-
ally not narrowband enough so that the transmit pulse also contains some harmonic energy,
contaminating the harmonic signals that should only come from the imaging medium ideally.
To alleviate this problem, multi-pulse sequences like pulse inversion can be utilized to extract

the harmonic signals even when there is an overlap between the transmitted frequency and the
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harmonic frequency of the echoes.
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Figure 2.18: PI and AM sequences.
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In PI, a two-pulse transmit sequence is used. After transmitting the first pulse and receiving

the echoes, the second pulse with an inverse polarity of the first pulse is transmitted. Assuming

the linearity of tissue response and non-linearity of contrast agents, tissue and contrast agent

signals can be separated by summing the two sets of received signals together. As shown in Fig

2.18, linear signals cancel out completely, whereas nonlinear echoes only cancel out odd-order
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Figure 2.19: Spectrum of PI and AM response.

harmonics of the transmitted signal, with the even-order harmonic signals left (Fig 2.19).
Similar to PI, a two-pulse transmit sequence is also employed in AM, with the second pulse
replicating the first pulse but half of the magnitude. As contrast agents are sensitive to the
incident power, different responses are generated. Assuming tissue emits linear signals in the
majority, after subtracting the doubled magnitude echoes of the second pulse from that of the
first pulse, linear signals cancel out, and both even and odd order of harmonics are preserved.
Thus, the fundamental component (the first order of harmonics) is also preserved. This is
advantageous as lower frequency component attenuates less and their reception will be less
constrained by the transducer bandwidth.

As a combination of PI and AM, PTAM modulates both the amplitude and phase of the second
pulse to achieve a higher SNR level [200]. By increasing the number of pulse repetitions,
contrast pulse sequence (CPS) is also developed to improve the sensitivity [204]. Besides, more
advanced methods like Golay coded sequences transmit multiple pulses continuously in one
transmission event. This can help deliver more energy and thus improve the contrast agent
sensitivity at a low level of SNR [210, 202], although it may be more subject to the motion

artifact than transmitting multiple pulses intermittently.
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2.4.3 Ultrafast Ultrasound Imaging

In conventional medical ultrasound imaging, the view-of-interest was scanned line by line. As
shown in Fig 2.20, only one element or a small group of adjacent elements are excited at one
time, and independent time delays are applied to form an electronic focus. In conventional
ultrasound imaging, a subset of elements is sequentially used to focus on a certain depth, and
beamforming is performed line-by-line, then sweeping along the lateral direction generates the
final image (left of Fig.2.20). However, the image quality is limited to the focus area and
gradually degrades outside. This can be improved by employing several transmit focal depths,
then the final image recombines these partial images at different depths, at the cost of reduced
frame rate [211]. Whereas in ultrafast ultrasound imaging he whole array of elements is excited
together, a wide field-of-view (plane or diverging) beam is transmitted, followed by digital
parallel beamforming, enabling the final ultrasonic image to be reconstructed from a single
transmission (right of Fig. 2.20). Thanks to the reduced amount of transmission events needed
for one image reconstruction, the frame rate was improved from 50 frames/second to 5000
frames/second [212]. Ultrafast ultrasound was demonstrated feasible using analog parallel-
processing devices [213] in the 1970s. However, it was only demonstrated in clinics [212] in
the 2010s thanks to the development of the graphical processing unit (GPU) to make real-time

image reconstruction feasible.

However, spreading out power among the elements decreases the image contrast, and the in-
creased effective lateral aperture size degrades the lateral resolution. To overcome this problem,
coherent plane-wave compounding [216] was proposed. In this method, several plane waves
with different angles are transmitted and the beamformed images of these transmissions are
summed coherently, which results in a synthetic focusing in transmission (Fig 2.21). This tech-
nique enables faster acquisition frame rates for high-velocity flow imaging, higher sensitivity
for low-velocity flow applications, and reduced variance by 14 times compared to conventional

focused methods[217].
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Figure 2.20: Conventional and Ultrafast Ultrasound Imaging, referenced from [214].
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Figure 2.21: Plane-wave imaging with (left) and without (right) compounding, referenced from
[215].

2.4.4 Clutter Filtering

In clinics, ultrasound signals come from tissue and blood flow. To extract blood/contrast agent

signals from higher-power tissue signals, post-processing methods like clutter filtering are nec-
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essary. In conventional ultrasound imaging, three classes of temporal filters are mainly used as
the clutter filtering method, including finite impulse response (FIR), infinite impulse response
(IIR), and regression filters [218, 219, 220, 221]. All of them are operated along the temporal
domain and are based on the assumption that tissues are relatively stationary or slowly moving,
whereas blood flow is fast, contributing to different components on the velocity spectra.

FIR filter requires a high number of temporary sampling points to guarantee the performance.
However, due to the low frame rate of conventional ultrasound imaging, less than the optimized
number of samples are available. IIR filter can alleviate this problem but would introduce the
transient response that affects the filtering performance. Different from the impulse response
filters, regression filters fit the signals with a curve using the least square regression, assuming
that the signal volatility comes from blood flow exclusively [221]. However, tissue motion and
comparable slow blood flow pose challenges to their performance.

To solve this problem, eigen-based clutter filtering methods are developed to consider the spatial
characteristics of clutter signals. Assuming that tissue signals have higher spatial coherence, it
relies on statistical tools to find a set of eigenvectors that represents the clutter space [222, 223]
and reconstruct the flow signals using the rest of the eigenvectors.

Since the ultrafast ultrasound technique improved temporal resolution, singular value decom-
position (SVD) was proposed to utilize the spatiotemporal characteristic of clutter and blood
flow signals and improve the flow sensitivity significantly [224, 225]. In this method, the 2D-t

or 3D-t signal is first realigned to a casorati matrix, which is then decomposed into:

S =UAV' (2.4.5)

where A is a diagonal matrix with the diagonal element being the descending sorted eigenvalue.
The eigenvalue represents the weight of its corresponding singular vectors contributing to the
total energy of the signal. U and V are the eigenvector matrices that contain the spatial and
temporal vector basis, respectively.

Considering the higher coherence and stronger energy of tissue, singular vectors of the tissue
subspace correspond to higher eigenvalues, which is the lower rank of values in A. Whereas

random noise contributes the least to the signal energy and corresponds to the highest rank
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of eigenvalues. The eigenvalues and eigenvectors in between, then correspond to blood flow
signals. Therefore, by choosing a subset of the eigen value and the corresponding eigenvectors,

signals from different subspaces can be reconstructed via

J
sp(z,2,t) = Z AUV (2.4.6)
k=i

SVD has been widely accepted in the field of ultrasound imaging when characterising the blood
flow, paving the way for the application of super-resolution ultrasound imaging where extraction
of contrast agent signals out of the tissue signals is the prerequisite. It has been shown to have
higher localization precision at a higher frequency (> 6 MHz) [184] in SRUS compared to the
CEUS technique like PI, at a cost of computational cost. Another limitation of this filtering
method is that it assumes the noise and undesired tissue signals are identical across the whole
imaging region, which contradicts the reality that both the noise and signal are spatially varying,
especially in vivo. To solve this issue, researchers tried to separate the RF data into different
partially overlapped local segments and choose the threshold locally. This method improves the
small vessel flow sensitivity compared to the global SVD but increases the computational cost
further [226]. To reduce the computational cost of this filtering operation and achieve real-time
processing as PI, researchers tried to either reduce the temporal ensembles or use randomized
spatial downsampling methods [227]. Furthermore, to obtain optimal performance, researchers
tried to automate the threshold selection process and reduce the computational cost associated
with the automation [225, 228]. In summary, this filter is now widely employed in flow-related
research and is being actively improved in this field. It is used in all the super-resolution data

processing in the later chapters.
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2.5 Super Resolution Ultrasound Imaging

2.5.1 2D Super Resolution Ultrasound

Super-Resolution ultrasound has been demonstrated to be able to overcome the wave diffraction
limit and visualize microvessels [56, 229, 230, 57, 9, 226, 231, 232] by localizing the spatially
isolated microbubble or vaporized nanodroplet [233, 234, 235, 236] signals. It has been investi-
gated widely preclinically [237] on the human brain [25], lymph node [238], breast [10, 9], lower

limb [239] and vasa vasorum on the human carotid artery [240].

The majority of the above-mentioned research is completed in 2D SRUS. However, the actual
three-dimensional (3D) microstructures cannot be inferred only from a single or few 2D sections.
The 2D slices showing tumor tissues in Fig 2.3(a-b) deliver quite limited information about the
abnormal density, tortuosity and proliferation behaviour of the whole 3D tumor structure within
the 494 x 370 x 200 pm box, compared to the 3D results in Fig 2.3(c-d) and the normal tissue
section in Fig 2.2. It is reasonable to expect a similar problem would happen to 2D super-
resolution ultrasound imaging, which can also reveal brain microvasculature at this scale, with
a resolution high up to 6.5 um [241]. Consequently, 3D super-resolution ultrasound technique

is desired to visualize the 3D microvasculature.

2.5.2 3D Super Resolution Ultrasound

Thanks to the development of both transducer technology and computer hardware, and ad-
vances in computation methods, 3D SRUS has attracted increasing research interests. With
3D SRUS, not only the full complex 3D microstructure can be unveiled, but the tissue motion
along all directions can be better corrected. This can improve the tracking performance of
the contrast agents, especially contrast agents that travel in-and-out of the traditional central
imaging plane.

Earlier versions of 3D SRUS involved scanning a 1D probe along the elevational axis to gather

several 2D slices of images [57, 242, 243]. However, only two of the three spatial directions can
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be super-resolved using the mechanical scanning approach. It also deteriorates the temporal
resolution. To achieve SR in all three spatial dimensions, two orthogonal clinical transducers
were utilized and 3D imaging was achieved at the overlapped area at the focus [244]. Besides,
researchers also introduced multiple rows of parallel elements and tried to localize the elevation
positions by fitting parabolas [245] along the elevational direction. Customized transducers,
such as a hemispherical transcranial array, were also utilized to see the spiral structure of an ex
vivo skull [24], at a cost of high fabrication cost. A row-column-addressed (RCA) array, as an
alternative, has been demonstrated to be capable of producing 3D SR images with significantly
fewer acquisition channels and a bigger field-of-view (FOV) compared to the full matrix array
probe [163].

Full 2D matrix array probe applications have also been studied [25, 26, 27, 17], but the re-
quired hardware is complex and expensive. By lowering the number of acquisition channels
from 1024 to 512 while sacrificing temporal resolution, multiplexed 2D matrix array [246, 247]
was utilized to mitigate the issue. A sparse 2D array with elements following a density-tapered
2D spiral pattern [248] has also been employed to generate 3D SR images [249], to get around
the issues of high channel count and huge data volume, albeit with worse initial image quality.
Researchers also tried to improve the transmit sequences to minimize the number of transmit
and receive combinations at little cost of SNR [250].

However, there are still issues with the clinical application of the 3D SRUS imaging technology
due to the volume of data. For most papers cited above, it takes huge computational and hard-
ware costs to generate a high-saturation 3D SRUS image. As claimed in [250], 100,000 volumes
acquired within several minutes can take 245 GB of memory. And even using a powerful CPU
with 12 cores (Intel Core i9 @2.9 GHz 12 cores, 128 GB RAM @2133 MHz), it takes 3 hours
of parallel computing to process the data. Also in [25], 15 mins of volumes were acquired,
taking 5h to beamforming on a GPU, and taking 4h to finish the SVD filtering processing on a
breathtaking 32-core 3 GHz processor, without disclosing the motion correction computational
cost, which usually takes longer than all the above-mentioned processing step.

Besides, slow imaging speed is another bottleneck for this technique’s clinical employment. As

the suitable concentration of contrast agent needs to be lower than clinical dose to make it
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easier to spatially isolate these MBs, a long acquisition time is necessary to generate a produce
a complete image of the microvessel [237]. Researchers have attempted to use sparsity-based
algorithms [21] to lower the acquisition time to only tens of milliseconds and deep-learning tools
with structural priors to only 160 ms for image reconstruction in 2D SRUS [23]. However, in
3D SRUS, the required computational cost for filtering and memory for training 3D volumes
will also rise. These studies also ignore the non-linear properties of microbubbles that may in-
troduce various spectral components and asymmetrical patterns to the PSF, which may affect
the performance of these methods in practice.

Therefore, the expensive computational cost and long acquisition time is impeding the imple-
mentation of such a technique on existing clinical equipment. Solutions need to be proposed
to address the aforementioned problems: the compromise between long acquisition time and
the saturation of a complete image especially in 2D, the compromise between expensive com-
putational costs and volumetric visualization in 3D, and the underutilization of the nonlinear
property of MBs and nonlinear imaging sequence to improve the MB detection sensitivity and

thus the acquisition time in 2D/3D.

2.6 Thesis aims and impact

2.6.1 Research objectives

With the question of how can we promote the clinical translation of the SRUS imaging tech-
nique, this thesis aims to investigate:

1. A projection SRUS technique that uses a novel probe model to detect information pertain-
ing to a volume with a similar fabrication and computational cost as conventional 2D SRUS in
simulation, in vitro and in vivo.

2. An extension of the method in 1. with different probe models to further improve the pro-
jection performance.

3. If monodisperse MB can improve the detection sensitivity during the SRUS processing

compared to the commonly used polydispersed MBs in simulation and in wvitro.
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Chapter 3

Projection SRUS Imaging

3.1 INTRODUCTION

In the UK’s clinical radiology, the most commonly used diagnostic imaging modality is X-
ray projectional radiography [251]. Compared with full 3D X-Ray Computerized Tomography
(CT), X-ray projectional radiography has much simpler hardware and lower cost, while still

containing information pertaining to a broad 3D volume through condensing the 3D volume

into a 2D projection image.

Figure 3.1: A (a) normal posteroanterior (PA) and (b) lateral chest radiograph. (c) A single
slice image from a chest CT scan.

44
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This study takes inspiration from X-Ray projectional radiography to investigate a potential
alternative solution for generating information pertaining to a broad volume in SRUS. It aims
to demonstrate the feasibility of broad elevation projection SR (BEP-SR) imaging in capturing
volumetric information using a 1D unfocused transducer array that has the same scale of
hardware and computational cost as conventional 2D SRUS. First, a proof-of-concept of BEP-
SR is shown with a microvessel phantom in simulation, followed by experimental in vitro and in
vivo results acquired by a 1D unfocused linear array simulated from a 2D matrix array probe.
The results were compared with the traditional 1D focused linear array results simulated from
the same 2D matrix array probe and 2D matrix array results. The effect of the microvasculature

complexity and microbubble concentrations on BEP-SR’s performance was also studied.

3.2 METHOD

3.2.1 Transducers

1D Array Probe 1D Array Probe 2D Matrix
with lens without Iens Array Probe

2D Beamfor}ﬁing (CS) 2D Beamf rming (BEP) 3D Bea formlng (3D)

> SR Processing <

Figure 3.2: Transducer and three imaging schemes. The diagram of the 32*32 matrix array
transducer is shown on the right. Central Slice (CS) of the 3D beam formed volume (only receive
focused); BEP imaging through plane wave transmission and echoes received and summed along
the elevational direction; 3D imaging through plane wave transmission and echo reception
by all 32x32 transducer elements. The elevational direction (Y) is switched with the lateral
(X) direction regarding the focus, where the elements are continuous and can focus better,
eliminating the effect of the blank rows on the acoustic field.
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To evaluate the proposed BEP-SR, the performance of several probes of the same aperture
size both laterally and elevationally was investigated. 1) an elevational focused 1D array for
conventional 2D imaging; 2) an elevationally unfocused 1D array for BEP-SR imaging; 3) a 2D
matrix array probe for conventional full 3D imaging as a gold standard comparison. To compare
the three probes fairly and remove the effect of variation between different data acquisitions,
a 2D matrix array probe, and zero angle plane waves were used for data acquisition, and then
data for the 1D array probes with and without a focusing lens were synthesized using data from
this 2D matrix array. The 2D probe used was the multiplexing matrix array probe (Vermon,
Tours, France) with 1024 elements, a central frequency of 7.8 MHz, and an aperture size of
9.6 mm x 10.2 mm, which has four sub-apertures separated by three empty rows. It is worth
mentioning that throughout this investigation, the focus is formed along the lateral direction
(X) to focus better using the continuous elements along this direction and eliminate the effect of
the blank rows on the pressure field evenness along the other direction. Single zero-angle plane
waves were transmitted using all the 32*32 elements simultaneously at 7.8 MHz. The received
radio frequency (RF) data was processed in three different ways, one method to synthesize data
for the elevationally focused linear array, one method to synthesize data for the elevationally
unfocused linear array, and finally a method for conventional full 3D imaging (Fig 3.2):

1) To synthesize the data for an elevationally focused 1D array, the central slice image was
taken out of the beamformed conventional 3D B-Mode image, which has a receive focus in
beamforming. This method is hereafter referred to as Central Slice (CS).

2) To synthesize the data for an elevationally unfocused 1D array for BEP-SR imaging, the RF
data acquired by the 2D array probe was summed along the elevational direction (X), taking
the 32x32 channels of the original 2D probe and reducing it to 32x1.

3) The conventional 3D Delay and Sum (DAS) algorithm was implemented using all 32x32

elements.
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Table 3.1: Simulation Parameters

Parameter name Value
Centre frequency 7.8 MHz
Transmit frequency 7.8 MHz
Speed of Sound 1540 m/s
Wavelength 197 pm
Element width 0.275 mm
Element kerf 0.025 mm

Element num- 32%32 (1024)
ber(matrix)
Element num- 32%1 (32)
ber(1D)
Aperture size 9.6 (x) *10.2 (y)
mm
Sampling frequency 31.24 MHz
Pulse 2-cycles, Hann-
weighted
Apodization Tukey(0.5)
Elevational Focus 20 mm
Depth
2-Tube 5-Tube
— ) ©,
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Figure 3.3: Ground truth of the cross-tube simulation phantoms. (a) and (c¢) show the 3D view

of the 2-tube and 5-tube phantom, (b) and (d) show the projection views along X.

3.2.2 Simulation

To validate that these methods of synthesizing 1D array data using a 2D matrix probe are

equivalent to using a true 1D array, simulations were performed using Field II [252] with probe

parameters shown in Table 3.1. Two different probes with the same aperture size were simu-

lated, one 1D linear array probe with an elevational focus, one 1D linear array probe without



48 Chapter 3. Projection SRUS Imaging

an elevational focus, and one matrix array probe, which has three blank rows between each
sub-aperture when it is manufactured. Apodization on transmit was applied laterally but not
elevationally.

Microbubbles were simulated as linear point scatterers. In these simulations, only one linear
scatterer was present at each frame and was initially placed at (x=0, z=20) mm and moved
along the elevational direction with a one-wavelength step size (y=-5:0.2:5 mm). Images were
generated using each of the three imaging methods described previously using data recorded
from the simulated 2D array, as well as with conventional 2D beamforming methods using data
generated for the simulated focused and unfocused linear arrays. The axial localization errors
of the scatterers placed at a range of elevation positions were then compared.

A second set of simulations was also conducted to compare the image quality of the three
transducers, to do this a micro-sized cross-tube phantom was simulated, and a 2-tube structure
and a 5-tube structure (Fig. 3.3) were used to investigate the effect of the vascular complex-
ity, with each of the tubes filled with 1000 scatterers randomly over time. The effect of the
scatterer’s concentration was also investigated by tuning the number of scatterers per tube per
frame from 1 to 5, reducing the total number of frames from 1000 to 200 with the total number

of scatterers fixed. For the cross-tube phantom simulation dataset, Gaussian white noise was

added to achieve a 3 dB SNR in the RF channel data.

3.2.3 Simulation Evaluation

For the evaluation, the radial intensity profiles within two half-ring-shaped ROIs were mea-
sured. The radial profile along different angles within the half-circle ROIs that are 450 and
1050 pm away from the origin was calculated by averaging the pixel intensity with the 20
neighboring pixels along the radial direction.

The localization and tracking performance was evaluated quantitatively by calculating the pre-
cision and sensitivity for different methods, as stated in [188, 253], with a localization error
tolerance level (searching radius) equal to 1/4 of the wavelength. The evaluation metrics are

defined as below:



3.2. METHOD 49

In localization:

e True Positive (TP): If the localized position is close to the ground truth location.
e False Negative (FN): A ground truth event without any localized events.

e False Positive (FP): A localized event has no pairing ground truth event.

In tracking, only true positive localizations are considered, across two consecutive frames:

e True Positive (TP): The associated ground truths of two paired localizations have the

same bubble ID.

e False Negative (FN): A bubble pair in ground truth is not associated with a linked &

localized pair of bubbles.

e False Positive (FP): A linked & localized pair of bubbles is not associated with a bubble

pair in ground truth.

The precision and recall are then calculated as

TP TP
Precision = ———— Lt ==
rectsion Sensitivity/ Reca TP+ FN

2.1
TP+ FP’ (3:2.1)

3.2.4 In wvitro Experiments

A series of in vitro experiments was then conducted to explore the experimental image quality
of the BEP method. A 7.8MHz multiplexed matrix probe used in this study was driven by
a Vantage 256 system (Verasonics Inc., Kirkland, WA, USA). This probe has no physical
elevational focus, providing the flexibility to synthesize the data for the different types of
1D transducer arrays. To reduce the effect of motion between compounding transmissions

and switching between different sub-apertures, the transmit sequence was kept as simple as
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Figure 3.4: Top and isometric view of the experiment set-up. These two 200-micron microtubes
were positioned using a grid of holes on the sidewalls, with an acoustic absorbing pad at the
bottom of the phantom.

possible. Four sub-apertures were driven at the same time to send zero-angle plane waves,
without any steering and compounding, and then each sub-aperture was used to receive the
RF signal sequentially, which means that each frame of acquisition consists of four separate
acquisitions. The mechanical index (MI) measured in the middle of the probe was 0.05. A
total number of 1000 Frames of images were acquired with a frame rate of 500 Hz without any
compounding. Two 200 pm £ 15 pm Hemophan cellulose tubes (Membrana, 3M, Wuppertal,
Germany) with a wall thickness of 8 £ 1 um were crossed at a depth of 16 mm, where the
edge waves caused by the dead rows between sub-apertures diminish below -14 dB [254]. A
probe holder was 3D-printed to help align the probe with the phantom. One tube was kept in a
central slice of the 3D imaging volume as much as possible, while the other one was tilted and
spanned across the 3D space, as shown in Fig. 3.4. Microbubbles (MBs) were made in-house
according to the method stated in [255], and the MB solution was diluted 5000 times, resulting
in a concentration of 106 per ml. Then the diluted suspension was injected into the tubes with
a constant flow rate of 100 ul/min using a syringe pump (Harvard Apparatus, Holliston, MA,
USA), which equals to an average flow speed of 50 mm/s. Volumes were composed of 51 x 101

x 103 voxels with 100 pm in all three spatial directions.
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3.2.5 In vivo Experiments

To explore the BEP method in an in vivo setting rabbit kidneys were imaged. The experiment
was authorized by the Animal Welfare and Ethical Review Body of Imperial College London
and followed the Animals (Scientific Procedures) Act 1986 (No.P15180DF2; Date: 16th, March
2017). A specific-pathogen-free New Zealand White rabbit (male, HS-DIF strain, age 13 weeks,
weight 2.4 kg, Envigo, UK) was sedated with acepromazine (0.5 mg/kg, i.m.) and anesthetized
with medetomidine (Domitor, 0.25 mL/kg, i.m.) and ketamine (Narketan, 0.15 mL/kg, i.m.).
A Dbolus of 0.1 ml MBs made in-house was injected into the rabbit. Imaging was performed on
its left kidney after it was shaved. The same imaging sequence as the in vitro experiment was

used to collect 1500 frames of images with a frame rate of 500 Hz.

3.2.6 Post-Processing

For the experimental datasets, RF data from four sub-apertures were combined and beam
formed to reconstruct a single 3D volumetric image using the 3D DAS algorithm. Then SVD
filtering [256, 257, 258] was applied to the beam formed data to remove the strong reflections
from the tube walls in vitro and tissue signals in wvivo. For the in wvitro dataset, the SVD
threshold was chosen as the turning point of the singular value curve [258], by cutting the first
singular values, while for the in vivo dataset, it was chosen by cutting off frequency components
below 5 Hz. The BEP datasets of the simulation and in vitro experiment were generated by
summing the RF data along the X direction as indicated in Fig.3.2, and the focused array
image was generated by taking the central slice from the 3D BF image along the X direction,
both the dataset in wvitro followed by the same method of SVD filtering processing. For the in
vivo experiment, because of the diverging-shaped characteristic of the kidney microvasculature,
projection imaging was performed along Y instead as more structures can be seen in the final
imaging results.

Once the MB-only datasets were acquired, an initial noise threshold was applied to remove the
noise, and then normalized cross-correlation (NCC) was performed between the PSF template

that was generated by simulating a single scatter at (x=0, y=0, z=20) mm and the MB-
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only image. Correlation coefficients below 0.55 were discarded and local maxima detection
was performed to isolate MBs. Then a small patch (5*5 for 2D imaging and 5*5*5 for 3D
imaging) around each maxima was non-linearly interpolated to translate the coefficient map
to the high-resolution level, on which the maximum pixel was localized. The final localization
image was plotted by accumulating these points and smoothed using a Gaussian kernel, whose
size accounts for the localization uncertainty due to the existence of noise [259]. 2D Kalman
tracking [6, 260, 261] was used to track and calculate the velocities. For the 3D datasets, only
two out of three coordinates of the localized positions were used to generate the projected

velocity maps of 3D as a reference.

3.3 RESULTS

3.3.1 Simulation
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Figure 3.5: Comparisons of long pitch 1D array probe (a) with lens and (b) without lens
with the matrix array probe results, including the intensity profile along the axial direction
when the single scatter is placed at y=0 (first row), y=2.4 (second row) and y=4.8 mm (third
row) respectively, and corresponding beamformed images. The bar indicates a length of Imm.
Supplementary material shows localization results between the long-pitch 1D unfocused and
focused linear array with the matrix approximation.
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Fig. 3.5(a) compares the simulation results of the focused 1D linear array probe with the
matrix array probe when the single scatterer in each frame is placed at different elevational
positions, the x, y, and z indicate the lateral, elevation, and depth, respectively, in the cartesian

coordinate. The images were normalized by the maximum intensity and then log compressed.
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Looking at the RF data, the intensity profile along the axial direction, and the beamformed
images, the focused long pitch and CS methods show little difference, validating that the matrix
array probe can be used to synthesize data for the focused 1D array.

Fig. 3.5(b) compares the simulation results of the unfocused 1D linear array probe with the
matrix array probe when the single scatterer in each frame is placed at different elevational
positions. The images were normalized by the maximum intensity and then log compressed.
Looking at the intensity profile along the axial direction and the beamformed images, the
unfocused long pitch and BEP methods show little difference, validating that the matrix array
probe can be used to synthesize data for the unfocused 1D array. Stronger grating lobes in the
matrix array results are likely caused by the dead rows between different sub-apertures within

the matrix array probe.
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Figure 3.6: (a) The intensity profile along the axial direction when the single scatter is placed
at y=0 (first row), y= 2.4 (second row), and y=4.8 mm (third row) respectively. (b) shows the
central slice (CS) of the beamformed 3D image; (c) shows the image of the projection method;
(d) shows the MIP image of the 3D beamformed image along the projection direction. The bar
indicates a length of 1mm.
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the simulated 2D array, which was then used to synthesize the focused and unfocused linear
arrays, in the same way as will be done in the experiments. Both the 3D and BEP methods
can detect the scatterers across a wide elevational range, while the focused method cannot.
Specifically, Fig. 3.6(b) shows that an elevational focus omits scatterers that are not within

the central imaging plane. In the BEP method, the scatterer is visible even if it is placed at
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the boundary of the imaging volume (y=4.8 mm). The last column is the maximum intensity
projection (MIP) image of the 3D volume. It shows that BEP is comparable to the 3D method
in capturing the scatterers within the 3D volume. Fig. 3.6(a) shows the axial intensity profiles
for different datasets. It shows that only BEP and 3D methods can detect off-center plane
scatterers, although the amplitude of the signal varies significantly depending on the location
of the scatterer.

Fig. 3.7(a) shows the peak intensity of the PSF when a single scatterer is placed at x = 0,

|—+—BEP ----- 3D
-—— -\ .-"t.\, ----- ,‘\-‘ -,-,‘\.-—-\’
' 0 20
0 Elevational ()\)

Elevational (mm)

Figure 3.7: (a) Imaging sensitivity along the direction for the four imaging methods. (b) Axial
localization errors when moving the single scatterer along X.

z = 20 mm but at different elevational positions. The peak intensity profile decreases sharply
when the scatterer is slightly out-of-plane in the CS method, while the BEP and 3D methods
have similar elevational coverage, thanks to the removal of the elevational focus, expanding the
sonification range of BEP along this direction to a similar level as that of the 3D imaging. When
the scatterer reaches the edge, the 3D method performs slightly better than BEP in preserving
the intensities at the side. Fig. 3.7(b) shows the axial localization error in wavelengths of
the post-processing results for the BEP and 3D SR imaging methods. The lateral localization
errors are all close to zero for these three methods and were not shown. The axial localization
errors for the CS method are also not shown in this figure, as any scatterer beyond the central
region cannot be detected as their intensities fall below the initial noise threshold. The axial
localization error of the BEP method is slightly larger than the 3D method and is fluctuating

around zero as the scatterer position moves along X, though the error never exceeds 0.1 .
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Figure 3.8: Localization images of the (a.i) - (b.i) 2-tube and (c.i) - (d.i) 5-tube phantom, with
lower scatter concentration (low conc.) and higher scatter concentration (high conc.), produced
by using the three methods: Central Slice (CS), projection, and the MIP of 3D along X. (a.ii) —
(d.iii): Radial intensity of the SR images along the cyan half rings, which are (a.ii) — (d.ii) 450
and (a.iii) — (d.iii) 1050 pm away from the origin. The radial profile was measured by averaging

the neighboring 20 pixels. (a.iv) — (d.iv) Evaluation Parameters of precision, sensitivity, and
Jaccard Index (J.I.)

Cross-Tube Phantom

Fig. 3.8 shows the localization images of the matrix array probe results for the 2-tube and 5-
tube phantoms with different scatterer concentrations. Localization results were also generated
using the long-pitch 1D unfocused and focused linear array, these images have been placed in the
supplementary material. Fig. 3.8 (a.i) and (c.i) show the results of low scatterer concentration
when each frame has 1 scatterer per microtube, i.e. there are 2 and 5 scatterers present at
each frame in total in the 2-tube and 5-tube phantoms, respectively. With the ground truth
shown in Fig. 3.3. The CS method can only image the central part of the phantom, the
third column shows the maximum intensity projection (MIP) of the 3D localization results
on the same imaging plane as the other three imaging methods. The structural information
captured by BEP-SR is comparable to the 3D SR method. As the scatterer concentration
increases in Fig. 3.8 (b.i) and (d.i), where each frame has 5 scatterers per microtube, it is

shown that the majority of the microtube structures are missing in the CS method, while
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most of them are visible in the BEP and MIP of the 3D results. It means that when both
the structure complexity and scatterer density increased, both the BEP and MIP of the 3D
methods witnessed an image deterioration, shown as a dark central region where the microtubes
get closer. When the scatterer concentration is very high, all the imaging methods fail to
resolve the center of the structure. In Fig. 3.8 (d.ii), the intensity curve of the BEP-SR
method shows a more prominent intensity reduction than the 3D SR curve compared to the
low concentration simulation results in Fig. 3.8 (b.ii). This indicates that the BEP-SR method
is more vulnerable to higher bubble concentrations and complex micro-vessel structures. This
may also potentially cause more inaccurate tracking when the sparsity requirement is not
satisfied, as spatially separate scatterers are more likely to overlap along the projection plane
and cause localization errors and tracking confusion. In Fig. 3.8 (a.iv) — (d.iv), the sensitivity
of the BEP method saw a considerate increase compared to the CS method and is close to the
3D method, notwithstanding the scatterer concentration and structure complexity, although
an abrupt drop in the sensitivity and Jaccard Index as the scatterer concentration increased
can be noticed. In Fig. 3.8 (d.i), when the scatterer concentration is very high, all the imaging

methods fail to resolve the center of the structure.

3.3.2 In vitro Experiments
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Figure 3.9: In wvitro localization, tracking velocity results with center slice image (CS), projec-
tion images (BEP), and MIP image of the 3D volume along the x direction. Intensity profile
along the (a) left and (b) right dashed cyan lines indicated in the CS image.
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Fig. 3.9 shows the localization, velocity and flow direction images of different imaging methods
with the microvascular flow phantom shown in Fig. 3.9. The localization images are self-
normalized for each imaging method. Therefore, the color describes the relative brightness.
More specifically, the brighter 3D localization results indicate a more uniform localization per-
formance of the 3D imaging technique. The similar structure shown in the localization and
velocity image of the BEP image shows its ability to not only localize, but also track mi-
crobubbles that travel in-and-out of the plane, and the calculated velocity is very close to the
experimental set-up, of 50mm/s. In the CS imaging method, only parts of the 3D tube phantom
can be seen, whereas the localization image of the BEP method shows a similar structure as
the MIP of the 3D result, at a cost of less resolving ability, which is confirmed by the intensity
profile along the dashed cyan lines. In Fig. 3.4(a), BEP and 3D imaging resolve the profile of
two peaks coming from the in-plane and out-of-plane tubes, respectively. In contrast, CS can
only detect the profile of the in-plane tube. Whereas in Fig. 3.4(b), same as the other two
imaging methods, CS can detect the profile of the out-of-plane tube that stays closer to the
center imaging area. Besides, the two peaks resolved by BEP are closer than that of the 3D
that serves as the reference, which indicates the inferior ability of BEP in resolving two close

tubes or objects in higher concentration areas.

3.3.3 In vivo Experiments

Fig. 3.10 shows the localization and tracking images of the left rabbit kidney using different
imaging methods. In the CS image, a limited number of microbubbles can be detected and
localized, whereas the localization image of the BEP method shows a much denser network of
microvessels. The results show that the BEP method has similar elevational coverage to the MIP
image of the 3D acquisition, although with a degraded level of detail. This is likely due to the
overlapping signals in the projection direction within the complex microvasculature obscuring
each other and impacting the localization. The dashed lines show locations that demonstrate
the particular advantage of the BEP method. When the vessel network stretches out from the

central imaging plane, it can no longer be reconstructed with the CS method. The BEP method,
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Figure 3.10: In wvivo localization, velocity amplitude, and velocity angle maps of the central
slice, BEP, and MIP of the 3D imaging methods along the y direction. (a)- (c) Intensity profile
of the localization image along the dashed cyan lines as indicated in the localization images.

on the other hand, successfully captured and tracked the out-of-plane microvasculature. This
is further confirmed by the 3D result and the intensity profile in Fig. 3.10(a)-(c), where the

intensity profile of the CS method is flat, and both the BEP and 3D methods see peak profiles.

3.4 DISCUSSION

Inspired by clinical X-ray projectional radiography, this study demonstrates that it is feasible
to obtain micro-vessel information over a large volume with a low computation cost using
projection super-resolution ultrasound. In this proof-of-concept study, we have demonstrated
in both simulation and experiments that BEP-SR can visualize both vascular structures and

2D flow velocity within a 3D volume, the majority of which are not visible using a classic 1D
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linear array that has an elevational focus. Such an approach could significantly expand the
field of view of SRUS in the third dimension without any additional hardware cost and data
transfer/processing cost compared to the conventional 2D imaging method.

Table 3.2 shows the comparison of the different imaging methods when processing one in vivo
dataset. Compared with the 3D imaging method, the BEP method only needs 32 channels
of RF data, a 32-fold decrease in transducer complexity, 10 times less beamforming time, 140
times less memory space, and 360 times less SVD processing time. This simplicity will facilitate

the clinical translation of BEP-SR.

Table 3.2: Computational Cost
CS/BEP 3D

Channel Number 32 1024
Image Size 131*81*1500 131*81*91*1500
(100 pm isotropic pixel/voxel) (z, x, frame) (z, x, y, frame)
Memory Size 127.3 MB 18.2 GB
Beamforming time . )
2 mins 25 mins

(on NVIDIA TITAN Xbp)
SVD ing ti

PTOCESSIg HIme 20 seconds 2 hours

(on 128GB RAM)

BEP-SR would be ideal for imaging tissues when contrast enhanced ultrasound signals are
sparse. When we consider that BEP-SR condenses multiple planes’ tracks into one projec-
tion image, to reduce overlapping in localization and crossed tracks in tracking processing, a
lower concentration of contrast agents than is commonly used in conventional 2D SRUS may
be preferred. Therefore, for tissue with denser vasculature, more compromise between bubble
concentration and acquisition time is needed to ensure the bubble signals are well separated to
ensure localization and tracking performance. On the other hand, the proposed method offers
a framework where a balance can be achieved between bubble concentration (and hence acqui-
sition time) and volume coverage. Even in cases where long acquisition time is not practical,
BEP-SR can still produce localization maps of vascular structure but within a larger volume
and can be highly valuable themselves. Furthermore, the systematic localization errors shown

in Fig. 3.7(b) may also cause some differences in the vascular structures between the BEP-SR
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and the MIP image of full 3D SRUS results.

Compared to the BEP-SR approach, RCA probes can generate 3D SRUS images with an order
of fewer elements compared to a full matrix array probe, while the BEP-SR approach can only
generate 2D SRUS image that is the projection of a 3D volume along the elevational direction
and does not have the elevational resolution. However, BEP-SR can benefit from the low com-
putational cost by performing 2D beamforming, filtering, localization, and tracking compared
to 3D (see Table 3.2), enabling real-time fast SR/ULM processing and still containing infor-
mation pertaining to the whole volume. Additionally, while the RCA probe is dramatically
less expensive and complex than a full matrix array to fabricate, simply taking the 1D arrays
already in production and changing the focusing lens to a flat lens would facilitate faster trans-
lation.

Additionally, given that the typical clinical probe has an elevational pitch of just about 10 mm,
it is worried that employing such a large elevational pitch for this method demonstration may
overstate the volume expansion effect of BEP. However, the argument is that the proposed
probe and the following BEP method are not constrained by modifying the lens of current 1D
probes. Such an unfocused probe can be made from scratch with a large elevational pitch and
utilized on the existing imaging devices specifically for SRUS imaging.

Similarly, a matrix probe is not a requirement for BEP-SR imaging. In this paper, a matrix
array probe was used in both simulation and experiments for a fair comparison of the different
synthesized probes. It is worth noting that the 2D matrix array, the 1D focused linear array,
and the 1D unfocused array each have the same elevational size in both the simulations and
experiments, as such the information captured by the 2D matrix array after summing the sig-
nals is a fair approximation of the 1D unfocused array. One potential concern of using a matrix
array probe is that increased cross-talk caused by more channels and the multiplexing scheme
may affect the results. But considering the main effect of cross-talk is the increased noise level
that will degrade the imaging performance, with fewer channels and a lower cross-talk level, an
actual 1D unfocused probe could potentially generate better BEP-SR results. Further study
needs to verify this using such a probe.

It should be noted that even with the existing 1D array SRUS imaging, there is always a slice
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thickness of the 2D images. Because of the inherent slice thickness of the existing 1D focused
probe, 2D SRUS images already cover vessels in a volume. Researchers have utilized this prop-
erty to infer the third-dimensional information of microbubbles in 2D imaging [262]. However,
by using an unfocused lens in BEP-SR, such a field of view can be significantly expanded. In
this study, our results suggest that the elevational thickness of the imaging volume was in-
creased from about 2 wavelengths to several millimeters, representing an order of magnitude
increase in the elevational coverage at the focal depth. It is also possible to use a diverging lens
to further expand the field of view [263].

In BEP-SR, each single transducer element is long in the elevational direction, in Fig. 3.7(a),
the imaging sensitivity of the BEP method is slightly reduced in the central imaging plane.
This is likely due to the lack of apodization. Integrated apodization can help improve the
sensitivity profile along the elevational direction, and can also help reduce the edge wave levels
that can improve the axial localization shift, such as what has been applied previously to the
RCA array probe [264].

The elevational size of the 1D transducer aperture determines the size of the BEP imaging
volume being covered, but increasing the aperture size can compromise the localization perfor-
mance in the near field. Depending on the scatterer’s location, the backscattered signals will
arrive at different parts of the long single element at different times. The coherence summation
of the scattered signals along the single element could elongate the PSF, causing oscillating
axial localization errors in BEP-SR. However, our results show that the maximum error along
the axial direction using NCC is no more than 0.1 A, which is still well below the diffraction
limit. Furthermore, it is worth mentioning that this axial localization error will decrease as the
imaging depth increases. This is due to the fact that elevational displacement from the imaging
plane is incorrectly attributed as an axial displacement in 2D time of flight beamforming, as the
increase in time of flight between the source and the element is incorrectly assumed to be due
to a greater axial depth. For the same elevational displacement, the elevational angle between
the source point and the imaging plane is lower at greater imaging depths, as such this axial
displacement error will likewise be reduced at greater depth. This may be further addressed by

alternative localization methods using sparsity-based method [265] or deconvolution [7, 261] if
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the system PSF can be fully characterized.

The experiment transmission-reception sequence is different from the simulation where all 1024
elements received signals at the same time. However, with a pulse repetition frequency (PRF)
at 2000 Hz and, a flow speed of 50 mm/s, the moving distance of bubbles within the switching
time of sub-apertures is around 25 um, which is 1/8 of the wavelength, whereas the size (full-
width half maximum) of a PSF using the DAS reconstruction method is about 20 times larger
[266]. Therefore, we assume that the microbubbles are stationary within the switching time of
sub-apertures, and the two methods would generate the same results.

Microbubble dynamics simulation [267] would be desirable to simulate MB’s response proper-
ties but not essential in this proof-of-concept study as the aim of the study is to investigate the
spatial coverage of the proposed BEP-SR imaging method, and the performance of the BEP
method in velocity tracking was investigated experimentally. One concern is that the velocity
is downscaled due to projection operation on a 3D velocity vector, which is a common issue for
tracking in 2D due to the volume-averaging effect. In future work, it is possible to infer the
direction vector by calculating how the image feature changes along one tracking path, which
can be used to correct the projection bias on the speed calculation.

Furthermore, one challenge of the clinical translation of conventional 2D SR US is that the
target position does not stay in the central imaging plane due to motion during the acquisition,
with the BEP imaging method, a certain amount of volume will always be covered without
significant motion, which can help to keep the target tissue in the view, and thus help with
reproducibility. On the other hand, BEP-SR will be more vulnerable to motion as structures
may have different motion displacements within a volume, causing different levels of blurriness
in the projected image.

It should be noted that in the experimental results, the brightness of the microtube phantom
varied significantly along the tube, which is likely caused by the non-uniform pressure field in
this direction due to the existence of gaps between the four sub-apertures of the Vermon ma-
trix transducer. This phenomenon is less apparent in the 3D result as the 3D cross-correlation
localization algorithm with an order higher convolutional region may help to detect more weak

signals than the 2D version.
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3.5 CONCLUSION

In summary, this study demonstrates that BEP-SR can obtain micro-vasculature and flow
velocity information over a large volume using a linear 1D array probe without an elevational
focus lens. The technique requires significantly lower hardware and computing resources than

the full 3D SRUS and is comparable to that required by a classical 2D imaging technique.
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Chapter 4

Multi Aperture Projection SRUS

Imaging

4.1 INTRODUCTION

According to the official report released in 2021 by the NHS England [105], X-ray projectional
radiography is the most widely utilized diagnostic imaging modality in the UK’s clinical ra-
diology, which was performed two times more than X-Ray Computerized Tomography (CT).
Compared to CT, X-ray projectional radiography uses simpler hardware and lower computa-
tional cost, while still condensing information within a 3D volume into a 2D projection image.
Inspired by this efficient imaging modality and its significant clinical application value, BEP-SR
was previously proposed to condense information within a volume into a projection image using
a linear probe without an acoustic lens, while using the super-resolution technique to mitigate
the problem caused by deteriorated elevational resolution, with a significant decrease in channel
numbers and computational cost. However, this BEPSR technique requires more sparse con-
trast agent signals than conventional 2D SRUS since the projection operation requires avoiding
signals overlapping along the elevational direction onto the projection plane. Especially when
the proposed 1D unfocused linear array has a long element height and thus a huge projection

volume along this direction, signals are more likely to overlap.

64
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Compared to a 1D array probe, a 1.75D array probe has a few more rows of elements and
thus reduced element height for each row along the elevational direction. An elevational fo-
cused 1.75D array has been used in previous studies to improve the CNR by correcting the
two-dimensional aberrations [268], narrowing the elevation beamwidth, and thus improving the
contrast of the image [160]. An unfocused 1.75D array probe has also been used as an alter-
native to a 2D matrix probe and can perform three-dimensional ultrasound and photoacoustic
imaging [269], but the 1280 channel number is even higher than a 32x32 matrix array probe.
A two-row unfocused 1.75D array has been used in [2] to calculate the elevational position of
scatterers, in this study, a 1.75D array with four parallel rows of elements was used to increase
the volume coverage without the need of mechanically moving the probe three times, together
with the concept of projection SRUS using each row of elements.

This study investigated the feasibility of using a 1.75D array probe to perform multi-aperture
projection SRUS to improve the imaging performance and the reliance on more sparsity of
scatterers of the projection SRUS method. A microvessel network in simulation is used to show
the proof-of-concept of MAP-SR, which compared the traditional 1D focused linear array, pre-
viously proposed 1D unfocused linear array and 2D matrix array results with different scatter

concentrations, followed by experimental in vitro and ex vivo results.

4.2 METHOD

4.2.1 Transducers

To evaluate the proposed MAP-SR, four probes of the same aperture size were investigated,
including 1) a 2D matrix array probe; 2) an elevational unfocused 1.75D array; 3) an elevational
unfocused 1D array; 4) an elevational focused 1D array. To investigate these four probes, a 2D
matrix array aperture was used at first and then data from the other probes were synthesized
using data from this 2D matrix array.

First of all, a 2D multiplexing matrix array probe (Vermon, Tours, France) with 1024 elements, a

central frequency of 7.8MHz, and an aperture size of 9.6 mm x 10.2 mm, with four sub-apertures
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1D Probe 1D Probe
with lens without lens

D BEP MAP 3D

Figure 4.1: Transducer and four imaging schemes. The diagram of the 32*32 matrix array
transducer is shown on the right. 2D imaging with an elevational focus synthesized by the
central slice of the 3D beam formed volume (only receive focused); BEP imaging and MAP
imaging through plane wave transmission and echoes received and summed along the elevational
direction across the full aperture and one sub-aperture, respectively; 3D imaging through plane
wave transmission and echo reception by all 32x32 transducer elements.

1.75D Probe 2D Probe

2

separated by three empty row lines as shown in Fig 4.1. Plane waves were transmitted using
all the 32*32 elements simultaneously and the received radiofrequency (RF) data was beam
formed using the 3D Delay and Sum (DAS) algorithm. Secondly, to simulate a 1.75D linear
array with the same aperture size, the RF data acquired by the 2D array probe within each sub-
aperture were summed along the elevational direction, effectively reducing the channel number
from 32*32 to 32*4. Thirdly, the simulation of a 1D unfocused linear array, different from
the 1.75D projection processing, RF data was summed along the whole elevation direction,
resulting in a channel number of 32*1. Last, the simulation of a 1D focused linear array by
taking the central slice beamformed image from the volumetric image, which approximation
has been shown valid in the previous study. These four schemes were referred to as 3D, MAP

(Multi-Aperture Projection), BEP (Broad Elevation Projection), and 2D (see Fig 4.1).

4.2.2 Simulation

The simulation was performed using BUFF [188] based on Field II [252] with probe parameters

shown in Table 4.1. The flat aperture can be seen in Fig 4.1, where three dead rows exist
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between each sub-aperture along the elevational direction for fabrication purposes. Microvessel
networks following the fluid dynamics were generated for the simulation evaluation as shown
in Fig 4.2. Simulations with low, medium (2*low) and high (2*medium) concentrations were

repeated for comparison. 3dB noise was added to each group of simulations.

Table 4.1: Simulation Parameters

Parameter name Value

Centre frequency 7.8 MHz
Transmit frequency 7.8 MHz

Speed of Sound 1540 m/s

Wavelength 197 pm

Element width 0.275 mm

Element kerf 0.025 mm

Element number 32*32 (1024)

Aperture size 9.6 (x) *10.2 (y)
mm

Sampling frequency 31.24 MHz

Pulse 2-cycles, Hann-
weighted
Apodization Tukey(0.5)
Elevational Focus 20 mm
Depth
a 4 b
6 5
— g €
£ E o)
N 10
12 15 4
5
5
14 ' 0 0
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Figure 4.2: (a) Projection and (b) 3D view of the microvessel flow phantom placed around
10mm for simulation.
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4.2.3 In vitro Experiments

Figure 4.3: Top (a) and isometric (b) view of the experiment set-up. Microtubes were positioned
in parallel with the help of a grid of holes on the sidewalls, with an acoustic absorbing pad at
the bottom of the phantom.

The 7.8MHz multiplexed matrix probe was used in this study and was driven by a Vantage 256
system (Verasonics Inc., Kirkland, WA, USA). This probe has no physical elevational focus,
providing the flexibility to simulate different types of arrays. Plane wave without steering was
used to reduce the motion effect between transmissions and switching between different sub-
apertures. Then each sub-aperture was used to receive the RF signal sequentially, meaning
that each acquisition frame consists of four separate acquisitions.

A total number of 1000 Frames of images were acquired with a frame rate of 500 Hz. Two 200
pm + 15 pm Hemophan cellulose tubes (Membrana, 3M, Wuppertal, Germany) with a wall
thickness of 8 £ 1 ym were centered at around a depth of 16 mm in parallel, without crossing.
A probe holder was 3D-printed to help align the probe with the phantom, as shown in Fig 4.3.
Microbubbles(MBs) were made in-house according to the method stated in [270], and the MB
solution was diluted 5000 times, resulting in a concentration of 10 per ml. Then the diluted
suspension was injected into the tubes with a constant flow rate of 100 ul/min using a syringe
pump (Harvard Apparatus, Holliston, MA, USA), which equals an average flow speed of 50
mm/s. Each volume of the frame is composed of 51 x 101 x 103 voxels with 100 pym in all

three spatial directions.
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4.2.4 FEzx vivo Experiments
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Figure 4.4: Ez vivo porcine heart experimental setup.

For the ex vivo experiment, a porcine heart was explanted from a white female pig (65-75 kg)
aged 4-5 months, which was retrieved under anesthesia utilizing a human donor heart retrieval
procedure [271]. The experiment was authorized by the Royal Veterinary College Animal and
Ethical Review Board and carried out in compliance with ethical standards (European Com-
mission 2010, Animal Welfare Act 2006, and Welfare for Farm Animals (England) Regulations
2007), as shown in Fig 4.4. MB was infused into the heart using a syringe pump (Harvard
Apparatus, Holliston, MA, USA) at a rate of 5 ml/min. The same imaging sequence as the in

vitro experiment was used to collect 2500 frames of images at a frame rate of 500 Hz.

4.2.5 Post-Processing

For the 3D reference, RF data from four sub-apertures were combined and beam formed to
reconstruct a single 3D volumetric image using the 3D DAS algorithm. Then SVD filtering
[256] was applied to the beam formed data to remove the strong reflections from the tube walls
and tissue signals, where the SVD threshold was chosen by removing the first singular vector in

vitro, and the frequency component below 10 Hz ex vivo, respectively [258]. The 2D dataset was
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generated by taking the central slice out of the 3D beamformed volume and 2D processing was
performed. The BEP dataset was generated by summing the RF data along one direction and
2D beamforming and processing were performed. The MAP dataset was generated by summing
the RF data acquired separately along the same direction within each sub-aperture’s area and
2D beamforming was performed, which is repeated four times using different sub-apertures.
Then the same SVD filtering and threshold selection method was applied to generate the MB-
only datasets. Before SR processing, a two-stage motion correction algorithm containing affine
and non-rigid transform [239, 272, 273] was applied to ex vivo dataset to compensate for the
diastole and contraction motion of the pig heart. For the SR processing, an initial threshold
was applied to remove the noise and 2D cross-correlation and the Kalman filter was used for
the localization and tracking for 2D, BEP, and MAP SR, and the corresponding 3D versions
for 3DSR. To generate the image of the MAPSR result, tracked events from four sub-apertures

were concatenated together to generate one localization and tracking image.

4.3 RESULTS

4.3.1 Simulation

Fig 4.5 a. shows the localization and tracking results of the microvessel phantom, with the
white bar indicating Imm. With a microvessel tree phantom (4.2), the conventional 2D SR can
capture little segments of vessels that are close to the central imaging plane, whereas the BEP,
MAP, and 3D methods can all capture out-of-plane vessel structures within a volume. Fig 4.5
b. shows the zoomed-in area labeled in the 3D localization images. In the upper row images,
it is apparent that 3D successfully resolves the two close mainstream branches, while BEP and
MAP are unable to do so due to the high microbubble concentration at the beginning. In the
lower row images, when the tube branches are more well-distributed, MAP and 3D captured
similar structures while BEP missed some segments. Fig 4.6 d. shows the line profile labeled
in the 3D zoomed-in image above (Fig 4.6 c.). As the gold standard reference, 3DSR can suc-

cessfully resolve two close microvessels with distances of no more than 0.1 mm at two different
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Figure 4.5: a. Simulation localization and tracking results using four different methods, MIP of
3D were plotted for the simplification of visualization. b. Zoomed in area localization images
(upper rows: left triangle, lower row: right triangle)

. ¢. Line profile along the dashed lines in b. The white scale bar indicates a length of 1mm.
In a., the conventional 2S SRUS results only show few scatterers and were not included in b. —
d., whereas all the other three methods can reveal the structure of the 3D vessel network.

places. MAPSR can also achieve this at the cost of the imaging quality, as shown by the less
smooth right tube compared to that of the 3D (right profile of Fig 4.6 d.). BEPSR was not

able to resolve the two vessels when they were closer in the upper place, which is also verified

by the left profile in Fig 4.6 d. Since standard 2DSR is unable to catch these segments, its
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Figure 4.6: Evaluation results of localization and tracking performance in simulation with
phantom centered at 10mm, with lower concentration (L.C.), medium concentration (M.C.),
and higher concentration (H.C.). localization precision (LP), localization recall (LR), tracking
precision (TP), and tracking recall(TR), with the searching radius equal to 1/4 wavelength.

results are not included and measured in 4.6 b.-d.

Fig 4.6 shows the evaluation results of the localization and tracking performance for each imag-
ing method in simulation with three different concentrations. Regardless of concentration, 2D
has the lowest localization precision (LP) out of these four imaging methods. By just removing
the elevational focus, BEPSR can boost this number. At lower concentrations, BEPSR has
higher LP than MAPSR, but as concentration increases, MAPSR has higher LLP. The LP of 3D
is the highest LP whatever the concentration. The localization recall (LR) of MAP remains
the highest among the four imaging methods under different concentrations. MAPSR’s LR is
higher than that of the 3DSR maybe because the same 1/4 wavelength localization error toler-
ance is more stringent to the distance calculation in 3D coordinates in 3DSR, causing less true
positive localization. The LR of BEP, MAP, and 3D all see a decreased trend as concentration
increases. The LR of 2D is very close to zero regardless of the concentration, as it fails to de-

tect and localize the signals distributed in the volume. The tracking precision (TP) of BEPSR,
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MAPSR, and 3DSR is comparable and shows similar change as concentration increases. In all
these concentration scenarios, the tracking recall (TR) of MAPSR is lower than BEPSR, this is
likely caused by the existence of the dead rows within the multiplex matrix probe. Scatterers
flowing into this region may not be able to be captured by MAPSR, causing the continuous
track to lose certain segments within it, breaking into pieces of short tracks and reducing the

tracking precision.

4.3.2 In vitro Experiments
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Figure 4.7: In wvitro localization and tracking results using four different methods, MIP of 3D
were plotted for visualization simplification. The bottom figure shows the line profile measured
along the dashed line indicated in the 3D tracking image above.

Fig 4.7 shows the localization and tracking results of the cross-tube phantom. The line profile
figure shows the intensity measurement result along the dashed line indicated in the 3D tracking
image. With a 3D tube phantom containing one tube in approximately 2D and 3D space,
respectively, the conventional 2D SR shows limited information capturing ability. It can only
visualize one tube after manually selecting one single slice with the most microbubble signals
out of the 3D volume. Whereas the BEP, MAP, and 3D SR methods can all capture these two
tubes’ information within the volume. This can also be confirmed by the line profile where the

2D intensity curve shows only one peak. In contrast, all the other three methods resolve the

profile from these two tubes near the crossing point, with a distance of 120 gm. And the tube
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looks smoother and thinner from the left to the right, as more elevational apertures are used for
imaging. The mean velocities for 2D, BEP, MAP, and 3D are 31.9, 39.7, 38.5, and 41.5 mm/s,
respectively. BEPSR and MAPSR generate similar flow velocity as both tubes were placed in
two parallel off-center imaging planes as much as possible, spanning little along the elevational
direction. This is slightly smaller than the 3DSR results, as also shown by the reddish colors

on the velocity map.

4.3.3 FEx vivo Experiments

Fig 4.8 a. shows the localization and tracking results of the porcine heart, the conventional
2D SR can only capture few vessel segments due to the complex 3D structure of the heart
model, whereas the BEP, MAP, and 3D methods can capture more information within the
same imaging volume. A large vessel is visible in the upper right corner of the localization
images of both MAP and 3D, but BEP is unable to fully visualize it. This is probably because
the high concentration of bubbles in this big vessel area increases the overlapping signals along
the projection direction and leads to more rejection of localization events. Fig 4.8 b. shows
the zoomed-in images of the patches chosen above. Vessel details are gradually enriched from
the left to the right. The 2D results provide limited vessel information in both places. It is
noteworthy that BEP, MAP, and 3D have comparable tracking abilities regarding the velocity
change caused by the split and convergence of this large vessel. As indicated by the upper right
triangle, the two vessel branches exhibit a red-toned color, suggesting an increase in blood
velocity after vessel splitting. A similar phenomenon can also be observed in the other places
indicated by the small triangles on the BEP tracking results. The mean velocity for 2D, BEP,
MAP, and 3D was 74.9, 59.3, 83.3 and 86.1 mm/s.

4.4 DISCUSSION

SRUS/ULM with volumetric information is valuable but existing techniques using matrix ar-

ray transducers face significant challenges in both the matrix array fabrication complexity and



4.4. DISCUSSION 75

Figure 4.8: a. Ez vivo localization and tracking results using four different methods, MIP of
3D were plotted for visualization simplification. The scale bar indicates a length of lmm. b.
Zoomed in regions of 2D, BEPSR, MAPSR, and the MIP of 3D SR results, respectively, from
left to right.

capability in data transfer and processing. Inspired by clinical X-ray radiography, in this proof-
of-concept study, we have demonstrated in both simulation and experiments that with only few
times higher numbers of channels and computational cost, MAP-SR using a 1.75D array and
performing the BEP SRUS using four rows of elements in parallel can generate the projection
SR images with higher imaging quality and higher tolerance of scatter concentration. The
zoomed-in image and the profile image in Fig 4.5 show that when two vessels are separate in
space but close to each other after projecting to the conventional X7 imaging plane, without a

sparse concentration, BEPSR fails to resolve them in some places, while MAPSR’s performance
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is comparable to that of 3D.

Both the TP (Precision = gp telestive ) and TR (Recall = o bruclesitioe )
for the 2DSR results are volatile as the tracking results were evaluated using only few correctly
localized scatterers. This low number of true positive localization events will also affect the
tracking performance. Because the tracking algorithm incorporating the graph-based assign-
ment method only has few tracking pairs to enumerate and minimize the total cost, it thus
cannot achieve optimal performance. The TR for BEPSR is higher than MAPSR, this is likely
caused by the existence of the dead rows within the multiplex matrix probe. However, it is
worth mentioning that this is not inherited from the method proposed. The dead row effect
can be removed by using an actual 1.75D array that doesn’t have any large dead row zones.
It is worth noting that the 2DSR image in Fig 4.7 was generated using a slice of the 3D beam-
formed volumes that corresponded to one tube’s position, rather than the central slice of the
volumes that contain zero localized scatterers and generated one black image. This emphasizes
the benefit of both BEP and MAP SR methods in improving the dependence on the alignment
of the conventional 1D probe’s imaging plane with the targeting tissue slice for clinical research
that needs repeatability. Compared to the BEPSR image, the MAPSR image looks smoother
and more continuous as the BEP method projects more noise into one image, where the noise
was not perfectly incoherent due to the bandwidth limitation, in addition to the increased
cross-talk noise of the matrix probe. The mean velocity of BEP and MAP different from that
of the 3D also indicate that both the projection SR methods will underestimate the velocity.
But it is also possible to infer the third-dimensional velocity information in 2D imaging and
correct the underestimation [262]. Further study can also be investigated using this method to
correct velocity for the proposed projection SR methods.

In Fig 4.8, same as the processing in simulation results, the 2DSR image was generated using
the central slice of the 3D volumes. The phenomenon that only segments of porcine vessels
are visualized in 2DSR also helps emphasize the challenges of using a conventional 1D probe
to do SRUS research that needs repeatability, e.g. cardiac research where the microvasculature
is comparably complex. Compared to BEPSR, another benefit of MAPSR is that the under-

estimation of flow velocity (83.3 mm/s) is smaller as the projection volume decreases, which is
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Table 4.2: Computational Cost

2D /BEP MAP 3D
Image Size 281*121*2500 281*121*2500%4 281*121*123*2500
Data Size 0.81GB 3.26 GB 83.64GB
Saving Time 4s 16s 5bmin
SVD Processing 0.08h 0.37h 4.21h
Motion correction 0.84h 3.44h 32.61 h

quite close to the 3D tracking results (86.1 mm/s).

By comparison, 3DSR has the best imaging quality, but at a significant fabrication and com-
putational cost that hinders its clinical translations. Table 4.2 shows the comparison of the
computational cost of the different imaging methods when processing one ex vivo dataset. Due
to the large size of the 3D data, both the SVD processing and motion correction have to run
on a CPU (Intel(R) Xeon(R) CPU E5-2630 v3 @ 2.40GHz) and 128GB RAM. Although an
advanced CPU can help accelerate the 3D processing, it can also make 2D processing faster,
which already takes hundreds fewer times to save data, and dozens fewer times of memory for
each step of processing before SR processing, which has the potential to make real-time SR
application possible.

It is also worth mentioning that the 1.75D array used in this paper has four rows due to prac-
tical reasons. The benefit of this technique can also be brought by using just a two-row 1.75D
array, further reducing the fabrication cost. Besides, the fitting method used in [2] can also
be conducted to correct the velocity and generate a higher-quality projection image with the

actual velocity map.

4.5 CONCLUSION

In summary, this study demonstrates that MAP-SR can generate super-resolution microscopy
images that capture information on micro-vasculature within a volume using a 1.75D array
probe without an elevational focus. The technique requires hardware and computing resources
that are many folds less than the full 3D SRUS. The localization and tracking performance can

be improved with slightly higher costs than the previously proposed BEPSR method which has
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a similar cost as the classical 2D imaging technique.
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Chapter 5

SRUS using Monodispersed
Microbubbles

5.1 Introduction

Microbubbles have been widely used in SRUS research thanks to their strong scattering proper-
ties and biocompatibility. The backscattered signals from microbubbles are much higher than
that of red blood cells and individual microbubbles are detectable with ultrasound. In SRUS
imaging, sparse distribution of the bubbles is preferred as individual microbubbles need to be
detected, localized, and tracked over time. Therefore a long acquisition time is needed to ac-
cumulate the localisations and tracks to generate SR images revealing the complex microvessel
structure [19].

To address this problem of long acquisition time, a sparsity-based algorithm [21] that is dif-
ferent from the conventional localization-tracking pair processing method was developed. This
method exploits the statistically independent signals within a sparse microvasculature and can
generate an SR image with only tens of milliseconds of acquisition. However, this method can
only generate localization images without any flow information.

Research has also been conducted to improve the separation of contrast agents at higher con-

centrations, thus reducing the acquisition time. For example, an advanced filtering method was

79
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proposed to filter MB with different velocities according to their spatiotemporal characteristics
[20].

Deep-learning tools were also introduced to solve this problem in the image domain. For ex-
ample, a convolutional neural network (CNN) was used to perform localization processing in
higher concentrations [22]. This model can deduct the image feature of overlapped radiofre-
quency signals coming from close microbubbles. However, the model is not robust enough
to perform better than the traditional localization method in low-density scenarios. Using a
different strategy, another CNN was trained based on an optical mouse brain image [274]. It
is demonstrated to recover the microvasculature at a higher resolution than the conventional
localisation-tracking pair method in the high-density scenario. But reference images for train-
ing are not always available in vivo and both methods using CNN models cannot generate flow
information. Therefore, how to work with data of different bubble concentrations, while still
being able to generate flow velocity information is still being widely investigated.

Therefore, how to reduce the dependency of SRUS on sparsity, while still being accessible to
the velocity information is still being widely investigated. All the research mentioned above
is aimed at improving the separation of overlapped contrast agent signals during the post-
processing step. In contrast, this study aims to investigate if microbubble signals can be better
separated during the imaging stage by introducing monodispersed microbubbles.

Currently, commercialized ultrasound microbubbles are produced with a polydispersed size
distribution [180]. However, monodispersed microbubbles with more uniform size distribution
have been proven to have higher sensitivity than polydispersed ones in vitro [192] and in vivo
[193], which were analyzed based on the average scattering power per bubble. One of the rea-
sons is that the microbubble’s resonant frequency depends on its diameter, the imaging system
having a limited bandwidth is only sensitive to a limited range of bubble size.

It has been demonstrated that using a combined imaging strategy (switching between Bmode
and contrast mode) within one acquisition may increase the localization efficiency and thus re-
duce the acquisition time needed to saturate the vasculature in SRUS images [275]. Similarly,
it was also demonstrated that with the same concentration, monodispersed microbubbles with

larger diameters can increase the SR imaging sensitivity [194]. However, both studies lacked
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simulation validations and only conducted experiments using one US imaging system operating
at one center frequency. Therefore, this chapter aims to use two different probes operating at
different frequencies in silico and in vitro to investigate two hypotheses:

1. with control of the transmit pulse and sequence parameters, can different bubbles be selec-
tively imaged according to their different sizes in experiments?

2. can the detection sensitivity be improved by utilizing the more uniformed mono-dispersed
microbubbles in SRUS where spatially independent microbubbles need to be localized and
tracked?

It is worth noting that there are different methods to produce monodispersed microbubbles.
For example, researchers made monodispersed microbubbles using SonoVue/Lumason (Bracco
Imaging S.p.A., Colleretto Giacosa, Italy) and then sorted the bubbles according to their sizes
[192, 193]. Definity (Lantheus Medical Imaging, North Billerica, MA) was used directly in
[275]. Homemade and size-selected monodispersed microbubbles were used to compare with
commercial polydispersed microbubbles including Definity and Optison (GE Healthcare Bio-
Sciences, Pittsburgh, PA) in [194]. In this study, size-sorted monodispersed and polydispersed

microbubbles were provided by our industry partner.

5.2 Method

5.2.1 Simulation

To start the investigation, simulations were done in BUbble Flow Field (BUFF) [188] which
incorporates the Marmottant lipid-coated microbubble model into the Field IT simulation frame-
work [188]. Simulations of a single bubble’s response with different sizes are done and a tube

phantom with different flowing microbubbles is conducted to perform SRUS imaging.
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Bubble Response

To investigate the first hypothesis that different-sized microbubbles can be selectively excited
using different pulses, bubble responses with different simulation parameters were first gener-
ated. Due to the limited choice of practically available monodispersed MBs, the largest and

smallest sizes are 5.9 ym and 3.5 pum respectively.
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Figure 5.1: Size distributions of different microbubbles populations.

To investigate the second hypothesis that monodispersed microbubbles can help improve the
detection sensitivity of SRUS imaging, two tubes crossed at the center were filled with flow-
ing scatters. Scatterers are generated following the size distribution of different microbubbles
according to the data provided by our industry collaborator, as shown in Fig 5.1. Both 2D
imaging and 3D imaging simulation were tried using 1D array probes and a 2D array probe,
respectively.

Polydispser MB and monodispersed MB with a mean size of 3.5um and 5.9um were used for
tube phantom simulation. Considering their resonant frequencies, and the limited physical
equipment available to us, one linear array probe L12-3v and one matrix probe Matrix1024-
8MHz were chosen for simulation, which can be later compared to experiments. BMode imaging
simulation was performed. Simulation parameters are shown in Table 5.1. Plane waves with-
out any steering were used for the simulations. 3dB noise was added to each dataset. Delay

and Sum (DAS) algorithm was used for image reconstruction. Once beamforming was done,
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Table 5.1: Simulation parameters for tube phantom simulation.

Parameters 1D probe 2D Probe
Probe Name L12-3v Matrix1024
Bandwidth [4.04, 11.04]MHz [5.47, 10.15]MHz
fo 3.7 MHz 7.8 MHz
Pulse Cycle 2 2
Receive Apodization tukey(0.5) None
MI 0.05 0.05
Frame Rate 500 500
Total frame 2000 2000
Max Velocity 25mm/s 25mm/s
Focusing/Steering None None

localization[276] and tracking [261] were performed, followed by the evaluation of the perfor-
mance. 3.7 MHz was chosen as the transmit frequency when using the L12-3v probe as a
compromise between the resonant frequency of the 3.5um bubbles and the bandwidth limit of
this probe.

For the post-processing, cross-correlation [276] was used for localization. First, Field II [189]
was used to simulate a single scatter at (x =0, y =0, z = 20 mm) to create the reference point
spread function (PSF) of the L12-3v probe and 7.8 MHz multiplexed matrix probe (Vermon,
France). A noise threshold of 0.1 was chosen empirically with the image being normalized and
its intensity ranges from 0 to 1. NCC between the PSF template and the images was carried
out following intensity thresholding. Next, local maxima were identified on the correlation
coefficient-thresholded images (0.3 was selected empirically). To save computational expenses,
a 5*5*5 patch surrounding each maximum was extracted from the low-resolution correlation
coefficient map. Spline interpolation was then used, and the maximum value inside each patch
was localized. The same noise threshold and correlation coefficient threshold were applied

across simulations using different monodispersed microbubbles.

Table 5.2: Post-processing parameters for tube phantom simulations.

Steps Parameters Number
localization noise threshold 0.1 (image intensity between [0,1])
correlation threshold 0.4
tracking ~ minimum length (frames) 2

evaluation localization error tolerance A4
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Kalman filter was used for tracking processing [261], and two types of tracking algorithms were
used, incorporating the power feature of the bubbles in the Kalman filter or not. The hypothesis
is that more uniformed PSFs would have more similar power intensities among the consecutive
frames, hence may improve the pairing performance. Without the power feature, the Kalman
filter will only link bubbles according to their position information. Therefore, the power fea-
ture was included or not to see how the monodispersed microbubble’s higher uniformity could
affect the tracking performance in SRUS. The simulation and post-processing parameters can
be seen in Table 5.2.

The evaluation was also done using the BUFF simulator, using metrics defined in [188], the
localization error tolerance level defined as A/4. Apart from the metric mentioned in Chapter
3.2.3, there are two additional two metrics used in this chapter: Localization error and Tracking
erTor.

Localization error, which is the root mean square error (RMSE) of all the true positive localiza-
tions (Nrp), describes the average distance between the correctly localized events (T'P) with

the ground truth position (GT).

> ierp distance(TP;, GT;)

RMSE =
Nrp

(5.2.1)

Tracking error, this is calculated via the correct pair distance as bubbles that travel further
away between two consecutive frames are harder to track, and achieving this indicates a better
tracking performance. Therefore, a weighted Jaccard Index metric was introduced with the

parameters being weighted by the distance of each pair.

7 TP, L
= where
TP;+ FP;+ FNy’

TP, = Z distance(pair;)

i€TP

(5.2.2)

FP, = Z distance(pair;)

i€FP

FNy; = Z distance(pair;)

i€EFN
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A variation of this metric J* = 2J — 1 was used to remap the range of this metric from [0, 1]

to [—1, 1], where a negative value means the tracked pairs were mostly incorrect.

5.2.2 In Vitro Experiment

Experiments were also conducted to investigate if controlling the transmit pulse parameters,
together with the spectral filtering techniques can selectively excite a certain size of bubbles.
The hypothesis is that by selecting bubbles selectively, a higher concentration of bubbles with
different size distributions can be separated within the field of view. In detail, with the help
of the ultrafast ultrasound technique, pulse sequences can be switched quickly. Therefore,
signals from different sizes of bubbles that are only sensitive to a specific pulse/sequence can be
acquired within the same acquisition time window. This will help reduce the total acquisition
time needed to generate a saturated SRUS image.

Table 5.3: Monodispersed microbubble parameters for in vitro experiment.
Parameters Bubble 1 Bubble 2

Bubble Size /um 3.5 5.9
Resonant frequency / MHz  3.2067 1.5915

Table 5.4: Physical probes parameters for in vitro experiment.

Parameters Probe 1 Probe 2
Probe Name L12-3v P4-2
Bandwidth (6dB) /MHz [4.03, 11.05] [1.71, 3.73]
FO0 /MHz 7.54 2.72
Tx /MHz 3.68 1.95

Similar to the tube phantom in simulation, a cross-tube phantom was also used in vitro filled
with different-sized microbubbles with the maximum and minimum diameters shown in Table
5.3. Two ultrasound transducer probes were chosen to try to accommodate their resonant
frequency bandwidths, see Table 5.4.

The P4-2 probe was used to transmit at MI = 0.1 and 1.95 MHz, which is the resonant frequency
of the 3.5um-sized bubble. Two tubes were filled with different-sized bubbles that had a mean

diameter of 3.5um and 5.9um, respectively. Once a set of the acquisition was done, the tube was
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flushed with water and filled with the other size of the bubble. This exchange aims to exclude
the variation that may be brought by the flow resistance of the tubes themselves. Apart from
B Mode imaging, PI and AM imaging were also performed.

The L12-3v probe was used to transmit at MI = 0.1 and 3.68 MHz, which is close to the
resonant frequency of the 5.9um-sized bubble. Bmode, PI, and AM sequences were performed.
Besides, 5 MHz was also transmitted to see how different-sized bubbles react to a transmission
frequency that is not close to their resonant frequencies. Thanks to the wider bandwidth of

this probe, PI and AM sequences can also be performed at 5MHz to receive harmonics.

5.3 Result

5.3.1 Simulation

Bubble Response

Table 5.5: Bubble response simulation parameters with different pulse cycles.
Diameter/um Pulse Cycle FO/MHz MI  Bandwidth/MHz

2.9 1.59 0.055 )

O O = N

Table 5.6: Bubble response simulation parameters with different MlIs and f,

Diameter/um Pulse Cycle F0/MHz MI Bandwidth/MHz
2.9
4.8 2,8 1.59, 3.21 0.0055, 0.055 5
3.5

Fig 5.2 shows a single 5.9um bubble’s response to different pulses with parameters in Table 5.5.
Increasing the number of cycles can narrow down a microbubble’s response spectrum around

the resonant frequency but with little difference in harmonic components’ magnitude.

Fig 5.3 and Fig 5.4 shows bubbles’ response to different pulse cycles, excitation frequencies,
and MIs with parameters in Table 5.6. It is observed that the oscillation behaviour of the bub-

bles and their harmonic generation are highly complex. As their oscillation includes different
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Figure 5.2: Bubble response to different pulse lengths
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Figure 5.3: Bubble response to (a) (c) pulse cycle = 2 and (b) (d) (f) pulse cycle = 8 when
MI = 0.005 (a-b) and 0.05(c-d), respectively. fo = 1.59MHz, the resonant frequency of the
5.9um-sized bubble
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Figure 5.4: Bubble response to (a) (c) pulse cycle = 2 and (b) (d) (f) pulse cycle = 8 when
MI = 0.005 (a-b) and 0.05 (c-d), respectively. fo = 3.21MHz, the resonant frequency of the
3.5um-sized bubble

regimes including elastic oscillation, shell buckling and shell rupture, and where these regimes
are and where the bubble lies in these buckling-elastic-rupture regimes all impact the acoustic
signals we observe. The initial size of the bubble, and the ultrasound pulse parameters also
impact in which regime(s) the bubble oscillates.

It shows that when the pulse cycle is short at 2, the 5.9um-sized bubble at resonance generates
stronger responses at both MIs, which mainly consist of the fundamental frequency component.
This is likely because, at lower incident pressure, the resonant microbubbles undergo largely
symmetric expansion and compression, and emit most signals with the same frequency as the
incident pulse [277]. Whereas the 3.5um-sized bubble off-resonance oscillates more asymmet-
rically and generates more nonlinear responses containing a higher percentage of harmonics.
This may be due to the stronger nonlinear behaviour of such bubbles as simulated by the

bubble dynamics model, the Marmottant model used for this simulation, where thresholds for
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shell buckling and rupture depend on bubble size and pressure. When the larger bubble is at
resonance, it is likely the oscillation is mostly in the “elastic” regime of the oscillation, which is
more linear, while the off-resonance bubbles may be more in the “shell buckling” regime, which
gives strong nonlinear harmonics relative to the fundamental signals.

The spectrum around the fundamental frequency narrows down as expected since a longer pulse
has a narrower bandwidth. Under a higher MI and longer pulse length, larger bubbles (5.9um)
at resonance generate significantly stronger responses than bubbles that are off-resonance, and
the proportion of the higher harmonics to the fundamental component is similar to other bub-
bles. This may be because, at a higher pressure and pulse length, the amplitude of the bubble
oscillation increases and can go more into the nonlinear regime including both shell buckling
and shell rupturing.

Fig 5.4 shows that larger bubbles generate stronger echoes than smaller bubbles when they
are at resonance and off-resonance, respectively. While smaller-sized bubbles at resonance can
generate a similar intensity of echoes as the larger bubbles that are off-resonance, regardless
of the pulse cycle. It is also shown that the resonant 3.5um-sized bubble generates responses

consisting of more harmonic components for both pulse lengths.

Tube Phantom in Simulation

L12-3v Probe

5.9um 3.5um Poly

Figure 5.5: Single frame B-mode images with pulse cycle = 2 in simulation
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Poly

Localization

Figure 5.6: Localization and tracking results in simulation using L12-3v.

Table 5.7: Evaluation results for 2D tube phantom simulation using L12-3v.

Tracking with Power  Tracking without Power

Concentration Step Metrics 5.9um 35um  Doly 5.9um 35um  Doly

Precision 0.98 0.98 0.98
localization Recall 0.59 0.59 0.53
Error (um) 5822  58.25 54.13 58.26 58.23 54.14

High Precision  0.91 092 093 091 092  0.93
tracking Recall 0.95 0.95 0.95 0.95 0.95 0.95
Score 0.67 0.68 0.72 0.66 0.67 0.71
Precision 0.98 0.99 0.99
localization Recall 0.75 0.73 0.71
Low Error (um) 75.44 4855 43.30 7542 48.55 43.32
Precision 0.94 0.94 0.95 0.94 0.94 0.95
tracking Recall 0.95 0.96 0.96 0.94 0.96 0.95
Score 0.73 0.76 0.78 0.72 0.76 0.77

Fig 5.5 shows the single frame Bmode image from three simulations using two sizes of monodis-
persed microbubbles and polydispersed microbubbles. The red arrow indicates the PSF varia-
tions among them, especially the similar-sized PSF's in the left two images, and the brighter and
disappeared bubbles that appeared in the polydispersed dataset. The localization and tracking
results can be seen in Fig 5.6. The zoomed-in image of the center crossing part is shown below
each image.

The evaluation metrics are shown in Table 5.7 using metrics in equation 3.2.1 and 5.2.2. As the

concentration decreased, the localization recall, localization error, tracking precision, and thus
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the tracking score improved regardless of the size of the contrast agents. The polydispersed
and larger MB has the lowest and highest localization recall, whatever the concentration is.

This may be because the stronger response of the larger bubble increases the number of cor-

rectly localized events (Recall = 7— Poitrﬁzi‘;ﬁzggj\,egam(g). Whereas the darker bubble signals
as shown in the single-frame image are less likely to be correctly localized, reducing the num-
ber of correctly localized events and thus the recall rate. The localization error of the larger
MB dataset is the highest, this may be because the localization processing is performed using
cross-correlation algorithms, where a linear scatterer’s PSF was used as the template for the
correlation performance. This may cause different levels of systematic shift during this local-
ization process, and as the larger bubble has a larger PSF, this systematic shift is likely to
be larger. The tracking performance of the polydispersed MB is the highest, which may be
because the non-uniform PSFs help the graph-based tracking algorithm to differentiate and
match these bubble pairs. Removing the power feature in the Kalman filter tracker has little
negative impact on the tracking metrics.

Fig 5.7 shows the same frame of Bmode image as Fig 5.6 from three simulations when the pulse

cycle is increased to 8, axial resolution decreased significantly. Due to the bad axial resolution,

the super-resolution processing was not implemented as these bubbles are hard to isolate.

5.9um Pulse Cylce = 8 3.5um Pulse Cylce = 8 Poly Pulse Cylce = 8

Figure 5.7: Single frame B-mode images with pulse cycle = 8 in simulation

Matrix Probe

Fig 5.8 shows the localization and tracking results using a 3D tube phantom. The zoomed-in

image of the center crossing part is shown below each image. The evaluation metrics are shown
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Figure 5.8: Localization and tracking results in simulation using Matrix probe.

Table 5.8: Evaluation results for 3D tube phantom simulation using Matrix1024-8MHz.

Concentration Step Motrics Tracking with Power  Tracking without Power

5.9um 3.5um Poly 59um 3.5um  Poly

Precision 0.53 0.52 0.63
localization Recall 0.30 0.31 0.24
Error (um) 27.27 27.40 26.28 41.90 38.01

High Precision 0.98 0.98 0.98 0.98 0.98 0.98
tracking Recall 0.99 0.99 0.98 0.98 0.99 0.97
Score 0.91 0.93 0.90 0.90 0.92 0.89
Precision 0.66 0.68 0.73
localization Recall 0.51 0.52 0.43
Low Error (um) 23.26 23.24 2292 33.88 33.51 3148
Precision 0.99 0.99 0.99 0.99 0.99 0.99
tracking Recall 0.99 0.99 0.99 0.99 0.98 0.98
Score 0.95 094 0.95 0.94 0.93 0.94

in Table 5.8 using metrics in equation 3.2.1 and 5.2.2. Similar to the 2D results using the L12-3v
probe, in the 3D simulation results using the matrix probe, polydispersed microbubbles have
a lower localization recall rate while the smallest localization errors. The discontinuities in the
lower right tracking images and the lower saturation of the localization image also correspond
to the lower recall rate that may caused by less correctly localized events. The tracking scores
are very close using three types of microbubbles, it seems that the polydispersed microbubble
generates a higher tracking score at a lower concentration, and a lower tracking score at a higher
concentration, but these numbers are very close. Removing the power feature in the Kalman

tracker caused a slight decrease in the tracking score.
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5.3.2 In Vitro Experiment
P4-2 Probe

Fig 5.9 shows the B-mode image of four consecutive acquisitions, which is the summation of
500 compounded frames after the mean subtraction to remove the tube wall reflections. Fig
5.10 and Fig 5.11 show the results of the PI and AM sequence, with the transmission frequency
at 1.95MHz. Little difference can be seen from the results regarding the intensities of different

sizes of monodispersed MBs.

Acq. 1 Acq. 2 Acq. 3 Acq. 4

Figure 5.9: BMode image using P4-2 in vitro, summed 500 frames with mean subtraction
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Figure 5.10: PI image using P4-2 in wvitro, summed 500 frames
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L12-3v Probe

Fig 5.12 shows the B-mode image of four consecutive acquisitions with two different transmission
frequencies at 3.68 MHz and 5MHz, which is the summation of 500 compounded frames after

the mean subtraction to remove the tube wall reflections. Fig 5.13 and Fig 5.14 show the same
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Acq. 3 Acq. 4

3.5um
5.9um ><
5.9um

B 3 50um ><

Figure 5.11: AM image using P4-2 in vitro, summed 500 frames

but the results of PI and AM sequence, respectively. Little difference can be seen regarding
the intensities of different sizes of monodispersed MBs. PI images show weaker intensities than

AM images due to the lack of fundamental signals.

Acq. 1 Acq. 2 Acq. 3 Acq. 4

TX: 3.68 MHz
3.5um
5.9um ><

TX: 5.00 MHz

Figure 5.12: BMode image using L12-3v in vitro, summed 500 frames with mean subtraction

Acq. 1 Acq. 2 Acq. 3 Acq. 4

TX: 3.6765 MHz
3. 5um

5. 9um

TX: 5 MHz

Figure 5.13: PI image using L.12-3v in vitro, summed 500 frames
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Acq. 1 Acq. 2 Acq. 3

TX: 3.6765 MHz
3.5um
5.9um ><

TX: 5 MHz

Figure 5.14: AM image using L12-3v in vitro, summed 500 frames

Matrix Probe

5.9um 3.5um Poly

Figure 5.15: Localization and tracking results in vitro using matrix probe.

Fig 5.15 shows the localization and tracking results using a 3D tube phantom. The discontinu-
ities in polydispersed microbubble images also correspond to the lower recall rate in simulation

results.

5.4 Discussion

Fig 5.3 and Fig 5.4 indicate that under a moderate MI, the resonant larger bubble can emit
higher intensity echoes, whether the pulse is short or long. This can be utilized to give promi-
nence to signals from a certain-sized bubble during the imaging process. But when switching the

excitation frequency to the resonant frequency of smaller sized bubbles, these smaller bubbles
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will not generate stronger echoes than that of the off-resonance larger bubble, and therefore, it
will not help in extracting different sized bubble signals relying on the echo intensity difference
by switching the excitation frequencies.

The observation in Fig 5.6 corresponds to the conclusion drawn by [194] that larger-sized bub-
bles can help improve the detection sensitivity of SRUS in vitro and in vivo. The new simulation
findings in this study are that this improved sensitivity may be explained by the increased lo-
calization recall rate of the larger bubble, which comes at the cost of larger localization errors
and worse tracking performance. The larger localization error may be caused by their larger
PSFs, and the uniform PSF may harm the tracking algorithm’s performance that incorporates
the graph-based optimization method.

The in vitro experimental results from Fig 5.9 to Fig 5.14 also show little different responses
from two different-sized bubbles in reacting to different sequences or transmission frequencies,
indicating that bubbles were not selectively excited. Some reasons may explain these little
differences caused by the monodispersed microbubbles on 2D SRUS imaging in vitro.

Firstly, as mentioned above, for SR imaging purposes, a broadband transmission pulse is pre-
ferred to ensure a high axial resolution to help separate different UCA signals. The significant
axial resolution decrease in Fig 5.7 compared to Fig 5.5 poses a challenge to the SRUS which re-
quires UCA to be spatially separated. However, a narrower band excitation for a monodispersed
microbubble would be preferred for specifically imaging a certain bubble size. Monodispersed
bubbles have a narrower resonance frequency range, and if it matches with a narrow band
excitation, more responses can be expected from these monodispered bubbles. As reported
before, the control over the resonant microbubbles can be improved using a longer pulse to
take advantage of their narrow band response. As reported before, the control over the reso-
nant microbubbles can be improved using a longer pulse take advantage of their narrow band
response. [192]. It is worth investigating how to use a longer pulse to enhance the control of
monodispersed microbubbles while keeping the axial resolution.

Secondly, due to practical reasons, the bandwidth of the 1D probes, P4-2, 1.L12-3v cannot cover
the response spectrum of monodispersed microbubbles very well. Due to the manufacture lim-

itations, the smallest monodispersed microbubble that can be manufactured is around 3.5um,
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whose resonant frequency is 3.5MHz. However, a probe that has a bandwidth between 2-10
MHz is not available in this lab currently.

The other possible solution is to use smaller-sized monodisperse microbubbles. As reported,
when using the nonlinear CPS imaging mode, bubbles smaller than 3.5um have an advantage
regarding the contrast-to-tissue ratio [275]. This may be because smaller bubbles have a higher
percentage of non-linear components [192], which is also verified using the simulation results
in Fig 5.3 and Fig 5.4. However, this higher non-linearity comes at the cost of lower response
amplitude compared to larger MBs [275, 184], especially when the larger MB is at resonance,
as shown in Fig 5.3 and Fig 5.4. This needs further investigation.

Besides, some studies also reported that larger-sized MBs always generate the best SRUS images
compared to other selected sizes in silico [278], in vitro [194] and in vivo [279, 194] in BMode,
and even under harmonic imaging mode [279], thanks to their stronger response. Therefore,
whether the benefit of higher non-linearity of smaller MBs (< 3um) will be canceled out by
their weaker response still needs investigation.

Thirdly, the other possible reason is that the microbubble parameters used in the Marmonttant
model [182], including the surrounding liquid density and liquid viscosity, the surface viscosity
of the monolayer are different from that of practical bubbles, causing mismatches between the
simulation and the experimental results.

Fig 5.8 and Table 5.8 indicate that in 3D SRUS imaging, polydispersed microbubble has a
lower recall rate, but the gap between it and the best recall rate of the largest monodispersed
MB is enlarged compared to the 2D SRUS results. This is also reflected by the in silico and in
vitro images where tube images using polydispersed MBs have more discontinuities. However,
this higher sensitivity of monodispersed MBs in 3D comes at the cost of lower localization
precision in high-concentration scenarios, and slightly lower tracking score in low-concentration
scenarios, according to the results in silico.

It is worth noting that in both 2D SRUS and 3D SRUS simulation results, the tracking perfor-
mance using polydispersed MBs is better. This may be because the more homogenous PSF's
of monodispersed MBs cause difficulties in the tracker pairing different similar-sized MBs.

Whereas it is easier to pair different MBs with larger size differences as their signals differ more
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from each other.

Another potential concern of using monodisperse microbubbles in imaging is the stability of
their size distribution. Once injected into a physiological environment and undergoing varied
pressure, how will the size distribution change or persist hasn’'t been investigated yet. This
would also affect the expectation of its effect on SR performance in wvivo using Bmode or

contrast mode imaging.

5.5 Conclusion

This chapter compared the performance of monodispersed and polydispersed microbubbles in
simulation and in vitro using linear array and matrix array probes. Results show that using
monodispersed microbubbles can improve the localization recall rate in SRUS, at a cost of larger
localization errors and tracking performance. Therefore, it is concluded that the monodispersed
microbubble we used in these experiments doesn’t have a significant advantage in reducing the
acquisition time of SR US or improving the SR US performance based on the investigation

above.
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Conclusion

6.1 Summary of Thesis Achievements

This thesis proposed two projection SRUS imaging techniques using two types of probes to
acquire information within a volume, using significantly less hardware and computational costs
than 3D SRUS, which holds promise to improve the repeatability in clinical studies and therefore
promote the clinical translation of the SRUS technique. The effects of monodispersed MBs
on SRUS imaging performance were also investigated and it is concluded that no significant
advantage can be achieved by using these specific monodispersed MBs and the probes available

to us.

6.2 Future Work

As mentioned in Chapter 3, the work was done using a matrix array probe to synthesize dif-
ferent types of probes, including the proposed 1D unfocused array probe. It is also worth
investigating the feasibility of using a row-column-addressed array probe that has long, orthog-
onal elements along both lateral directions for BEPSR. To perform projection imaging, instead

of transmitting using columns/rows and receiving using rows/columns, only columns/rows can

99
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be used for both transmission and reception without exchange. Enabling the RCA probe to be
able to switch between 3D imaging and BEP imaging, where the previous process can be slow
in real-time imaging due to the large image volume, while the latter can help to achieve SRUS
in real-time with volumetric information.

All the work in Chapter 3 and Chapter 4 was done using the 2D matrix probe, which brought
four disadvantages. Firstly, 1024 channels of data need to be transferred and processed, which
slows down the data acquisition speed and the beamforming frame rate in real-time imaging.
Secondly, to drive the matrix probe in full, four 256-channel ultrasound drivers e.g. Verasoinics
systems are needed. Only one Verasonics system was used in this work and the matrix probe
was driven in a multiplexing mode. This reduced the maximum imaging frame rate that can be
achieved by four. Thirdly, the high level of cross-talk between different channels of this probe
has increased the coherence level of noise signals, which increases the noise level after summing
the signals and deteriorates the projection performance as a consequence. Last but not least,
the dead rows between these sub-apertures of the matrix probe, necessary for the fabrication
process, introduce uneven volume coverage and a heterogeneous pressure field within an imag-
ing depth of 20mm, decreasing the imaging performance. Therefore, it is worth manufacturing
a genuine 1D unfocused array probe by replacing the elevational focused lens with a flat lens
of an existing 1D linear probe and investigating the feasibility of BEP-SR in real-time using
this probe, hopefully with less data to process, faster imaging frame rate, higher signal-to-noise
ratio, and more homogenous pressure field.

It is also worth manufacturing a 1.75D array probe to investigate how MAPSR will work in
real-time and how the number of row elements of a 1.75D array probe would affect its perfor-
mance. As mentioned in Chapter 4, it is hypothesized that even a two-row 1.75D array probe
can help improve the projection imaging technique’s dependence on contrast agents’ sparsity,
thanks to the reduced element height along the projection direction. Quantitative studies need
to be done to investigate if the benefits of additional rows of elements and thus decreased el-
ement height are worth the cost of more hardware complexity and computational cost which
includes multiple times more motion correction in the post-processing.

It would be worth thinking about potential clinical applications using these techniques. Both
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the in vivo results in Chapter 3 and Chapter 4 using rabbit kidney and porcine heart, respec-
tively, have broad branches that benefit the projection methods in addressing the volumetric
information capturing ability. However, it was found difficult to process the full-view rabbit
kidney dataset due to the high-density vessel networks, even using the MAPSR, technique to-
gether with decreased contrast agent concentrations. Therefore, collaborating with clinicians
and scoping the clinical application area would be significantly helpful. Breast tumors may
be a good choice to start with, as the microvessels inside the volume have been realized to be
usually torturous and sparse, according to the initial observation from another project within
this group.

Apart from the perspective of clinical applications, further studies can be done to enhance the
techniques by introducing other processing algorithms. For example, as mentioned in Chapter
3, one benefit of the proposed projection SR techniques is to track microbubbles in the lateral
depth direction (2D coordinate) even when they also move in the elevational direction (3D
coordinate). While the disadvantage of doing so is the underestimation of the speed, due to the
lack of a full volumetric velocity vector. However, it is possible to calculate the direction vector
component in the elevational direction from the gradient of microbubble power feature change
along the same track. Regarding this problem, as seen in Fig 6.1, microbubble intensity change
on the same track along consecutive frames may have two causes: Firstly, as aforementioned,
the same microbubble moving along the elevational direction may have gradually decreased

power feature along its track. Secondly, two bubbles that have different intensities that are de-

Frame N Frame N+1

Figure 6.1: A pair of bubbles in two consecutive frames.
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termined by their distinct response characteristics are paired incorrectly. This is more likely to
happen when using polydispersed microbubbles that have large MB intensity variations, as seen
in Fig 5.5. In contrast, using monodispersed MB with more uniform MB intensity distributions,
as well as a motion model, may help exclude the second reason, where the intensity change is
more likely caused by the out-of-plane motion, and consequently, help with the direction vector
reconstruction. However, as discovered in Chapter 5, using monodispersed MB degrades the
tracking algorithms’ performance due to the homogenous MB PSFs. Therefore, whether using
monodispersed MB can improve the direction vector reconstruction needs further study.

The other study that can also potentially enhance the projection SRUS technique is utilizing
the edge wave information that causes the signal elongation along the axial direction due to the
long height of the elements. The image feature of this edge wave information can be used to
reconstruct the 3D and thus the elevational information. A trial investigation has been made
using deep learning methods like convolutional neural networks (CNN) to reconstruct the 3D
image from the projection image using the network provided by [280]. In Fig 6.2, the 3D image
was reconstructed successfully using the projection X-ray image.

To adapt the network to our application objective, simulations were conducted using a 1D

X-ray Projection Radiography Reconstructed 3D X-ray image

Figure 6.2: 3D reconstruction (right) using X-ray projection image (left) using networks and
dataset provided by [280].

unfocused array probe, and 2D beamforming was performed to generate the projection images.
Then the projection image was used as the input, and the reference 3D image was used as the
output of the model. Using the same network architecture as [280] and trained 1000 epochs, the

reconstructed 3D B-mode image can be generated from the projection B-mode image, as seen
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Figure 6.3: a.3D reconstruction (right) using projection Bmode image (left) using networks
trained in [280]. b. Comparisons of the 3D reconstructed results with the ground truth results,
using the MIP image from three directions. 'pred’ means reconstructed image, 'gt’ means 3D
simulation results as the ground truth. Z: depth, X: lateral, Y: elevational.
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Figure 6.4: Comparisons of the 3D reconstructed results with the ground truth results using
single scatterer.

in Fig 6.3 a. It shows the simulated 2D Bmode images on the left and the 3D reconstructions
using the trained neural network. The lower row of images in Fig 6.3 b. gt ZX - gt XY. shows
the 3D simulation ground truth generated by using the matrix probe and 3D beamforming,
which works as the reference. The upper row of images in Fig 6.3 b. pred ZX - pred XY. shows
the CNN reconstructed 3D image from three different views.

When comparing the two rows of images of Fig 6.3 b., most of the scatters were successfully
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reconstructed from the projection image in the 3D space, whereas the network also generated
some fake scatterers as indicated by the red circle. Another problem is that, as seen in Fig 6.4,
where the upper row of the image shows the three different views of the CNN reconstructed 3D
image and the lower row of the image shows the ground truth as a comparison, the network
seems to be able to recognize the absolute displacement of one scatter from the central imaging
plane. However, it gets confused about whether this scatter is above or below the center plane.
Inspired by the previous study [2], it is hypothesized that using the two projection images from
a two-row 1.75D array probe as the training input can help address such a problem. Since
the two projection images contain information about the time-of-flight difference caused by
the out-of-plane displacement. But whether it can help the network recognize an out-of-plane

scatterer has a positive or negative elevational position still needs investigation.
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