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The Electromagnetic Acoustic (EMA) technique is a novel multi-modal technique for
medical imaging. It is sensitive, in principle, to contrast in mechanical properties and
electrical properties and has potential in a number of applications such as breast
tumour detection where there will be contrast between diseased and healthy tissue and
high intensity focused ultrasound monitoring, where there will be contrast when tissue

is ablated.

A complete computational model for the EMA imaging is developed. The model

considers the linear or nonlinear propagation of ultrasound in soft tissue, the dynamic



response of the viscoelastic soft tissue to acoustic radiation force (ARF) stimulation

and scattering of electromagnetic waves with and without the Doppler effect.

The suitability of the EMA imaging for breast tumour detection is evaluated,
modelling a tumour as a spherical inclusion in an infinite homogeneous background
tissue with clinically relevant material properties. The results show that variations of
the mechanical properties of underlying healthy breast tissue and tumour tissue in
clinically feasible range should result in a change in the amplitude of the first Doppler
component (FDC) of up to 50%, and varying the electrical contrast leads to a change
in the ratio of the FDC and unshifted component (UC) of less than 1 dB. The relative
difference between the first Doppler component and the unshifted component is
greater than 68 dB and therefore the frequency demodulation may pose a significant

challenge if EMA imaging is used for breast tumour detection.

The feasibility of using the EMA imaging for real-time monitoring of High Intensity
Focused Ultrasound (HIFU) therapy is also investigated. Simulations conducted with
realistic liver tissue properties show that the induced Doppler effect in the scattered
EM wave is not well correlated with the growth of thermal lesion, therefore it is
unlikely to be a good indicator of the lesion size. EMA imaging may not be

appropriate for monitoring HIFU therapy.
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Chapter 1 Literature review

1.1 Introduction

Cancer is the name given to a group of over 100 diseases that are related to the
changes or mutations in genes. Normal cells usually have a well-defined
proliferation-differentiation-death lifecycle whilst abnormal cells, with altered DNA
(deoxyribonucleic acid), may grow and divide at an unregulated and quickened pace
without stopping [1] and may form cancer. In some case the cancer cells may form
solid tumours (e.g. liver cancer) whilst other cancers, for example cancer in blood,
usually do not form solid tumours [2]. Cancer is a leading cause of disease and death
across the globe [3]. It was estimated that about 12.1 million cancer cases and 8.2
million deaths due to cancer occurred in 2012 worldwide with a projection of 23.6
million cancer cases annually by 2030 [3]. Detecting cancer at its earliest stages
significantly improves prognosis [4] as does being able to effectively monitor cancer

therapy [5].

Modern medical imaging techniques exploit the changes in tissue properties
associated with tumours (Table 4.1) to gather information for cancer diagnosis or to
detect tissue denaturation (Table 5.1 and Table 5.3) during cancer therapy (e.g., a
thermal ablation) for treatment monitoring. The imaging technique investigated in this

thesis is referred to as electromagnetic acoustic (EMA) imaging. It is a novel
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multi-modal imaging technique that exploits the contrast in electrical and mechanical
properties simultaneously via the interaction between acoustic waves and

electromagnetic waves in soft tissue.

The remainder of this chapter is organised as follows:

Section 1.2 briefly reviews a number of clinically well-established medical imaging
modalities including X-ray imaging, magnetic resonance imaging and ultrasound
imaging, as well as several emerging imaging modalities including microwave
imaging and acoustic radiation force based imaging. The underlying physics,

advantages and limitations of the imaging modalities are discussed.

Section 1.3 presents a historical account of the interaction between electromagnetic
waves and acoustic waves, and an introduction of its applications in atmospheric
temperature profiling, hydrophone calibration, landmine detection and medical
imaging. For its application in medical imaging, prior theoretical and experimental
investigation are introduced and discussed. This motivates the need to develop a

complete theoretical framework for the EMA imaging.

Section 1.4 discusses the advantages and limitations of current methods for breast
cancer screening, and provides motivation for the EMA imaging to be developed as a

breast cancer diagnosing method.

Section 1.5 briefly introduces the physics basis of an emerging therapeutic method

high intensity focused ultrasound (HIFU) for treating solid tumours. The real-time
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monitoring of HIFU is one of the major barriers for the wide clinical application of
HIFU. Several techniques of the real time monitoring HIFU are introduced and
discussed, followed by the motivation for the EMA as a viable HIFU monitoring

technique.



1.2 Overview of medical imaging technologies

1.2.1 X-ray Based Imaging

X-rays undergo different degrees of attenuation when passing through tissues of
different types. For example, bone, absorbs X-rays more strongly than soft tissue
(tissues that connect, support, or surround other structures of the body, not being
bone). Based on this phenomenon, X-ray based medical imaging techniques have
been developed and are widely used in analysing acute injuries as well as diagnosing
suspected chronic diseases. Commonly used imaging modalities based on X-ray

include planar radiography and computed tomography (CT) [6].

In planar radiography, a collimated beam of X-rays is transmitted through the object
to be imaged. A portion of the X-rays is attenuated by the object depending on the
local attenuation which in turn is related to the material density. The remaining X-rays
passing through the object are detected by an array of X-ray detectors. The recovered
2D image from the detected X-rays is a projection of X-ray absorption of all

structures along the path of the transmitted X-ray beam — in effect a shadow.

In X-ray CT, the X-ray source and a bank of detectors are rotated around the patient
in synchrony. The 1D projection of the X-ray beam through the cross section of the

patient creates a shadow image [6]. Shadow images are captured at different angles



which allow the cross section of the patient to be reconstructed via tomographic

reconstruction algorithms.

There are certain drawbacks associated with the use of X-ray imaging. Exposure to
ionizing radiation can potentially cause damage to DNA, which increases the life-time
risk of cancer. The risk of dewveloping cancer depends on the radiation dose,
patient’s age and gender, and the exposed body region. In addition, increasingly the
number of situations of anatomical and physiological imaging using X-ray CT require
contrast enhancement by intravenously injecting contrast agents into the region of
interest (effectively substances which increase the absorption of X-rays) and
improving the visibility of features. Moreover, the contrast in the photoelectric
absorption characteristic between different soft tissues types other than bone and lung
tissue is often not significant. As a result X-ray imaging does not perform well in

differentiating between soft tissues types.

1.2.2 Magnetic resonance imaging

Magnetic Resonance Imaging (MRI) originated from the discovery of nuclear
magnetic resonance (NMR) in 1946 [7] [8]. At the atomic level, a hydrogen nucleus
or a proton is a charged particle that spins around an internal axis of rotation with a
given value of angular momentum and magnetic moment. Without an external

magnetic field, the direction of the spinning axis is randomly distributed and the net
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magnetisation is zero. When a strong external static magnetic field is applied, the
direction of the magnetic moment tends to preferentially align in parallel with the
applied magnetic field, leading to a small but detectable magnetisation. The protons
whose magnetic moments are parallel with the external field are of lower energy
states compared to those that are not. Resonance is induced by applying energy
packets in the form of radio frequency (RF) pulses, the energy of which match the
energy gaps between different energy states of the spinning protons. This will cause
the transition of the spinning protons at a lower energy state to a higher energy state,
I.e., the axis of the spin is tilted out of alignment with the magnetic field, by absorbing
the energy packets. The energised spinning protons return to the lower equilibrium
energy state, and give up the energy absorbed during the resonance process in the
form of RF emission, a process referred to as relaxation. The time constants that
govern the relaxation process in the direction (T1) and transverse to the direction (T2)

of the external magnetic field form the basis of MRI.

Compared to X-ray based imaging, MRI does not require ionizing radiation and is
excellent in differentiating soft tissues. However, MRI also has drawbacks. First, the
acquisition time of an MRI image is long compared to other major imaging
techniques. Patients are often required to lie still for 30-40 minutes in a typical MRI
scan due to the need to sample the MRI signal repeatedly to acquire sufficient data to

build a complete image [9]. Second, the strong magnetic field involved in MRI



precludes patients with metallic implants from previous orthopedic surgeries. Lastly,

MRI systems are very expensive to install and maintain [6].

1.2.3 Ultrasound imaging

In ultrasound imaging, acoustic waves with frequencies typically between 1 and 15
MHz, are used to image soft tissue structures. Acoustic impedance is the ratio of the
acoustic pressure and the volume flow. It is the product of the sound speed the mass
density of the medium it propagates in and allows the calculation of the transmission
and reflection of sound waves at boundaries of different medium [10]. Conventional
ultrasound imaging is based on a pulse-echo approach, where a short (a few cycles)
ultrasound pulse is produced by an ultrasound transducer and propagates through
tissue. When the pulse encounters boundaries or small structures with different
acoustic impedance, a fraction of the acoustic energy (an echo) is reflected or
scattered whilst the remaining ultrasound is transmitted through the object. The echo
propagates backwards and is detected by the ultrasound transducer. The distance from
the ultrasound transducer to the reflecting tissue boundary is calculated from the
arrival time of the echo and by assuming a known sound speed for soft tissue,

typically 1540 m/s.

In A-mode scanning the amplitude of the backscattered ultrasound versus time along a

single line of sight is generated and the major application of this technique is
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ophthalmic corneal pachymetry to measure the corneal thickness. The most
commonly used imaging mode is brightness-mode (B-mode) scanning. In this mode,
the acoustic beam is steered in a lateral direction and multiple A-lines (typically
100-200) are acquired to create a 2D image of a cross-section of the anatomical

structure.

Ultrasound can also measure blood flow by exploiting the Doppler effect. The
ultrasound signals are scattered by red blood cells and blood flow towards/away from
the ultrasound transducer with a phase shift from which the Doppler frequency is
obtained. The region of vessels can be identified from B-mode images. The calculated
blood velocity in the region of interest may be coded in colour (red/yellow represents
blood flow towards the probe whilst green/blue away from the probe) and overlaid on
top ofa B-mode image. Colour Doppler ultrasound is very useful in detecting unusual
blood flow patterns and providing diagnosis reference for a number of pathological

conditions.

The advantage of ultrasound imaging is that it doesn’t involve ionizing radiation and
therefore the safety concerns are minimal. The equipment is portable, is relatively
low-cost and is capable of producing images in real-time. Disadvantages of ultrasound
imaging include its inability to image regions behind bones and air. It is also operator
dependent and requires the sonographer to be highly skilled in order to acquire good

quality images and make an accurate diagnosis.



1.2.4 Microwave imaging

Microwave imaging interrogates an object by examining the transmission and
scatterering of electromagnetic pulses in the microwave regime (300 MHz~300 GHz)
[11]. The potential clinical applications of microwave imaging includes: lung cancer
detection, brain imaging, cardiac imaging and breast cancer detection [12].
Microwave imaging for breast tumour detection has attracted growing attention in the
past few decades because breast tissue is easy to access and is largely composed of
fatty tissue which is translucent to microwave signals. Microwave techniques can be
classified as passive methods, hybrid methods and active methods. In the following

paragraphs, a brief introduction to each of the three classes is provided [11].

Passive methods: Some pathological conditions are accompanied with disease related
temperature abnormalities. For example, tumour tissue is of an increased temperature
compared to surrounding healthy breast tissue due to increased vascularization.
Passive methods, e.g., microwave radiometry, refer to techniques that measures the
naturally emitted electromagnetic radiation from underlying object at microwave
frequencies to detect such temperature abnormalities [13]. One key challenge in
radiometry is the linking of temperature measured at the surface of the tissue to
changes in the physical temperature due to the presence of a tumour. Numerical
models have been developed to determine a weighting function that maps changes in

physical temperature to surface temperatures measured by radiometry. With the



weighting function, the physical temperature can be solved from the radiometry

measurement using an inverse approach [11].

Hybrid microwave-acoustic method: Microwave induced thermal acoustic
tomography is an innovative technique being developed for breast tumour detection
[11]. When irradiated with microwave pulses, tumour tissue and healthy breast tissue
absorb microwave energy differently due to the contrast in the absorption coefficient.
The absorbed microwave energy heats up tissue and induces thermal expansion,
which in turn creates an acoustic wave at the position of the tumour. The resulting
acoustic wave is detected by an ultrasound transducer or array of ultrasound
transducers. A map of absorption can be recovered from the detected acoustic signal

by taking the advantage of advanced image reconstruction algorithms [11].

Active microwave methods: Active microwave imaging falls into two categories: a

radar based approach and microwave tomography.

Radar based approaches aim to directly locate tumours by detecting the strong EM
scatterers in the breast environment. An ultra-wide band microwave signal is
employed to illuminate the tissue to improve the resolution. The backscattered signal
is received by an antenna array whose focal point can be electronically steered. An
image is obtained by scanning the focal point of the antenna array through a
preselected volume. When the focal point coincides with the strongly scattering object
(e.g., tumour), signals received by elements in the antenna array add constructively,

which yields a significant response in the image [11] [14]. However, a problem
10



associated with this approach is that it is very difficult to achieve accurate focusing in

inhomogeneous medium of uncertain properties.

Tomographic approaches aim to create maps of electrical property distributions in the
imaged object. Following a similar strategy as in X-ray CT, it involves illuminating
the object with microwave and the scattered or transmitted microwave signals are
collected by an array of antennas around the object. Reconstruction algorithms are
employed to recover the microwave image by matching the measured microwave
scattered by the object to the simulated results computed with a numerical model [15].

Such algorithms are under active research [16] [17].

Previous theoretical and experimental investigations have suggested that microwave
imaging has the advantages of being low-cost compared to MRI imaging,
non-ionizing compared to X-ray imaging and being able to differentiate soft tissues
more effectively compared to ultrasound imaging. Therefore it is recognised as
promising complementary technology to clinically established imaging modalities
[18]. However, despite the positive results reported by various research groups,
microwave imaging has not seen widespread use in clinics outside research labs, with
only a few systems reached the stage of clinical test (the ONCOSCAN system [19]
and the Dartmouth system [20]). Challenges in designing microwave antennas and
developing efficient image reconstruction algorithms need to be overcome before the

wide clinical application of microwave imaging.
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1.2.5 Acoustic radiation force based imaging

Elastography is classification of elasticity measurement that involves generating a
stress in the tissue and measuring the tissue response [21]. Acoustic radiation force
(ARF) (see Section 3.2 for details) can be used to create the stress in tissue. Compared
to static elastography, where the tissue compression is done by the sonographer
manually compressing the transducer onto the skin of the patient, this method is
expected to be less operator-dependent. A number of ARF based imaging modalities
are under investigation: acoustic radiation force impulse (ARFI) imaging [22],

harmonic motion imaging (HMI) [23] and shear wave elasticity imaging (SWEI) [24].

ARFTI uses the diagnostic ultrasound scanner to create localized impulsive ARF within
the soft tissue, which causes um scale tissue displacements. A Correlation-based
ultrasonic tracking algorithm is used to monitor the dynamic response of the tissue
within the region of excitation (ROE). Parameters such as time to peak (TTP)
displacements, time to recover (RT) from the peak displacements are used to
characterize the dynamic response of the soft tissue. Stiffer tissues, e.g., thermal
lesions and tumours tend to exhibit a distinctive characteristic response to impulse
ARF compared to surrounding healthy soft tissues, and therefore can be differentiated.
HMI is similar except that it applies a harmonic ARF to the tissue which causes the

tissue within the ROE to oscillate at a specific frequency. With a separate ultrasound
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transducer, the harmonic signals are detected and the oscillatory motion is estimated
at different snapshots of the motion using cross-correlation of RF signals, which
reflects the viscoelasticity of the local tissue [23]. In SWEI and supersonic imaging
(SSI) a short-duration ARF is used to generate a shear wave. As the shear wave passes
through the tissue of interest, its propagation speed and attenuation can be measured
using an ultrafast (~1kHz) ultrasound imaging sequence [24] [25] [26]. From
measurements of the shear wave (see Section 3.3 for details of shear and longitudinal
wave) speed and attenuation the viscoelastic properties of the tissue can be mapped

with resolution of a few millimetres.
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1.3 Electromagnetic acoustic (EMA) technique

1.3.1 Physics basis of EMA

There are a number of mechanisms by which acoustic and electromagnetic waves can

interact.

In 1921 L. Brillouin was the first to predict the diffraction of light by ultrasonic waves
of short wavelength travelling in a liquid medium. As the ultrasound wave propagates
through a medium it compresses and rarefies the medium, which causes fluctuations
in its dielectric constant, which in turn will affect the propagation of electromagnetic
wave in the medium. The diffraction of light by ultrasound wave was observed
approximately 10 years later by many researchers [27] [28]. Brillouin’s theory was
extended using the classical theory of scattering by G. Benedek and T. Greytak [28].
They derived an expression for the spectrum intensity of the light scattered by an
ultrasonic wave propagating in a liquid medium which was then experimentally

verified in the same work.

In situations where the medium is electrically inhomogeneous and ultrasound is
applied to stimulate the medium to cause vibration, for example in the case of
detecting buried electrical objects in a surrounding medium, the Doppler effect may
be induced in the scattered EM signal by two mechanisms: 1) the vibration of the

electrical boundary of the objects and 2) the fluctuation of the dielectric constant
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caused by the compression and dilation of the object material. This phenomenon is
referred to as electromagnetic acoustic (EMA) interaction in this work. The first
mechanism has much greater effect (>40 dB) than the second [29] and therefore the

following investigation considers the first mechanism only.

1.3.2 Examples of interactions between EM and acoustic

waVves

The Radio Acoustic Sounding System (RASS) was developed for remotely
measuring the temperature profile, wind profile, air quality as well as other
atmospheric parameters using the direct interaction between sound waves and EM
waves. The basic principle of RASS is the tracking of sound waves by EM radar. A
sound pulse sent by the RASS compresses and rarefies air and alters the local
dielectric constant. The disturbance in dielectric constant causes partial reflections of
the EM energy, and therefore allows the travelling sound pulse to be tracked by a
Doppler EM radar system. With the aid of more advanced techniques, such as the use
of multiple beam directions, the reflected EM signal allows a series of atmospheric

parameters to be determined [30] [31] [32].

The calibration of hydrophones is another application of the interaction of sound
and light. It involves suspending an acoustically transparent but optically reflective

pellicle (a thin plastic layer) in liquid media. A laser beam is transmitted towards the
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pellicle and gets reflected. As the motion of the thin pellicle follows the motion of the
water particles, which modulates the reflected laser light, the velocity of the acoustic
particles and the acoustical pressure can be estimated from the Doppler shift of the

laser light [33] [34].

Detecting buried objects, especially non-metallic landmines buried in soil using the
EMA imaging is under active research. It has been proposed that if one stimulates soil
surface under which there is a buried landmine acoustically with unfocused acoustic
source there will be a differential displacement. The Doppler shift of the scattered EM
wave, and hence the presence of land mine, can be detected by ground-penetrating
radar (GPR). Experiments based on this approach for buried landmine detection has
been described [35] [36]. Experiments were carried out with simulated landmines of
various models buried in damp sand and the capability of distinguishing several types

of landmine from some naturally occurring clutter was demonstrated [37].

1.3.3 Medical application of EMA imaging

The feasibility of applying the EMA imaging in medical imaging was first
investigated experimentally at the University of Oxford [38] [39]. The initial
experimental system, shown in Figure 1.1, employed a focused megahertz ultrasound
source, amplitude modulated, to create an oscillating radiation force for tissue

excitation. The oscillatory motion of the tissue induced a shear wave that propagated
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laterally out of the region of excitation. Simultaneously the soft tissue was illuminated
with an EM signal (434 MHz) from a horn antenna. The contrast in electrical
permittivity and conductivity between the excited tissue and background tissue caused
the EM signal to be scattered and undergo a Doppler shift due to the oscillatory
motion experienced by the tissue boundary. The scattered EM signal was detected by
a receiving horn antenna, demodulated with a phase-lock-loop circuit and then
processed with a lock-in amplifier to extract the induced frequency shift. The acquired
data was then interpreted to acquire information about the mechanical and electrical
properties of the medium. It was demonstrated experimentally that the frequency shift
detected in the scattered EM signal was correlated with changes in stiffness ofan agar

gel and changes in conductivity in a sheep kidney [38].
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Figure 1.1 Schematic of the EMA imaging system developed at the University of
Oxford. A focused ultrasound transducer was used to produce a time varying ARF.
Horn antennas operating at 434 MHz were used to transmit EM signals into the tissue
and receive scattered signal. The system employed a phased-locked-loop and locked
in amplifier to demodulate the scattered EM signal [39].The grey circular arc is the
boundary of the soft tissue.

However several issues were identified with the experimental approach in these
studies. First, the acoustic intensities in the above studies were not well characterised.
The clinical deployment of the proposed system for medical diagnostic applications
requires the acoustic power to be within the prescribed safety limits. Second, it was
not recognised at the time that the EM reflections from the phantom outside the region

of excitation, e.g., the water-air interface and the surrounding experimental apparatus,
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would be likely to degrade signal quality by contributing to the energy at the carrier

frequency (434 MHz)

This thesis focuses on developing a complete and computational model for the EMA
imaging. The EMA model will help associate the characteristics of the scattered EM
signals to the variations in mechanical and electrical properties of the underlying
tissue. It can also guide the development of new experimental configurations which

should result in better performance.

One solution for modelling the EMA imaging would be a ‘“brute force” computational
analysis that uses a multi-physics solver to account for the ultrasound propagation,
tissue deformation and EM scattering processes simultaneously. Two particular
problems arise from this approach [40]. The first problem is that very fine spatial
discretization is required to resolve the pum scale vibration from the cm scale
wavelength of the EM waves. This leads to unaffordable computational time and
memory requirements. The second problem is that the induced frequency shift is very
small. In the frequency spectrum, the sidelobes corresponding to the Doppler effect
are many orders smaller (-40~-70 dB) compared to that of the carrier signal, which

makes them very difficult to calculate accurately.

One approach that has been employed to address the issue of calculating the EM
scattering is the sheet boundary condition (SBC). The SBC was developed by the
University of Michigan Radiation Laboratory [41] [42] [43] [29]. This class of time

varying boundary condition can be applied to the boundaries of a stationary object to
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account for the motion of the object. A detailed discussion of SBC is found in Section
3.3. Simulations that combine SBC with the Finite Difference Time Domain (FDTD)
method have been successfully applied to solve for the EM wave scattering by
vibrating cylinders of infinite length in 2D space in both Transverse Electric (TE) and
Transverse Magnetic (TM) cases [40]. The SBC technique was firstly applied in
medical scenario by Zhao and Varghese [44]. A region of diseased tissue was
modelled as infinite cylinder and clinically relevant material parameters were
assigned to diseased and healthy tissue respectively. The simulation results confirmed
the potential of the EMA imaging in the medical field. It is noted that these prior
investigations employed an unfocused acoustic source or external compression to
cause deformation of the underlying structure instead of using focused acoustic
excitation [38] [39]. In addition the diseased tissue and healthy tissue were modelled
as cylinders in 2D space, which is not adequate to account for the complex geometry

of imaged targets in clinical applications such as tumours and thermal lesions.
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1.4 Breast tumour screening

Breast cancer is one of the most common causes of death from cancer in females in
economically developed countries. In addition, epidemiological data suggest that the
incidence rate of female breast cancer will increase in less developed countries as
these countries becomes more developed through social and economic change [3].
Early detection of breast cancer opens up the possibility of wider range of treatment
options, allows less aggressive surgery being performed and leads to a reduced risk of
mortality from breast cancer [45]. The guidelines by American Cancer Society for
breast cancer screening recommend mammography (X-ray based imaging) be used for
annual screening and MRI for screening women of high lifetime risk patients
(~20%-25% or greater). Sometimes breast ultrasound is also used to examine
abnormalities found from a mammogram screening, particularly in cases where breast
tissue appears denser on a mammogram. Both MRI and ultrasound imaging are used

as complementary tools to mammography rather than as replacement [46].

Despite mammography being the single most effective method for early breast cancer
detection, there are certain problems associated with it. It is not 100% effective and
does not perform well in detecting breast cancer in radiographically dense breast [47].
The sensitivity and specificity reported in a clinical trial of film and digital
mammography is 65.8% - 89.9% and 88% - 93.1% respectively, depending on the age

group of the scanned patient, the type and status of the cancer [48]. False-positive
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results in a large number of unneeded biopsies which results in risks and stress for
patients. Mammography is also a relatively high-cost screening approach which can

restrict its use in countries with limited healthcare infrastructure.

The problems with mammography provide an opportunity for other imaging
techniques, based on alternative contrast, to be developed as complementary methods.
For example, microwave breast imaging is motivated by the relatively high contrast in
electrical properties between the malignant breast tissue and the healthy breast tissue.
Several other imaging techniques aim to diagnose cancer by exploiting the contrast in
elasticity [49] between cancerous tissue and healthy breast tissue. In this thesis, the
EMA imaging is evaluated as a complementary technique to be used with existing

methods to enhance the breast tumour detection methods.
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1.5 HIFU monitoring

High intensity focused ultrasound (HIFU) is an emerging therapeutic method for the
treatment of solid tumours. The deposition of high level energy via a focused
ultrasound beam causes rapid temperature elevation at the focus of the ultrasound
transducer and induces localized and irreversible denaturation of the targeted tumour
tissue [50] [51] [52] [53]. The benefits are that it is non-invasive, has few side effects

and is relatively cheap.

One of the main barriers to widespread use of HIFU is the inability to reliably form
lesions. This means robust imaging methods are required to monitor tissue ablation in
real time during HIFU. Substantial progress has been made by various groups and a
number of monitoring approaches have been dewveloped or under continuous
development. MRI-based temperature imaging (thermometry) is the standard
non-invasive method for monitoring HIFU treatment. A number of MR parameters
such as Ti, T, relaxation, proton resonance frequency and magnetization transfer
coefficient are temperature dependent. Using a temperature sensitive sequence,
MRI-based thermometry can provide quantitative spatial maps of temperature rise
induced during thermal therapies [54] [55]. However several drawbacks such as low
frame rate (long image acquisition time), high cost and the need for magnetic
compatible HIFU apparatus are limiting the wider clinical usage of MRI-based

approaches. Other methods being developed include ultrasound thermometry to
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monitor temperature elevation [56], B-mode ultrasound image that detects the
hyper-echogenic change caused by cavitation [57], ARF-based elasticity imaging
technique that detects the stiffness change in tissue associated with the coagulation
process [52] [23], passive acoustic technique that monitors the acoustic emission from
the ultrasound focus during HIFU exposure [58], and photoacoustic technique that

exploits the optical absorption contrast [59].

Our motivation for using EMA imaging for HIFU monitoring is that the electrical
relative permittivity and conductivity of soft tissue are reported to be temperature
dependent [60]. Therefore the EMA imaging has the potential to detect the changes in
the electrical contrast between coagulated tissue and untreated tissue which can in
turn be used to indicate the formation of thermal lesion. Compared to MRI based
monitoring method, the author expects the EMA imaging to be of lower cost and

more convenient to use.
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1.6 Thesis organisation

In this chapter, motivation and appropriate background are provided for EMA

imaging in diagnosis and therapy. The rest of the thesis proceeds as follows:

Chapter 2 derives an approximate analytical solution for the EM scattering from an
oscillating electrically small dielectric sphere using a quasi-stationary approach. The
analytical solution reveals the spectral and spatial characteristic of the scattered EM
signal which provides a benchmark solution for numerical simulations conducted in
subsequent chapters. The Sheet Boundary Condition (SBC) is combined with a Finite
Element Method (FEM) simulation to improve the efficiency of the scattered EM
field simulation. The simulation results for EM scattering from dielectric cylinders in
different modes of vibration are compared to corresponding analytical solutions for

validation.

A complete model for the EMA imaging in 3D space is developed in Chapter 3. The
developed simulation framework, which is the major contribution of the thesis,
includes an acoustic model to model the propagation of ultrasound wave through
tissue, a linear-viscoelastic model to estimate the dynamic response of soft tissue to
acoustic excitation, and electromagnetic (EM) models to evaluate both the regular EM

scattering as well as the Doppler Effect in the scattered EM signal.
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The application of the EMA imaging to breast tumour detection is investigated in
Chapter 4. Using the simulation framework developed in Chapter 3, breast tumours
are modelled as spherical inclusions buried in homogeneous background tissue
assigned with clinically realistic material properties. The suitability of the EMA

imaging as a breast tumour detection method is discussed.

Chapter 5 evaluates the feasibility of using the EMA imaging to monitor thermal
lesion formation during HIFU therapy. A HIFU simulator is incorporated into the
developed simulation framework in Chapter 4. The signal of the EMA imaging during
a thermal exposure is simulated with acoustic and material parameters varied in

clinically feasible range.

In Chapter 6, conclusions are drawn and topics of future research are discussed.
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Chapter 2 EM Scattering from
oscillating spheres and vibrating
cylinders

2.1 Introduction

In EMA imaging (see Section 1.3.3 for more details), the localized oscillation of the
soft tissue induced by an ARF is monitored by means of electromagnetic (EM) waves
which illuminates the target and which are then scattered by contrast in the tissue.
Understanding the spatial and spectral characteristics of the scattered EM waves is
important to order to develop a theoretical framework for the EMA imaging. In
medical applications of the EMA imaging, the geometry of the underlying tissue, e.g.,
a breast tumour is often of irregular shape and does not always oscillate as a rigid
body under acoustic excitation because of its finite stiffness. This problem is not
tractable analytically and in this chapter a numerical method is developed to model
the Doppler spectrum of the EM wave scattered by arbitrarily vibrating objects of

irregular geometries.

The chapter is organised as follows: in Section 2.2 an analytical investigation is

performed for a plane EM wave incident on an electrically small dielectric sphere in
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harmonic oscillation. An approximate solution of the scattered EM wave is developed
using a quasi-stationary approach. It is noteworthy that the sole purpose of this section
is to derive a benchmark solution for the Doppler EM scattering (by an oscillating
object) model in the 3D EMA model (see Section 3.5). Therefore the acoustic
stimulation and linear-viscoelastic deformation are not considered here. A rigid
sphere is assumed to oscillate harmonically without specifying the cause of such a
motion. In Section 2.3 the principle of sheet boundary condition (SBC) is introduced
in order to improve the efficiency of the numerical simulation of the EM scattering.
The expression of the SBC that is compatible with a frequency domain simulation is
developed. In Section 2.4 a model for simulating the bi-static scattering of a plane EM
wave by dielectric cylinders in different vibration modes based on the SBC and Finite

Element Method (FEM) is developed and validated using known analytical solutions.
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2.2 EM Scattering from an electrically small dielectric

sphere in harmonic oscillation

The theory of EM scattering by a finite-sized, stationary sphere has been well
established. The solution for the EM scattering problem by a moving sphere has been
derived using the Lorentz transformation, which is only valid for a sphere moving at a
constant velocity [61] [62]. In this section, an approximate solution for the scattered
EM wave by an oscillating electrically small dielectric sphere is developed using a

quasi-stationary approach.

A quasi-stationary approach evaluates the scattered EM wave at the observer’s
position at a time instant by assuming the scatterer is stationary at the position it
occupies (i.e. it neglects the motion of the scatterer during the travel time of the EM
wave from the source to the scatterer, and from the scatterer to the observer). The
conditions which need to be satisfied when applying a quasi-stationary approach are 1)
a small maximum wvelocity v of the scatterer relative to the EM propagation speed
and 2) maximum acceleration of the scatterer much smaller than vf,,,, where f,..
(434 MHz for EMA imaging) is the frequency of EM wave [63] [64] [65] [66] [67].
The harmonic motion of the tissue involved in the EMA imaging does not exceed
amplitude of 100s um and is of a frequency of 100s Hz. The welocity and the
acceleration of the scatterer are estimated to be no greater than 0.02 m/s and 3 m/s?

respectively, and therefore the two conditions are satisfied.
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Derivation:

An electrically small (the size of the scatterer much smaller than a wavelength of the
EM wave) sphere P of radius a is placed at the origin of the Spherical coordinates as
shown in Figure 2.1. A monochromatic plane EM wave polarized in the z direction
and travelling in the +y direction is incident on the sphere at the origin. The plane EM

wave can be described by
E; = Eje/®emte=/kem¥ (2.1)

For the case where P is stationary, the scattered EM wave in the far field is equivalent
to the radiated field of a Hertzian dipole for k,,a < 1 [68], where k,,, is the
wavenumber of the EM wave. Assuming an observer is located at an arbitrary

location 7 = (r, 6, @) in the spherical coordinates, the scattered EM wave is [68],

4mtr ey,

E =

© cos() e JkemTgJWemt

22)
= gEamp COS(Q) e JkemT gjWemt

where 8 is the unit vector in 6 directionand r is the distance from the observer to P.

The momentum p of the induced Hertzian dipole is given by,

_ 3 €17 &
p = 47'[8061 (m EO (23)

Here ¢, and &, are the permittivity of the background medium and the material of P

respectively.
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Figure 2.1 An oscillating electrically small sphere is oscillating in a sinusoidal
manner along the y axis about the origin as described by Equation 2.4. A
monochromatic plane EM wave described by Equation 2.1 travels in the +y direction
and is incident of the sphere. The scattered EM wave is observed at an arbitrary
location described by the spherical coordinate (r, 9, ).

Now the sphere is assumed to oscillate in y direction about of the origin, which is

described by,

y(©) = Asin(w,t)y (2.4)

o~

where ¥ is the unit vector in y direction. Assuming P is stationary, the transmitter
and observer are oscillating relative to P. In the first step, ignoring the relative motion
between the observer and the scatterer, the scattered EM wave propagates an extra
distance due to the oscillation of the transmitter, has an additional phase shift, and is

described by

31



E,s — eEampCOSeejwemte—]kemre—]kemAsm(wot) (25)

Here e /kem4sin(@ot) s introduced to account for the phase change due to the extra
EM propagation. As the velocity of the oscillation of the sphere is much smaller than
the speed of the EM wave, the amplitude modulation in the scattered EM wave due to
the relativistic effect is neglected and therefore the term E,,, in Equation 2.2 is not
altered. In the second step, when the relative motion between the observer and the
scatterer is considered, the observer sees only the Doppler effect induced by the
motion in the direction of the observer. The displacement of P relative to the origin in

the direction of observer can be described by
Y(t) = —Asin(w,t)cosfcos ¢t (2.6)

where 7 is the unit vector in the direction of observer. The displacement of the

observer relative to P is described by
Y(t) = r#* + Asin(w,t)cos Ocos T (2.7)
and the scattered E field seen by the observer is given by

E,(¥) = 8E

amp Coseejwemt e—jkemre—jkemA(1+cos Bcos @)sin(w,t) (2.8)

E,(¥) can be written in terms of Bessel functions with the term e~/*em™ supressed,

E,(¥) = OE,,,, cos 6

N (2.9)
: z (=)™, ((1+ cosBcos p)k,,,A) e/ @em~1w0o)t

n=-—oo
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The Fourier transform of Equation 2.9 is then given by

F (E,(¥)) = 0E,,,,cos@

mp

. z (=)™, ((1 + cosBcosp)k,,,A)6(w — W, (2.10)

n=-—oo

+ nw,)
Discussion:

Equation 2.10 describes a Doppler spectrum of discrete sidebands at intervals of w,
as shown in Figure 2.2. In the EMA imaging, the magnitude of the displacement of
the target is much smaller than a wavelength of the EM wawe (ie. k,,,A < 1).
Therefore the small argument approximation [69] is applicable

J, ((1 + cosBcos p)k,,,A) = (—1)"J_,((1 + cosOcos p)k,,, A)
(2.11)

1 ((1+c059cos<p)kemA>”
~ (n)! 2

For n = 0, the frequency of the scattered EM wave is the same as the incident EM
wave, therefore it is referred to as the unshifted component (UC). For n = 1 and
k.mA < 1, the corresponding sideband is referred to as the first Doppler component
(FDC) and it is proportional to the amplitude of the oscillation of the sphere A.
Furthermore, Equation 2.11 suggests that the amplitude of the higher order Doppler
components (n>=2) are much smaller than the FDC. Therefore in the rest of the study,

the FDC is evaluated to quantify the tissue response in the EMA imaging.
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The directivity of the FDC of the EMA signal is cos8(1+ cos6 cos ) and is shown
as functions of ¢ and 6 in the y-x plane and the y-z plane respectively in Figure
2.3a and b. The observed pattern corresponds to the Doppler effect observed at
different angle modulated by the scattering pattern of a stationary sphere. The
strongest Doppler component is observed at the backward scattering position and a

null is observed at the forward scattering position.

Egmpcos (8) Jo((1 + cosBcos@)komA)
L /

Eqmpcos (8) J1((1 + cosBcos@)kepmA)

S \ Egmpcos (8) J,((1 + cosbcos@)komA)
|5 /
o
w
! ‘ ‘ !
Wem — 200, Wem — Wy Wem Wem + Wy Wey + 200, w

Figure 2.2 The spectrum of an EM wave scattered by an oscillating dielectric sphere.
The sidebands are a result of the Doppler effect. The two sidebands at w,,, + w, are
first Doppler components. Other sidebands are very small according to the small
argument approximation and are omitted from the discussion.

The solution presented here determines the Doppler effect by considering the extra
phase change due to the motion of sphere using the solution. It neglects the phase

modulation while the signal is propagating inside the dielectric sphere. Without

considering the phase modulation internal to the spherical boundary, the derived
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solution is only approximately valid when the difference in electrical properties

between the sphere and background medium is small.

270 270

Figure 2.3 The directivity of the FDC in the scattered EM signal as functions of (a) ¢
is the x-y plane and (b)8 is the y-z plane.
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2.3 Sheet boundary condition

The sheet boundary condition (SBC) is introduced to solve the two problems
associated with a “brute force” model of EMA imaging in Section 1.3.3. Figure 2.4
depicts the principle of the SBC. A vibrating object of electrical properties (e, u,)
placed in a background medium (&;, 1) is modelled by two stationary bodies, one
with constant (e,,u,) and the second with a sheet of impedance and
admittance (Z7 (t), Y °(t)) that is a function of time. The scattered EM signal by the
vibrating object is equivalent to the sum of the scattered EM signals by the first
stationary object which is equivalent to the UC and the second stationary object with a
time varying SBC which is equivalent to the FDC. The SBC approach is applicable to
scatterers of any geometries and arbitrary vibration as along as amplitude of vibration
is small compared to a wavelength of the EM wave [42]. It is also applicable to
electrically small scatterers although higher order boundary condition may be

required.
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Figure 2.4 lllustration of the sheet boundary condition: The vibrating object can be

replaced by a stationary object and a stationary object with a time-varying SBC. The
EM signal scattered by the former is equivalent to the UC and the latter equivalent to

the FDC.

Across the surface of the object, to the first order, the expression of the general SBC

is given by [40],

(2.12)
—-Ax (H;—H,)=axax(YE,+YE,)
with the sheet impedance Z7and admittance Y °given by
Zi = _jkeml'le Z; = +jkemZEZZ
(2.13)

V0= —jRemi$/Z: V7 = Hjkema$/Z;

where the subscript 1 and 2 denote the medium external and internal to the object

boundary respectively, 7 is the outward unit vector normal to the boundary, Z; and

k., are the intrinsic impedance and the wavenumber, and ¢ is the local
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displacement normal to the object boundary and is, therefore, time-varying for a

vibrating object.

Second order boundary conditions for TM is

a0 a0 (2.14)
and for TE is
—AX(H,—H,)=Ax1
ay D a0 (2.15)
x (Yl E,+ %(A1&E1)+ R E;+ g(Az gEz))
with
Trlq = _jkemlle 773 = +jkem2€ZZ
yf = _jkemlf/zl )/25 = +jkem2€/ZZ
] ) (2.16)
_ —j§ S
A = A, =
kemlzl kemZZZ
+jEZ +jEz
B, = J$Z, 4, = J$Z,
keml kemz

By converting the boundary in motion to a time-varying SBC on a stationary body the
spatial discretisation in the numerical simulations (e.g. FDTD) can be done with
respect to the EM wave without considering the amplitude of vibration. Therefore, the

first problem described in Section 1.3.3 is circumvented. It is emphasised that the
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SBC separates the total scattered wave E, from a vibrating object into two parts: the
UC and the FDC, and allow them to be calculated separately, thereby the second

problem described in Section 1.3.3 is avoided.

To find the appropriate expression of the SBC compatible with frequency domain EM
simulation, the object boundary is discretized into a collection of small patches
P, ...P, as shown in Figure 2.5. For an object oscillating periodically at w,, the
function of the transient displacement of an elementary patch normal to the boundary

can be written in the form of a Fourier series,
&(m,t) = z [, cos(nw,t + 6,,,) i, (2.17)
n=0

where w, is the principal angular frequency of the vibration. In EMA imaging w,
is associated with the frequency of the ARF excitation. n is the index for the normal
Fourier modes and m the index for the elementary patches, I, is the amplitude and

~

0,.,, the phase of the oscillatory displacement. 7, is the unit vector normal to the
m" elementary patch and depends on instantaneous position of the element patch.
Note the equivalent sheet impedance and admittance are linearly related to ¢, and
therefore so is the FDC in the scattered EM wave as shown in Equation 2.12 to
Equation 2.16. This is consistent with the analytical solution in Section 2.2. In the

frequency domain, the vibration function for each normal Fourier mode is written in

complex notation,
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. Fourier .
L, cos(nw,t+6,,,)f, ——n [, -exp(jo,,)(d(w—nw,)

(2.18)
+ 6(w +nw,))

Figure 2.5 The object boundary is discretized into a collection of small elementary
patches

The FDC induced by each normal Fourier mode n can be calculated by replacing the
vibration function ¢ in Equation 2.12 to Equation 2.16 by the complex notation in
Equation 2.18. Summing up the Doppler components of different normal Fourier

modes allows the Doppler effect induced by a periodic vibration to be evaluated.
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2.4 A FEM-SBC model in 2D

2.4.1 Introduction to the investigated problem

As has been discussed in Section 2.2, only the amplitude of the FDC is evaluated. For
vibration of a single normal Fourier mode, only two numerical simulations are needed
[40] [44]: the first simulation is conducted to compute the UC by the stationary object
and a second simulation is conducted to compute the FDC. Here a Finite Element
Model (FEM) is used to solve the scattering of EM waves which is implemented as a
module in ‘Comsol Multiphysics'™”. From here on the combinatorial use of the FEM

and the SBC will be referred to as the FEM-SBC.

The purpose of the following investigation is to validate the proposed SBC-FEM. In
the following section, SBC-FEM is applied to the problem of EM scattering from a
vibrating cylinder for which the analytical solution is known. The FDC of the EM
wave scattered by a vibrating dielectric circular cylinder is computed using SBC-FEM.
The result is compared to known the analytical solution. The principles employed in

the 2D analysis will be extended to modelling of the EMA in 3D in Chapter 3.

A circular dielectric cylinder in polar coordinates is shown in Figure 2.6. Considering
the incidence of a time-harmonic plane acoustic wave travelling in +y direction on a

dielectric cylinder of radius a, the analytical solutions of the vibration of the cylinder
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have been derived for a series of radial resonance mode N [70]. In the following
investigation, the dielectric cylinder is assumed to vibrate such that the radial

displacement of the cylindrical boundary is given by [40]
(e’ t) = Z Iy cos(Ng') cos(wyt + 0y) = z &v(e', ) (2.19)
N=0 N=0

where w, is the angular frequency of vibration. Note that Equation 2.19 corresponds
to Equation 2.17 with m replaced by ¢’in the polar coordinates and I, replaced by
Iycos(N¢'). The Fourier transform of the radial displacement of resonance mode N

is written as,

Fourier

v t) —Ey (¢, w) (2.20)

E;(H})

Figure 2.6 The TM (TE) incidence of an EM wave on a circular dielectric cylinder of
radius a. The EM wave travels in +y direction. The observer is located at a location
(r, ) in polar coordinates.
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2.4.2 Method: TM case

The incident plane EM wave, with electric field polarized in z direction (parallel to
the axis of the cylinder), of frequency w,,, and propagating along y axis, can be

expressed as,
El(r,p) = Eje Tkem1 7 cos¢ (2.21)
The analytical solution of the scattered electric field external to a vibrating dielectric

cylinder is given by [29],

ES(r, @) = E, 2 (=DTAM (14 CIM Ky DYHP (K gmar) €™ (2.22)

n=—oo

with
ATM Z_;]n(keml a)]rlt(kemz a) - ]T’l (keml a)]n (kemza) (2 23)
" ]n(kemZ)HrEZ)’(kemla) - %Zl]‘r’l(ke‘mZ a)HrSZ) (kemla) .
BTM — —2j/mk i a (2.24)
" ]n (kemZ)Hr(12) ’(keml a) - %ZL];L (kemza)HrsZ) (kemla)
and
CTM — jn]n(kemza) Z f (t)V
" %zljn (keml a)]r,l (kemz a) - ]é(kemla)]n (kemz) p=—o P ?
(2.25)

44 k2
Vp = j_p . ;r’),(kemla) - A;;MHISZ) (kemla) + = B;M];,;’ (kemza)l

k2

eml
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where subscript 1 and 2 denote the regions external and internal to the cylindrical
boundary respectively, n;, and k,,,; are the impedance and wavenumber of the EM
wave respectively. J, and Hflz) are Bessel function of the first kind and Hankel

!

function of the second kind respectively, ' and " denote the first and second

derivative of the underlying functions. ¢&,_,, is the n —p normal Fourier mode of

radial displacement (refer to Equation 2.19).

The implementation of the FEM-SBC was realized using a commercial FEM package
(Radio Frequency Module of Comsol Multiphysics™, Comsol Inc, Burlington, MA,
USA). As shown in Figure 2.7, in 2D space, a circular region of radius a was created
to represent the dielectric cylinder. A larger circular region of radius = 15 cm was then
created as the background space. The background space was further enclosed by a
perfectly matched layer (PML) with a thickness of 12 cm, and a scattering boundary
condition was assigned to the outmost boundary of the PML. The PML together with
the scattering boundary condition ensured that the outgoing EM waves were
sufficiently absorbed with a maximum reflection of -94 dB. Triangular meshes were
generated using the mesh generator in Comsol. Adaptive meshing was employed
resulting a finer meshing in regions closer to the boundaries of high curvature. In total,

mesh consisted of 19972 elements.

In the first step, the electric field E! external to the boundary of the cylinder was
recorded, which was later used for the simulation of the FDC. The scattered electrical

field 15 cm away from the centre of the dielectric cylinder was also recorded as the
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UC. In the second step, the FDC was solved as the radiation from an equivalent

current distributed on the dielectric cylinder boundary. The current density was

calculated using

1, (¢") =

fi x A x {—j(ez — &) Wep,  E(@", wy)E; (a,¢")

)

)
+—Z(¢", wy) -
O U Wem My My Os

1 1 1 _0ENae")
0s (

(2.26)

where the direction tangential to the dielectric cylinder boundary, perpendicular to the

2D plane of simulation is denoted by the subscript zand lying in the 2D plane denoted

by s. The equivalent version of Equation 2.26 in time domain analysis can be found

in [40].

arat; <
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Figure 2.7 The FEM-SBC model of a dielectric cylinder built in the FEM package.

The model is composed of a circular cylinder (pink), a circular background space

(grey) and a perfectly matched layer (blue).
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2.4.3 Method: TE case:

In the TE case, the incident magnetic field can be described as,
H, (1, ¢) = Hye Jlem1 7 c0s® (2.27)

The analytical solution of the scattered electric field with TE incidence is given by

[71]

i~
Efn (1,0) = z x i TATE(L
1

n=-—oo

Bjn 2.28
+ CzEkemlf) [k H752) (kemlr) ( )

eml

_ Hr(12), (kemlr)] eine

with
n

CTE — J

" I Ckomy @ G ) = 1 U @ (k)

(2.29)

i An—p(t) [Z_:]n (kemza)Vp,n—P _]’,l(kemla) Up]

p=—0

where

_, [-p(n—p) €1y
Vp,n—p =] P WB;E]p(kemz Cl)(l _g) _]p (kemla)

_ A;;EHIEZ)”(kemla) + B;‘E]I;l(kemza)l (230)

. — k 14 ! !
Up =] P [kemZ B;E]p (kemza) - A;EH;SZ) (kemla) +]p (keml a)]
eml
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and

Z_i]n(keml a)]rll(kemz a) - jrll(kemla)]n (kemz a)

ATE = (2.31)
]n (kemza)Hr(LZ) ’(kemla) - %2;];1 (kemZ a)Hr(LZ) (kemla)
—_— —2j/mk i a (2.32)

n

]n (kemZ)HrEZ) ’(kemla) - %]1’1 (kemz a)Hr(lZ) (kemla)

x and B are associated with the perturbation to the dielectric cylinder boundary due

to the vibration and are expressed as,

rewo PO
X —{ pEw o) + 1} (2.33)
and
&)
b= ar i (239

The FEM-SBC simulation in TE case employed a FEM of the same geometry and
setting as described in TM case. The incident field was specified according to

Equation 2.27. The equivalent current density was calculated using,

]s(<p,) = A x {_j(gz - <c"1)6‘)em ’ E((p"wO)Esl(a'(p’)
(2.35)

d — I
+ —Z(¢', wy)

1 1 _0ENa¢")
0s (

JH e My My~ Os
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2.4.4 Results and Discussion:

The parameters used in this investigation are summarized in Table 2.1. The bi-static
scattering (as shown in Figure 2.6) with TM incidence by a dielectric cylinder
resonating at N = 1,2,3 were simulated. The FDC was recorded by moving the
receiver in a circular trajectory in the far field 15 cm away from the centre of the
cylinder. The simulations of the FEM-SBC model were compared to the
corresponding analytical solutions and are shown in Figure 2.8. The simulations were
in excellent agreement with the analytical solutions. The directivity of the FDC

depends heavily on N.

Table 2.1 Summary of parameters employed in the FEM-SBC simulations for EN
scattering by dielectric cylinders. f,,, is the EM wave frequency, f,the ARF
modulation frequency, N the resonance mode, a the cylinder radius, ¢ the relative
permittivity and u the relative permeability.

Parameter Background tissue Tumour tissue
fem 434 MHz
A 160 Hz
N 1,2,3
a 3 mm
Ei23 0.1 mm
€ 18 100~300
U 1 1
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Figure 2.8 The comparison between the FEM-SBC simulations (red) to analytical
solutions (blue) of the amplitude of the FDC as a function of the bi-static angle for a
vibrating dielectric cylinder that is vibrating at mode 1(a), mode 2(b), and mode 3(c)
in TM case.

For all the N investigated, the strongest FDC occurs at the backward scattering
position, i.e.,¢ = 180°. Fixing the EM receiver at the backscattering position (1809,
the FDC and the UC were obtained as a function the permittivity of the dielectric
cylinder &,. The FEM-SBC simulations are compared to analytical solutions in
Figure 2.9. Excellent agreement was observed. The results show that the variation in
the normalized FDC and UC as a function of &, depends on the vibration mode of
cylinder. It is also noted that when the scatterer and background are of the same

magnetic permeability, the second order term in Equation 2.35 vanishes. The
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agreement between SBC-FEM solution and analytical solution suggests that the

second order boundary condition is not required.

4.5

—<— Analytical UC
4| ~H3- Simulation UC
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&

Figure 2.9 The change in the FDC and UC as a function of &, for the case of TM
incidence depends on the mode number N.
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Figure 2.10 The comparison between the simulations (red) to analytical solutions
(blue) of the amplitude of the FDC as a function of the bi-static angle for a vibrating
dielectric cylinder that is vibrating at mode 1(a), mode 2(b), and mode 3(c) in TE
case.

13 T T T T T
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g -~ Analytical FDC for mode 1
g 09F O Simulation FDC for mode 1
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&

Figure 2.11 The change in the FDC and the UC as a function of &, for the case of
TE incidence depends on vibration mode number N.
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With TE incidence, the electrical field is polarized in the x-y plane. The same
investigation in the TM case was repeated for the TE incidence. The FEM-SBC
simulations are compared to analytical solutions in Figure 2.10 and Figure 2.11.
Excellent agreement between FEM-SBC and analytical results was also observed with
TE incidence. Note the scattering pattern of the FDC as functions of ¢ for different N
were different from that in TM case. Especially for N = 2, the strongest FDC was
observed at the forward scattering position (¢ = 0°). Figure 2.11 shows that, similar
to TM incidence, the variation of the FDC with &, depends on N. The reason for the
vibration mode dependence of the FDC is explained by Equation 2.26 and Equation
2.35. Equation 2.26 (Equation 2.35) essentially evaluates the equivalent current which
is used as the source of radiation to yield the FDC ina FEM simulation. The current is
associated with the cross product of the external electric field tangential to the
cylindrical surface and the oscillatory displacement normal to the cylindrical surface.
Therefore the resonance mode of the cylinder N, which determines the amplitude and
phase distribution of the oscillatory displacement distribution on the cylinder surface,

in turn has an impact on the FDC.
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2.5 Summary

In this chapter, an approximate analytical solution for the EM scattering from by an
oscillating electrically small sphere has been derived. The derived solution indicates
that the scattered EM signal has a discrete spectrum. The sidebands i.e., the Doppler
components in the spectrum, are separated by integer multiples of the oscillating
frequency of the sphere. With a small argument approximation, it was recognised that
all Doppler components but the FDC can be omitted from the analysis. The directivity
of the FDC in the scattered EM signal indicates that the strongest Doppler effect will

be observed at the backward scattering position.

The derived solution has a series of limitations. It is only applicable to an isolated
dielectric sphere that is electrically small, of small dielectric contrast and oscillating

as rigid body without boundary deformation.

A SBC-FEM model is used for the first time. In order to validate the proposed model,
it is used to investigate the bi-static scattering by dielectric cylinders that were
mechanically vibrating in different resonance modes and with varying electrical
properties. The results were found to be in excellent agreement with corresponding
analytical solutions. The FEM-SBC model will be employed for more complex 3D
problems which are relevant to medical applications and for which no analytical

models exist.
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Chapter 3 An EMA model for medical
Imaging in 3D

3.1 Introduction

Linear acoustic

module EM scattering from static

* object (FEM)
Acousticradiation
force
* E field external to
the object boundary
Linear viscoelastic
module (FEM) ‘
* Doppler scattering
: Tissue m=P  module (FEM-SBC)
displacement

{

FDC uc

Figure 3.1 The simulation process of the proposed EMA model for medical imaging.
The linear acoustic model considers the ultrasound propagation in soft tissue. The
linear viscoelastic model considers the tissue dynamics under the ARF stimulation.
The EM scattering from static object model and Doppler scattering model consider

the regular and Doppler scattering from an oscillating object.
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In this chapter, a complete EMA model for medical imaging is developed for
simulations in 3D space. Figure 3.1 shows the schematic of the simulation process of
the proposed EMA model. The process is as follows: 1) an analytical linear acoustic
model (Section 3.2) is employed to calculate the acoustic pressure and acoustic
radiation force (ARF); 2) The resultant ARF is input into a linear viscoelastic model
(Section 3.3) based on a Finite Element Model (FEM). With this model, the response
of the soft tissue is estimated numerically; 3) The scattering of the electromagnetic
(EM) waves from a stationary scatterer (Section 3.3) is simulated and the UC in the
spectrum of the scattered EM wave is determined; 4) The desired FDC is calculated

using a Doppler scattering model (Section 3.4) based on the FEM-SBC.
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3.2 The linear acoustic model

The EMA system employs a concave spherical ultrasound transducer operating in the
MHz frequency range. The radius of the spherical transducer is usually large relative
to the ultrasound wavelength and the depth of the concave surface. A numerical
model based on the summation of Bessel function terms [72] is chosen to calculate the
acoustic field excited by such a transducer as part of the EMA imaging model. For the
purpose of validation, the pressure profiles along the axis of symmetry of the
deployed transducer and in the lateral direction at the focal plane were measured and

compared to the analytical linear acoustic model.

Figure 3.2 shows the coordinates and relevant parameters used for the analysis of the
ultrasound transducer. Here rq is the radius of curvature, a is the radius of the active
transducer element, B is the observation point, r is the distance from point source to

the observation point, and 6 is the polar angle of the observation point.

For atime harmonic excitation with angular frequency wys, the radiated pressure field

of the above described ultrasound transducer is estimated analytically by [72],
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jpo e/ kysr

—rcos@ /1,

p(r,0) = 1 1(Y,2)

Y ,
1(Y,2) = e JY/2 E[u’l(Y,Z) + ju, (Y, Z)]

u (Y,2) = i(—l)n (;)Zn]2n+1(z)

(3.1)

[oe]

w(¥,2) = Y (=" (;)2n+1]2n+2(z)

n=0
k 2
Y = (LCl) [1 — (£> cos 9]
T T
Z =k,asinf

where p, = poCoU, IS an effective source pressure on the transducer surface, u, is
the surface velocity, p, isthe material density, c, isthe speed of sound, and k, is

the ultrasound wavenumber.

57



Figure 3.2 The geometry of a concave spherical ultrasound transducer
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Figure 3.3 Schematic of the measurement system for the ultrasound pressure profile.
The measurement was realised by a computer controlled acquisition system. The step
size of the measurement was 1mm in the axial direction and 0.1 mm in the lateral

direction.
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Experimental measurements:

The measurement of the pressure profile radiated by the focused transducer
(Harisonic 18-0516-P, fus = 5 MHz, focal distance = 89 mm, a = 12.7 mm) was
conducted with a hydrophone (HMPOQ75 1321, Precision Acoustics, diameter = 200
um) inside a water tank. The measurement system is shown in Figure 3.3. The driving
signal was 25 cycles of sinusoidal signal at 5 MHz of 10 mV peak-to-peak amplitude
produced by a signal generator (33580 Agilent Technology) and amplified by a 55 dB

radio frequency power amplifier (E&I A300).

Results and discussion:

The listed focal distance is the location of highest pressure and not the radius of
curvature. The rp and a of the ultrasound transducer substituted into Equation 3.1
were varied to search for the best match between the linear acoustic model prediction
and the experimental measurements. The best match was found when rp = 94 mm and
a =12.7 mm. The lateral and axial pressure profiles obtained by the two methods are
compared in Figure 3.4. Excellent agreement between the linear acoustic model
prediction and experimental measurements was observed in both directions especially
within the main lobe. The standard deviation of the linear acoustic model prediction
from the experimental measurement was 3.5% of its peak pressure. It is concluded
that the linear acoustic model based on the method in [72] can provide adequate

accuracy for the EMA modelling, and therefore will be used in the subsequent work.
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Figure 3.4 The comparison of the linear acoustic model predicted and experimentally
measured pressure field (a) in the lateral direction at the focal length and (b) in the
axial direction fys =5 MHz.
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The ARF in the biomedical applications related to accessing viscoelastic properties of
the biological tissue is generated by the change in the energy density of the
propagating wave [73] due to 1) acoustic absorption by the medium and 2) the effects
of scattering which alters the acoustic path. The same phenomenon is sometimes
described as the transfer of momentum from the acoustic wave to the medium it
propagates in by absorption and scattering [74] [22]. Assuming a plane acoustic wave,
the ARF can be expressed as the following equation:

2al
F=—

c (3.2)
where F [N/m®] is the acoustic radiation force per unit volume, « [m?] the
attenuation coefficient, and c, [ms!] the speed of sound. I[Wm™] is the average

temporal ultrasound intensity for a locally progressive plane wave, and is calculated

by [75] [76] [22]

dt (3.3)

;fOsz(t)

[ =—
PoCo

where p(t) is the pressure, and T is the ultrasound period. It is noted that for

biomedical ultrasound the maximum allowable | is limited by certain safety limits

[77]. EMA imaging has various potential applications, e.g. the imaging of breast

tumours and the monitoring of High Intensity Focused Ultrasound (HIFU) surgery.

The safety issues associated with the tumour detection is discussed in Section 4.2. For

the real time monitoring of HIFU using EMA imaging, the intensity of the acoustic
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beam is determined by the therapeutic effect that one aims to achieve rather than the

EMA imaging. Therefore it is not further discussed in this thesis.

The concave focused ultrasound transducers employed in the EMA produce a
spatially localized ARF. The spatial distribution of the ARF generated by the
transducer is illustrated in Figure 3.5. In order to induce an oscillatory motion of the
target tissue, the acoustic radiation force is amplitude-modulated to create a
harmonically oscillating force at w,, » as shown in Figure 3.6. This can be done by
multiplying p(t) = p,sin(w,;) by a sinusoidal signal sin(w—“z’ﬁ) where  w,,
denotes the angular frequency of the resulting oscillating ARF. Substituting
p(t) = pysin(w,st)sin(w,,t/2) into Equation 3.3 yields the pressure modulation is
described by,

1
I ==

pr—gsin2 (w,,) sin? (M) dt (3.4)
TJ, p us 2 '

0*~0

For w,, >» w,,rsin?(w,t) isapproximately constant for at the time scale of w

arf1 arf?

which leads to

1 (" ps
1(t) = o7 0 F(;Osmz (wys) dt = Iy (1 — cos(wg,st)) /2 (3.5)

The spatial-peak, temporal peak intensity I

sptp 15 the highest spatial and

instantaneous intensity as shown in Figure 3.6d. The spatial-peak, pulsed-average

intensity I describes the intensity of the transmitted pulse waveform. It is the

ppa

spatial peak intensity averaged over the duration of the pulse (Figure 3.6d). The
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spatial-peak, temporal average intensity I

spea €Valuates the ability of the ultrasound

waveform to heat tissue. Assuming a pulse of duration t is repeated at every

T, Lipea = Lsppa x%. Note that Figure 3.6d shows the case for t =T, therefore

I

spta

=1

sppa- 1€ modulated ARF is input into the linear viscoelastic model based

on FEM in Section 3.3 to simulate the oscillatory response of soft tissue.

|
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Figure 3.5 The simulated spatial distribution of the normalized acoustic radiation

force produced by the 5 MHz ultrasound transducers with r, =94 mm and a = 12.7
mm.
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Figure 3.6 The acoustic pressure produced by a 5SMHz transducer (a) is amplitude—
modulated by a sinusoidal signal at w,,,/2 (b), resulting modulated time varying
pressure (c) and ultrasound intensity (d) at an angular frequency w,, . The resultant

ARF is related to I(t) by equation 3.2.
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3.3 A linear viscoelastic model

Theoretical background:

Soft tissues can be treated as linear viscoelastic, isotropic solids to a first order
approximation [74]. In Cartesian coordinates, the balance of linear momentum can be

expressed as
0ij; + Pob; = Pofi (3.6)

where 0ijj is the directional derivative of the stress tensor, b; is the external
steady-state acceleration such as gravity and f; is an externally applied radiation

force. The following equation relates the stress tensor to the displacement

i

0 = ASjuy; + a(uyj + u;) (3.7)

where A and jI are the complex first and second Lamé constants for the material
which are usually empirically determined. The real parts of the Lamé constants
correspond to the elastic or storage moduli and the imaginary part to the loss modulus.
u; is the particle displacement, and §;; equals 1 when #j, otherwise equals 0.
Equation 3.6 can be separated into elastostatic and elastodynamic components. The
elastostatic component is neglected in the analysis ofelastic waves hence b; = 0 and
f; = ,. Equations 3.6 and 3.7 can be expressed m the vector form as [78] [22]

A+ @DV(V-7) + uv2a = pyii (3.8)
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where ~ denotes the second time derivative. The displacement % can be constructed
from two potentials: a scalar 1P associated with dilatational deformation in the

direction of ultrasound wave propagation, which is a longitudinal wave, and a vector

W associated with isochoric deformation, that is a shear wave,
U=Vp+ VxW 3.9)

Substituting Equation 3.9 into Equation 3.8 yields

2

_ 0 _ R
V(14 20)V* — p, %l +V X [/IVZW ~Po 5z l =0 (3.10)

which for an infinite homogenous medium has two separable terms taking the form of
wave equations. Separating these two equations and considering propagation in the y

direction for the longitudinal wave

2y 182y
dy? cf ot? (3.11)

A+20
¢ = / a (3.12)
Po

and the propagation of the shear wave in the direction r that is perpendicular toy,

where

*W 1 0°W
orz ¢z at?

=0 (3.13)

where
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n
c.= |— 3.14
5= [y (3.14)

A solution to Equation 3.11 takes the form of

llj — Ae—aly+j(wt—kly)5; (315)

where «; and k; are the attenuation coefficient and wave number (w,c;) for
longitudinal wave respectively, and 4 the original wave amplitude. At ultrasound
frequencies (> MHz), the longitudinal attenuation a; gives rise to the ARF. However
the attenuation coefficient of biological tissue is strongly frequency dependent. At
frequencies as low as w,,, the attenuation of longitudinal wave is negligible and the
material can be adequately modelled as purely elastic [74]. Similarly, a solution to
Equation 3.13 is given by

W = Be~%T+i(@t=k)p (3.16)

where «a; is the attenuation coefficient and k- wq,pc; the wave number for the shear
wave, and B the original wave amplitude. For the analysis of shear wave propagation,
a Voigt model is chosen to describe the shear viscoelastic behaviour of tissues. It has
been shown that this model describes the viscoelasticity of tissues well for low
frequency ARF excitation f,,., (0-500 Hz) [25] [79]. In the Voigt model, the second

Lame’s constant can be expressed as:

0O = p+ 0,(0/08) — S p@) = pu+ jon, (3.17)

where p is the shear modulus and 7, is the shear viscosity. The resulting

expressions for shear attenuation and shear wave speed at w,, are given by [80]:
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(3.18)
and

c. = |Real| =L (3.19)

N

FEM model:

In the EMA imaging, solving the dynamic response of the soft tissue to ARF
stimulation in a geometrically complicated medium is very challenging, and the
problem therefore lends itself to a numerical solution. FEM have been used to
evaluate the response of soft tissues in a number of studies and good agreement
between simulations and experimental observations were reported [81] [82] [83] [74] .
Therefore a FEM based linear viscoelastic model was used to evaluate the oscillatory

displacement of the tissue as part of the EMA model.

The FEM was implemented using a commercial software package (‘Structured
Mechanics’ 0fComsolMultiphysicsTM, Comsol Inc., Burlington, MA, USA) from an
axially symmetric geometry as shown in Figure 3.7. An axisymmetric background
tissue was created with a radius of 4.5 cm and a height of 9 cm. The simulation was
conducted in the time domain for 30 ms with a temporal step size of 0.1 ms. The

radial extent of the background tissue ensured that the shear waves did not reach the
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cylindrical boundary within the simulation time. For the grid 1642 triangular mesh

elements were generated with 18763 degrees of freedom.

For validation, the FEM solutions were computed for an infinite homogenous soft
tissue under the stimulation of an ARF pulse, and the results were compared to

analytical solutions based on free-space Green’s functions.

4 FEM ARF
H
g
] b | N
o
720 N - Pe
s | i
: ; N g {0.5
i I D 10.4
| : >
- 'i"
45 cm H
A 4
2 mm

Figure 3.7 Illustration of the geometry of the linear viscoelatic model based on FEM:
the axial symmetrical tissue with scatterer omitted from the illustration (left) and the
spatial distribution of ARF (right). The colour bar show the normalised amplitude of
ARF.

Green’s function based solutions:

In the infinitely large homogeneous medium, transient solutions to the displacement
induced by externally applied force based on the elastodynamic Green’s function for

linear elastic [75] and linear viscoelastic [84] materials were developed separately. In
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the Cartesian coordinates described by (x;,x,,x3), the transient response of linear
elastic tissue at location x = (x,,x,,x;) to a spatial and temporal impulse excitation

at origin is given by [75] [85] [86],

_ (3)’1')’]' _51'1') 1 CLs
gij(x, t) = TT‘?JL T(S(t— T)d'l'
L
Yiv; 1 6(t—r/c) (3.20)
+ o 2
4mtpr o5
+ (6 —viy) 1 8(t—r/cy)

dtp  r c?

where i = 1,2,3 represents the direction of the applied ARF in Cartesian coordinates,
j = 1,2,3 the direction of the tissue displacement, &(t) the Dirac delta function, and
r=|x| =/x2+x2+x2. y, =x,;/r is the direction cosine for the vector x;,
and c, the longitude and shear wave speed respectively. The applied ARF can be
treated as a superposition of individual point sources and the induced displacement in
the direction j can be computed by the spatio-temporal convolution of the applied

force f; and the spatial-temporal impulse response,

uj(x' t) = fi(x,t) @ 9ij (x,t) (3.21)

The transient response in a linear viscoelastic medium can be determined with the
assumption that the shear wave speed is frequency independent. It is given by the sum
of a longitudinal term gl-lj, and shear term g7, and a coupling term gk

ijr

9,;(x0) = g0 + g5, 7,0 + gEF D (3.22)

where
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L7 t) = . = 2vt (3.23)
9:i; (7, 0) dmpe, Tw,tm’ € l
(t_L)ZCSZ
1 1 1 &7~
gf] (F’ t) — yl y] —e 21/5 t (3.24)

47Tpcs w/Zﬂ.’VSt . .T'

1 1
l = _
9i; (7,t) = _47rp (3yiyj - 6ij)r_3

vt dt

v2mvit ] (3.25)

I 1 76‘1 B (t _CLI ) le
o) Te

where v, = (n, + 2n,)/p, and v; = n,/p, are the kinematic bulk and shear

viscosity, 7, and n are the bulk viscosity and shear viscosity.

Results and Discussion:

In both the FEM and analytical expression, the transient response of the tissue to a
rectangular pulse ARF with a spatial characteristic described in Figure 3.5 were
simulated. The duration of the ARF pulse was 3.125 ms with an acoustic intensity Ispy
= 1000 W/m?. With the arguments presented in [74] [87], the Poisson’s ratio v = 0.499
and the ultrasound attenuation coefficient 0.7 dB/cm/MHz were employed. The
Young’s modulus of the soft tissue was 3 kPa, the material density was 1000 kg/m?®,

and the shear viscosity was either 0 Pa-s or0.2 Pa -s. The temporal profiles of the
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displacements were recorded at 1 cm (P1) and 2 cm (P2) lateral to the focal point of

the ARF and are shown in Figure 3.8. Note that both of the observation points were

located outside the ARF field to avoid singularities created in Equation 3.20 to

Equation 3.24 when r — 0.
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Figure 3.8 The dynamic response of the soft tissue to an ARF pulse: FEM simulated
solution at 1cm (P1) and 2 cm(P2) away from the point of stimulation compared to
Green'’s function based solution: (a) n,=0 Pa-s and (b) n,=0.2 Pa-s.

It is shown in Figure 3.8 that the FEM solutions are in good agreement with the

Green’s function based solutions. In both inviscid (Figure 3.8a) and viscous (Figure

3.8b) tissue, the Green’s function based solutions underestimated the peak
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displacements by approximately 4%. This was due to that the spatial grid used in the
Green’s function based solution was not fine enough to fully resolve the ARF field.
Doubling the resolution of the spatial grids in each direction has led to smaller
discrepancy between the FEM solution and the analytical solution (3%). However, it
has increased the simulation time by 8 times. In addition, slight discrepancies between
the arrival time of the peak displacements at P1 and P2 in Figure 3.8b was observed
which was larger than seen in Figure 3.8a. This was likely because the Green’s
function employs a fixed shear wave speed for all frequencies. With a rectangular
pulse ARF excitation, the induced shear wave contains components at multiple
frequencies which would travel at different speed in the FEM when viscosity was
present. In Figure 3.8a, viscosity was not considered, and dispersion would not be an

issue, however in Figure 3.8b, there would be dispersion present in the FEM.

From the above investigation it was concluded that the proposed linear viscoelastic
model based on FEM is capable of producing accurate prediction of the soft tissue
response to time-varying ARF and therefore this model was incorporated into the

EMA model in the rest of the work.
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3.4 EM scattering from a stationary object

Scatterer of arbitrary

| e geometry
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Figure 3.9 The geometry of the EM scattering model by stationary object
implemented in Comsol Multiphysics

The simulation framework for the electromagnetic scattering in 3D space followed the
two-simulation approach described in Section 2.4. The first step is the simulation of

the EM scattering as if the scatterer was stationary.

The FEM model for EM scattering by a stationary object was implemented using
‘Comsol Multiphysics'™'. Figure 3.9 illustrates the problem: a scatterer is placed at
the origin of the Cartesian coordinates. Note that a spherical scatterer in Figure 3.9 is
for the purpose of illustration and the sphere can be replaced by a scatterer ofarbitrary
geometry. The background medium was modelled by a cube with edge length of 20
cm. A perfectly matched layer (PML) of 7 c¢m thickness was added immediately
outside the background material with a maximum reflection < -90 dB. This removed

the reflection of outgoing EM waves by the background medium boundaries. Free
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tetrahedral meshes were applied to the inclusion and background tissue and prism
meshes were applied to the PML. The total number of elements generated was 92958
with 638244 degrees of freedom solved for. The incident wave was set to be a 434
MHz plane wave travelling in +y direction with its E field polarized in z direction.
The EM-FEM allowed the field quantities to be recorded at the surface of the scatterer

and any other positions at which EM receivers were placed.

Background material __ ‘ T ‘ ) | w
-.-.-..4-.___ r I P 7 hevg
""""" > i .
o e ‘\\
G-r A X
S i -
5 ! Scatterer of arbitrary
- | | I
Perfectly Matched _.---T | 1 : H geometry
Layer | - o _ ‘ Imaginary surface

yolo

Figure 3.10 The geometry of surface equivalent model. An imaginary closed surface
is created just outside the scatterer

However, a particular problem arises when this approach is used in the investigation
of HIFU therapy monitoring presented in Chapter 5. The scatterer is a thermal lesion
which is olive shaped with maximum length smaller than 10 mm in the longitudinal
direction, and the electrical contrast between the HIFU lesion and background
medium is small (Figure 5.3). The HIFU lesion is therefore a weak scatterer and the
amplitude of the scattered EM signal decreases rapidly as the EM receiver moves
away from the scatterer. Once the scattered EM signal falls below the numerical noise

floor of the FEM it is not detectable in the simulation. This was found to occur at a
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distance approximately 3 c¢m away from HIFU lesions. The numerical noise is

associated the incident EM wave. To solve this problem, one solution is to exploit the

surface equivalence theorem [88] to remove the incident EM wave. The surface

equivalence theorem states that the incident EM wave and the actual scatterer i.e., the

thermal lesion can be replaced by an equivalent source. The steps are summarized as

following,

1)

2)

3)

4)

A virtual closed surface is created just outside the thermal lesion as shown in
Figure 3.10. On the virtual surface, the H field external and tangential to the
imaginary surface is recorded.

The equivalent current can be calculated by,

Js =7 X H, (3.26)

where subscript 1 denote the field external to the virtual surface.

The incident EM wave is disabled in the FEM. The above calculated
equivalent current is distributed at the virtual surface. The volume enclosed by
the virtual surface is set to be perfect electric conductor. This model is referred
to as a surface equivalence model in the rest of the thesis.

The surface equivalence model is implemented and the E field at desired

locations is calculated.
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Table 3.1 Summary of the electrical properties of the scatterer and background
medium at 434 MHz

Parameter Background medium Inclusion material
€ 18 57.5
u 1 1
o 0 S/m 0 S/m

L
o
L
o

-8 -8
-6 -6
-4 -4
g 0 % 0
> 2 > 2
4 4
6 6
8 8
1?10 -5 0 5 1(-)
X axis mm X axis mm
a b

Figure 3.11 Comparison of the EM scattering model and the surface equivalence
model. (a) the scattered E field in y-x plane in the EM scattering model for a static
object and (b) the radiated E field form equivalent current in the surface equivalence
model. The virtual surface is marked out by the red circle and the boundary of the
scatterer is marked out by white circle. Colour bar unit V/m

Validation:

For the purpose of validation, a plane EM wave at 434 MHz polarized in z direction
was assumed to travel in +y direction and the scattered E field by a spherical scatterer

of r =3 mm was simulated. The virtual surface was chosen to be a sphere with a
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radius of 5 mm. The relevant parameters are summarized in Table 3.1. The received E
field in the y-x plane near the scatterer simulated by the EM scattering model for

static object and the surface equivalence model are illustrated in Figure 3.11.

In Figure 3.114a, the E field is of its greatest within the spherical scatterer and decays
rapidly when the EM receiver moves away from the scatterer. H field was recorded at
the spherical virtual surface, converted to the surface current with Equation 3.26, and
distributed onto the virtual surface in the surface equivalence model. The radiated E
field by the surface current is shown in Figure 3.11b. The results show that the surface
equivalence model produced E field equivalent to the direct scattering model outside
the virtual surface. Note that the EM field within the virtual surface is zero in Figure
3.11b as Equation 3.12 implies the field inside the scatterer is 0. The directivity of the
E field in y-x plane 89 mm away from the centre of the scatterer are compared in
Figure 3.12. At further locations (89 mm in Figure 3.12) from the scatterer, the
radiated field in the surface equivalence model was in excellent agreement (RMS

error = 1%) with the scattered field in the EM scattering model.
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Figure 3.12 The comparison of the directivity of the EM scattering model and surface

equivalence model 89 mm away from the centre of the scatterer in the y-x plane.
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3.5 A FEM-SBC model in 3D space

&7 (t) , oscillation normal to
. An elementary patch of the the elementary patch

scatterer surface ,

’ EZ*" E field tangential
to the elementary patch

v

scatterer of arbitrary geometry

Figure 3.13 lllustration of a 3D scatterer with vibrating boundary. An elementary
area at location indicated by vector 7’is highlighted with its associated normal
oscillation (green arrow) and tangential E field (orange arrow)

The calculation of the FDC using a FEM-SBC model involves the EM field tangential
to the surface ofthe scatterer and the oscillatory motion normal to the surface of the
scatterer (Equation 2.26 and Equation 2.35). A scatterer with its boundary in motion is
illustrated in 3D in Figure 3.13. An elementary area at the position 7 is highlighted
in blue. Note that the change in the area of elementary patch is not considered in the
investigation as the soft tissues are assumed to be nearly incompressible (Poisson’s
ratio is assumed to be 0.499, see Table 4.1). In the EMA imaging, the motion of the
scatterer is induced by a localized harmonic ARF and has an angular frequency gy

Therefore the oscillatory motion of an elementary area in the normal direction at

location 7 can be described by,
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& (t) = [elrel®arrthy (3.27)
or
Ep(w) = 21l3e/%%6(w — w4, ) (3.28)

where I: and 6. are the amplitude and phase of the oscillatory motion respectively,

wgq,r the oscillation frequency, and 7 the unit vector normal to the elementary area
at location 7. Using similar principles as introduced in Section 2.4, the equivalent

current in the FEM-SBC model distributed on the elementary area can be calculated

from the tangential E field at the scatterer surface E:%" and the oscillation function,

]F’ = ﬁ'? X ﬁ'? x {—j(gz - Sl)wemEF((‘)arf)ErEan } (329)

where w,,, is the frequency of the EM signal

Table 3.2 Summary of the electrical properties of the scatterer and background
material at 434 MHz. & is the relative permittivity, u the relative permeability and
o the electrical conductivity.

Parameter Background material Inclusion material
€ 18 19
U 1 1
o 0 S/m 0 S/m

For the implementation of the FEM-SBC model, the same geometry of the static EM
scattering model can be used with the incident EM wave removed. A 3 mm radius

scatterer was assumed to oscillating in y direction harmonically as described in
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Section 2.2 and illustrated in Figure 2.1. For the purpose of validation, the scattered
field can be compared to the analytical solution derived in Chapter 2.2. The analytical
solution had two assumptions 1) the scattered field was detected in the far field and 2)
the scatterer had a small electric contrast relative to the background. In order to enable
the comparison, the edge of the background medium in the FEM was increased to 32
cm which allowed the EM receiver to be placed sufficiently far away from the
scatterer, and the electrical parameters listed in Table 3.2 were used to ensure that the
electrical contrast was less than 6%. The equivalent current was calculated using
Equation 3.29 and distributed at the surface of the scatterer, from which the FDC of

the scattered EM field was calculated.

150, /
180

210\

270

Figure 3.14 The FEM-SBC simulated FDC (red )received 150 mm away from the
electrically small and oscillating sphere plotted as a function angle compared to

analytical solution (blue )in(a) y-x plane, (b) plane y-z plane.

82



The FDC was recorded 150 mm away from the centre of the scatterer in both y-x
plane and y-z plane and is shown in Figure 3.14. There was good agreement between
the FEM solutions and analytical solutions. The strongest FDC was observed at the
backward scattering position. The radius of the spherical scatterer was then varied
from 0.5 mm to 10 mm. The resultant FDC at the backward scattering position (¢ = 0°)
were compared with analytical prediction in Figure 3.15. Again there was excellent
agreement as the FEM capture the r® dependence of the amplitude which was
consistent with Rayleigh scattering. Last, the relative permittivity of the scatterer
material & was varied from 18.5 to 20. Figure 3.16 shows that the change in the FDC
predicted by the FEM-SBC model as a function of dielectric property was consistent

with the prediction by analytical prediction when the electrical contrast was small.

In conclusion, it is demonstrated in this section that the FEM-SBC model developed
here is robust in estimating the Doppler shift in the EM signal scattered by a scatterer
in oscillatory motion. The model was validated by use ofanalytical solutions for some
simple cases. The FEM-SBC can be applied to scatterers of arbitrary geometry with
no restrictions on the electrical contrast and size and can also simulate the EM signal

close to the scatterer without the far field assumption in the analytical solution.
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Figure 3.15 The FEM-SBC simulation compared (red) to analytical solution (blue)
for oscillating sphere as a function of radius, for eic = 19, gic = 0 S/m and eng = 18, ong
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Figure 3.16 The FEM-SBC simulation (red) compared to analytical solution (blue)
for oscillating sphere as a function of ¢ic, for &ic = 18.5-20, gic = 0 S/m and enq

=18,
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3.6 Summary

In this chapter, a complete numerical model to simulate the key physical processes
involved in the EMA imaging in 3D space has been developed. The EMA model is

composed of 4 models:
1. Alinear acoustic model estimates the ARF generated by an acoustic source ;

2. A linear viscoelastic model computes the oscillatory response of the tissue

under the stimulation of the amplitude- modulated ARF;

3. A EM scattering model for stationary object to estimate the UC in the

scattered EM signal;
4. A FEM-SBC model to estimate the FDC in the scattered EM signal.

The four models employ a combination of analytical and numerical methods. They
were validated using experimental and analytical results during the development. This
model will be used to investigate the feasibility of applying the EMA imaging to the
diagnosis of various diseases, as well as other applications. In the following chapters,
two potential applications of the EMA imaging are investigated: 1) the detection of
breast tumours and 2) the real-time monitoring of the High Intensity Focused

Ultrasound (HIFU) therapy.
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Chapter 4 EMA imaging of breast
tumours

4.1 Introduction

In this chapter, the potential of the EMA imaging in breast tumour detection is
investigated. The EMA model developed in Chapter 3 is used to evaluate the
dependence of the EMA signal on different parameters that are relevant to breast
tumours including mechanical properties, electrical properties and tumour size. The
chapter is organised as follows: first, the potential clinical safety issues of EMA
imaging are discussed. Second, a case study is presented to demonstrate the complete
simulation process for a tumour in the breast. A parametric study of the effect of
variation of the mechanical and electrical properties on the scattered EM signal is
presented. Finally, the influence of the size of the tumour on the scattered EM signal

is considered.
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4.2 Safety of EMA

In order for the EMA imaging to be clinically viable it is necessary to show that an
EMA system does not produce any adverse effects in the patient. Both the ultrasound
waves and EM waves have the potential to result in adverse side effects. The safety

implications of both forms of radiation will be considered here.

The potential damage that may be induced by ultrasound falls into two categories 1)
mechanical damage and 2) thermal damage. Mechanical damage is predominately
considered to be due to cavitation at high negative pressures [89]. The Mechanical
Index (MI) is used as an indicator to predict the likelihood of mechanical damage [90]

[91]. Itis defined by,

MI = Pr (4.1)

Vius

where p, (MPa) is the peak rarefaction pressure, derated for propagation through

tissue, and f,, is the centre frequency of the ultrasound transducer. Thermal damage
is caused by the absorption of ultrasound energy by the tissue which is converted to

thermal energy and results in tissue heating. The thermal index (TI) [92] is defined as,

" 4.2)
T = —2
Wdeg
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where W, is the derated acoustic power at the depth of interest and W,,, is the
energy estimated to raise the tissue equilibrium temperature by 1 °C per unit volume.

The temperature rise here can be estimated in the same way for HMI imaging [23]

20 sppq ¢ (4.3)
W

AT =

where « is the absorption coefficient of tissue, y, is the specific heat at constant

volume for tissue and I,,, is the spatial peak pulse average intensity.

Due to the importance of the United States market, the recommendations by the Food
and Drug Administration (FDA) of the United States are the most frequently
referenced standards, as regards medical device safety. The FDA has imposed global

upper limits on the value of certain parameters as follows [93]:

1) The spatial peak temporal average intensity( lspta) < 720 mW/cm? and

2) Mechanical Index (MI) <1.9 or Isppa< 190 W/cm?

The ultrasound transducer considered in the following investigation operates at f,, =
5 MHz. With Equation 4.1 the peak allowable rarefaction pressure is determined to be
4.25 MPa to satisfy the safety regulation. Assuming a = 0.7 dB/cm/MHz [74] [87]

and y,= 4.2 J/cm? /°C[23], and I, , equals half of I, = 154 W/cm? for the

ppa ptp —

modulation scheme in Section 3.2, the estimated temperature rise in 62.5 ms (10

cycles of ARF) is 1.0 °C by Equation 4.3.

However the employed Isyta far exceeds the FDA imposed up limit of 720 mW/cm?.

The same is true for the majority of radiation force based imaging methods such as
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HMI and ARFI. The reader is reminded that the FDA imposed limits were largely
pragmatically decided in 1970s by referring to the output level used in the equipment
up to that time [94]. Research into developing an acoustic output limit based on more
accurate models [95] [96] may lead to the reformulation of the current implemented
FDA standards to allow most ARF based imaging method including the EMA

imaging to be introduced into clinical application.

For EM radiation, tissue heating is associated with the induction of current due to the
nonzero conductivity of tissue during EM wave transmission [97]. The specific
absorption rate (SAR) measures the power absorption per unit mass by human body
from electromagnetic sources such as mobile phones and MRI machines. It is defined

as [98]

_o(AIE@D)?
SAR = 20 4.4)

where o is the local effective conductivity (0.85 S/m for breast tumour tissue), po IS
the local material density (1000 kg/m?), and E is the local electric field. The maximum
allowable SAR in torso under continuous EM radiation over 5 minutes imposed by
FDA is 8 W/kg [99]. To assess the safety of the EMA imaging, the above parameters
are substituted into Equation 4.4 resulting an electric field of E = 130 V/m. The
European Directive 2004/40/EC recommends a maximum allowable E field of 60 V/m
[100] to ensure the safety of workers against EM exposure in an occupational

environment. For comparison, the E field strength measured in the near field of
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mobile phones ranges from 15 V/m to 60 V/m [101]. In the EMA system, the required
electric field is subject to the system noise level, which is determined by the design of
the EM transmitting, and receiving system and is not considered in the model of EMA
imaging. Therefore the absolute value of electric field does not affect the simulation
results, and an incident electrical field of 1 V/m is employed in the following

investigation for simplification.
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4.3 Modelling a breast tumour as a spherical

inclusion

In this section, the complete simulation process for breast tumour detection using the
EMA imaging is demonstrated. The breast tumour was modelled as a spherical
inclusion with r = 3 mm in background tissue of infinite size. The mechanical
properties listed in Table 4.1 were chosen to be consistent with data reported in
previous literature [26] [102] [103] [104] and were assigned to the material

composing the inclusion and background tissue.

The ultrasound transducer and the modulation scheme of the resulted ARF were
introduced in Section 3.2. Briefly, a circular concave single element transducer
operating at 5 MHz was employed and the resultant ARF was amplitude modulated to
produce an oscillating force at 160 Hz. The dynamic response of the soft tissue to the
excitation of the amplitude modulated ARF was simulated using the linear
viscoelastic model developed in Section 3.3. The amplitude- modulated ARF can be
decomposed into a step function and a harmonically oscillating component with zero
mean. The dynamic response of the soft tissue to the step function force and the
oscillating force can be evaluated separately and then superimposed on each other to
obtain the dynamic response to the sum of the two forces as demonstrated in Figure
4.1. As only the harmonically oscillating component is responsible for inducing the

Doppler effect and because a linear viscoelastic model is employed, only the
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harmonically oscillating force was considered. The peak harmonic force corresponds
to a spatial peak temporal peak intensity of sy, = 154 W/cm?, and is used in the rest

of the investigation.

Table 4.1 The material properties assigned to the linear-viscoelastic model (E is the
Young’s modulus, 1, the shear viscosity, p the material density, a the ultrasound
attenuation coefficient, & the relative electrical permittivity, o the electrical
conductivity, and u the relative magnetic permeability [26] [102] [103] [104] [105] [106].

Parameter Background tissue Tumour tissue
E 3 kPa 9 kPa
Ns 1.2 Pa-s 20 Pa-s
p 1000 kg/m?® 1000 kg/m?®
v 0.499 0.499
a 0.7 dB/cm/MHz 0.7 dB/cm/MHz
£ 18 57.5
o 0.13 S/m 0.85 S/m
u 1 1

The relative permittivity and electrical conductivity of healthy and cancerous breast
tissue were surveyed in previous studies [105] [106]. Representative values
summarized in Table 4.1 were assigned to the inclusion and background tissue. The
incident EM wave was set to propagate in the + y direction with an E field of
amplitude of 1 V/m and polarized in z direction. This was the same as in Figure 2.1

except that the small dielectric sphere was replaced by a breast tumour model and the
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motion of the breast tumour was induced by the oscillating ARF. The UC and the

FDC were simulated using the models and methods developed in Section 3.4 and

Section 3.5.
70 45
Harmonic Force 40
80f Step Force
50 Harmonic force+ Static force a5
T —
A §%
& 525
£ aof -
‘_% 20 EA ®
=3
& 5 15
10 10
0 5 Harmonic force+ Step force
0 Effect of (Harmonic force+ Effect + Step force)
-1 v 0
0 5 10 15 20 25 30 0 5 10 15 20 25 30
Time (ms) Time (ms)
a b

Figure 4.1 (a) The dynamic response of homogeneous linear viscoelastic tissue (E = 3
kPa,n, = 1.2 Pa-s and p = 1000 kg/m®) to a step force (blue) and a harmonic
force (black) and the sum (red) (b) The dynamic response of linear viscoelastic soft
tissue to the sum of two forces is equivalent to the sum of the dynamic responses of the

same tissue to each of the two forces as would be expected for linear simulation.

Results and Discussion:

The dynamic response of the boundary of the spherical inclusion is illustrated in
Figure 4.2. Figure 4.2a presents three snapshots of the spherical inclusion at time
corresponds to 0 ms (A): before the ARF excitation, 9.4 ms (B) at a local maximum
and 12.6 ms (C) a local minimum of the oscillatory ARF. It can be seen that the
spherical inclusion undergoes non-uniform motion: displacement of the whole volume
as well as boundary deformation. In Figure 4.2b, the displacements of locations on the

spherical boundary corresponding to ¢ = -90°, 0°, and 90° degrees as functions of
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time are compared. In Figure 4.3, the amplitude and phase of the oscillation
experienced by the spherical boundary is illustrated as functions of ¢. The oscillation
observed at positions further away from the axis of the applied ARF was significantly
smaller (1.5 um versus 5 um) than and lagging behind (100°) that observed on the axis.

A detailed discussion of the phenomenon can be found in Section 4.4.

The simulated FDC and UC are shown in Figure 4.4. For the modelled breast tumour,
which was an electrically small spherical scatterer, the scattered EM field resembled
the radiation pattern of a Hertz dipole as shown in Figure 4.4c and Figure 4.4d. The
detectability of the induced Doppler effect can be roughly estimated by the ratio of the
FDC and UC, which is collectively determined by a series of parameters such as the
ARF excitation, electrical and mechanical properties of both the inclusion and
background medium. From Figure 4.4, it is seen that the strongest Doppler effect is
observed at the backward scattering position (¢ = 180°). Therefore it is recommended

that the EM receiver should be located at a position close to the ultrasound transducer.
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Figure 4.2 The dynamic response of the spherical inclusion to amplitude modulated
ARF. a: The snapshot of the spherical inclusion at t = 0 ms (A: before ARF was
applied), t = 9.4ms (B: ARF is at local maximum), and t = 12.6 ms (C: ARF is at local
minimum; b: the time-varying displacement at different locations at the spherical
boundary shown in A (red spot: ¢ = -90°, blue spot: ¢ = 0, and black spot: ¢ = 90°).
Note that to illustrate the deformation of the spherical boundary, the actual
displacement in (a) was magnified by 100 times
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Figure 4.3 The amplitude (a) and phase (b) of the oscillatory displacement of the
spherical boundary of the inclusion under the excitation of ARF as a function of ¢

270
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Figure 4.4 The simulated FDC (a: in the y-x plane and b in the y-z plane) received a
focal distance (89 mm) away from the centre of spherical inclusion and the simulated
UC(c: in the y-x plane and d in the y-z plane) as functions of the bi-static angle ¢
between the transmitter and receiver.
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4.4 Impact of mechanical properties

Method:

Here the effect of varying the mechanical parameters of the tissue on the EMA signal
was investigated. The induced Doppler effect in EMA imaging is related to the
amplitude of FDC relative to the UC instead of its absolute amplitude. For
investigations in which the UC is fixed, the normalized FDC is presented whilst for
investigations with varying UC, the ratio of FDC and UC is also presented. The
electrical parameters were fixed (g~ 57.5 and o;. = 0.85 S/m and &,,= 18 and oy, =
0.13 S/m) so that, for an inclusion of fixed size, the UC in the scattered EM signal
would not vary and therefore only the variations in the FDC are investigated.
Simulations were conducted for spherical inclusions of different sizes with varying
Young’s modulus, shear viscosity and material density. The mechanical properties are
given in Table 4.1 and were varied in ranges clinically relevant for breast tissue [26]
[102] [103] [104]. The ARF had a full width half maximum (FWHM) of 2 mm, and
was induced along the +y direction with its focal point coincident with the centre of
the breast tumour. The dynamic responses of the spherical inclusions of different size

(ri= 0.5 mm, 1.5 mm, 4.5 mm, and 6 mm) were simulated.
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Results and discussion: mechanical response

Figure 4.5 shows the effect upon the FDCs of varying the Young’s modulus of the
inclusion E;. from 9 kPa to 42 kPa for 0.5 mm and 6 mm radius inclusions. The
maximum displacement for both cases was at ¢ = £90° with a minimum at ¢ = 0°.
When 7. = 0.5 mm, the entire volume of the spherical inclusion was within the region
of excitation (ROE). The oscillation of the soft tissue at its spherical boundary was
induced by the excitation of the oscillating ARF directly. The difference in the
amplitude of oscillation at ¢ =+90° and ¢ = 0° was the result of the lateral gradient of
the ARF within the ROE. For ;. = 6 mm, the spherical inclusion is greater than the
ROE and the direct ARF excitation is confined in the volume near the axis. The
induced shear wave then propagated laterally out of the ROE with the energy
spreading cylindrically, causing the oscillation of soft tissue outside ROE. Therefore a
greater difference in the amplitude of oscillation was observed for a larger inclusion.
The effect of propagation can be seen in the phase of the oscillation along the
boundaries, where the phase increased by a maximum of 6° for ;. = 0.5 mm whereas
it had a maximum o0f224° for r,. = 6 mm. In Figure 4.5, as E;. increases from 9 kPa to
42 kPa, the difference in the amplitude and phase of the oscillation at ¢ =+90° and ¢
= 0° are reduced for both ;. = 0.5 mm and 6 mm. This suggests that, as the spherical

inclusion become stiffer with increasing Young’s modulus, it behaves more like a
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rigid body and oscillated more uniformly. Data for the 1.5 mm and 4.5 mm radius

mclusions is not shown, however it shows similar trends to what is seen here.

Figure 4.6 shows the effect of changing the viscosity of the inclusion #; ;. The
angular dependence was similar to that in Figure 4.6. Increasing the shear viscosity
decreased the amplitude. This is explained by considering that the shear viscosity is
proportional to the imaginary part of shear modulus. Increasing the shear viscosity led
to a greater absolute value of the shear modulus, and therefore reduced the tissue peak
displacement when the applied force was held fixed. Figure 4.7 shows that increasing
pic from 800 kg/m’ to 1200 kg/m’> has very little impact on the amplitude and phase of

the oscillation along the spherical boundary.
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Figure 4.5 The amplitude (a,c) and phase (b,d) of the oscillation at the spherical
boundary of inclusions with ric = 0.5 mm (a,b), and 6 mm (c,d) as functions of ¢. Eic is
9 kPa (blue curve) 24 kPa(green curve ) and 42 kPa (red curve). The background
medium is Epg = 3 kPa. Horizontal axis unit: degree

The mechanical properties of both the inclusion tissue and background tissue affected
the FDC by influencing the dynamic response of soft tissue. The simulated FDC
received at a position that was placed next to the ultrasound transducer that was 89

mm away from the centre of the spherical inclusion in the backscattering direction are

shown in Figure 4.8 to Figure 4.10.
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Figure 4.6 The amplitude (a,c) and phase (e,h) of the oscillation at the spherical
boundary of inclusions with ric = 0.5 mm (a,b), and 6 mm (c,d) as functions of ¢. #s ic
is 3.2 Pa-s (blue curve) 7.2 Pa-s (green curve ) and 10.2 Pa-s (red curve).

The background medium viscosity is 1.2 Pa - s. Horizontal axis unit: degree
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Figure 4.7 The amplitude (a,c) and phase (e,h) of the oscillation at the spherical
boundary of inclusions with ric = 0.5 mm (a,b), and 6 mm (c,d) as functions of ¢. pic
is 800 kg/m®(blue curve) 1000 kg/m® (green curve ) and 1200 kg/m® (red curve). The
background medium ppg = 1000 kg/m®. Horizontal axis unit: degree

Figure 4.8 presents the impact of varying the Young’s modulus of both the spherical
inclusion and background tissue within a clinically feasible range. For the smallest
inclusion (7. = 0.5 mm, Figure 4.8a), a 3 fold increase in the Young’s modulus of the
background tissue £, led to a 32% decrease in the FDC. On the other hand, as 7, was
small, the impact of the material properties of the inclusion was small and increasing
E;. from 3 kPa to 42 kPa led to less than 3% variation in the FDC. For inclusions of
greater size (r, = 1.5 mm, 45 mm and 6 mm), the properties of the inclusion

contributed more to determine the dynamic response. Therefore the same changes in
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the Young’s modulus of the inclusion led to greater variations in the FDC compared
to when ;. = 0.5 mm. Variations in the FDC were up to 15% (vi = 1.5 mm, Figure

4.8b), 40% (ri. = 4.5 mm, Figure 4.8c) and 50% (7;. = 6 mm, Figure 4.8d).

Increasing E;. from 3 kPa to 42 kPa n Figure 4.8 (c-d) does not increase the FDC
monotonically. Further when 7. = 4.5 mm and 6 mm, the greatest amplitude of the
FDC was observed when the background tissue was stiffest. The phenomena suggest
that resonance behaviour in the inclusion may be present. This was corroborated by
considering the case of Ey; = 9 kPa and r;. = 4.5 mm, the peak FDC was observed at
Ei. = 6 kPa with a shear wavelength 4, = 8.9 mm in the inclusion tissue, which was
twice of r,.. When r;. = 6 mm the peak FDC is observed at E;. = 10 kPa with 4, = 11.4
mm, again approximately twice of 7;.. For E;.,> 10 kPa, the wavelength of the shear
wave exceeded the size of the inclusion and there was no resonance condition, and the
amplitude of FDC decreases due to the stiffer tissue. The resonance effect can also be
produced by varying the ARF excitation frequency with fixed mechanical properties.
In clinical setting, the resonance effect can be exploited to determine the size of the
inclusion be sweeping the ARF excitation frequency if the mechanical properties are

known. The frequency at which the peak signal is observed

Figure 4.9 shows the impact of varying shear viscosity. Again for smaller inclusions,

the FDC was mainly determined by the background tissue properties. A 3 fold
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increase in the shear viscosity of the background tissue #; »¢ led to a 47% decrease in

FDC whilst a 3 fold increase in the shear viscosity of the inclusion 7 ;- only led to a 3%

increase in FDC. In contrast, for larger inclusions, the same change in 7 ;. led to a 10%

(tic = 4.5 mm, Figure 4.10c) and 18% (ric = 6 mm Figure 4.10d) in the FDC change

respectively.
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Figure 4.8 The impact of Young’s modulus: blue star (Blue star: Eng = 3 kPa, Green
triangle: Eny = 6 kPa and red circle: Epg = 9 kPa) on the FDC for spherical
inclusions with (a) ric= 0.5 mm, (b) ric=1.5 mm,(c) ric= 4.5 mmand (d) ric= 6 mm

Figure 4.10 illustrates the effect of varying material density. Increasing psg from 800

kg/m’® to 1200 kg/m’ led to a 14 % decrease in the FDC whilst increasing p;. from 800

kg/m’ to 1200 kg/m’ lead to 2% variation. For inclusions of greater size, the variation

104



in FDC was 10% (r;,. = 1.5 mm, Figure 4.10c) and 15% (7, = 6 mm, Figure 4.10d).
Please note that the range of density investigated here was much larger than what is
typically seen in soft tissues (900-1100 kg/m> [107] [108] except for bone (1900 kg/m’
[109]) to demonstrate the material density dependence of the FDC. In a clinical
setting, material density is unlikely to be an important factor in determining the FDC

because of the small variation of the tissue density.
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Figure 4.9 The impact of shear viscosity: (Blue star: #s_py = 1.2 Pa-s, Green
triangle: #s_nhg = 2.2 Pa-s and red circle: #s_py = 3.2 Pa-s) on the FDC for
spherical inclusions with (a) ric= 0.5 mm, (b) ric= 1.5 mm,(c) ric= 4.5 mm and (d) ric=
6 mm.
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It is noteworthy that in Figure 4.8a the FDC decreases by 3% at first before it
increases to unity again. In Figure 4.9a, it increases from 0.97 to 1 with increased #; ;.
rather than following the same trend observed in Figure 4.9b-c. These small
fluctuations in the FDC were likely to be attributed to the complicated interaction
between several factors. First, when ;. = 0.5 mm, the entire inclusion was within the
region of excitation and because ARF decreases rapidly in the lateral direction there
will be a non-uniform excitation around the surface of the inclusion. Second, varying
the mechanical properties of the tissue further complicates the distribution of the
amplitude and phase of the oscillation along the spherical boundary. The induced
Doppler effect in the scattered EM signal was sensitive to the small perturbations of
the amplitude and phase of the oscillation, which led to the observed relationship

between FDC and mechanical properties shown in Figure 4.8a and Figure 4.9a.
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Figure 4.10 the impact of density: (Blue star: png =800 kg/m®, green triangle: Phbyg
=1000 kg/m*and red circle: ppg =1200 kg/m®) on the FDC for spherical inclusions
with (@) ric= 0.5 mm, (b) ric= 1.5 mm,(c) ric= 4.5 mm and (d) ric= 6 mm.
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4.5 Impact of electrical properties

Method:

Contrast in the permittivity ¢, and electrical conductivity ;. of the inclusion will
affect the scattering of both the UC and the FDC. For this investigation, the
mechanical parameters listed in Table 4.1 were employed and 7;. was held fixed at 3
mm. When r;. = 3 mm_ the size of the spherical inclusion was much smaller than a
wavelength of the EM wave at 434 MHz in soft tissue (8 cm). The EM scattering from
such a spherical inclusion falls into the Rayleigh scattering regime. The electrical
conductivity and relative permittivity of the inclusion tissue were varied to investigate

therr effects on both the UC and the FDC.

Results and Discussion:

Figure 4.11 shows the impact of increasing &jc from 50 to 80 with oic = 0.85 S/m and
obg = 0.13 S/m. The UC increased by 23% as &jc increased from 50 to 80. In contrast
the FDC increased only by 13%. As a result FDC/UC decreased by 0.7 dB. The
noticeable discrepancy in the trends between the FDC and the UC as a function of &jc
was due to the dependence of the FDC on the tissue dynamics. FDC was not only
sensitive to the electrical contrast between the inclusion tissue and background tissue,

but also the wavenumber of the EM wave in both the inclusion and the background, as
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suggested by Equations 3.1 to 3.5. The change in & from 50 to 80 increased the EM
propagation constant inside the spherical inclusion by 20% which affected the
scattering. Similar phenomena are also reported in Section 3.4 in the 2D simulations

for a vibrating cylinder.

The FDC is generally many orders of magnitude smaller (~70 dB~80 dB) than the UC.
Therefore the UC can be used to represent the strength of the scattered EM signal.
The ratio between the FDC and the UC can be used as an estimator of the magnitude
of induced Doppler effect. The above results indicate that whilst the presence of
electrical contrast is necessary for the generation of the EMA signal, the inter-tumour
variation of electrical properties is unlikely to cause detectable change in the induced
Doppler effect in an infinite homogeneous background medium. In clinical scenarios
the background tissue is finite and heterogeneous. Other scatterers, for example the
interfaces between different organs may are not acoustically stimulated, also scatter
EM waves without inducing any Doppler effect. The scattered EM energy contributes
to the UC and effectively reduces FDC/UC, which is not in favour of EMA imaging.
It is speculated that increasing the contrast electrical properties between the inclusion
and the background tissue will help reduce the influence of undesired scatterers. The
contrast may be increased by injecting contrast agents which is briefly discussed in

Chapter 6.
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Figure 4.11 The impact of the relative permittivity of the inclusion material on the
FDC (Blue triangle) and the UC (red circle) and FDC/UC in dB (green diamond).

The arrows indicate the appropriate vertical axes.
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Figure 4.12 The impact of the electrical conductivity of the inclusion material on the
FDC (blue triangle) and UC (red circle) and FDC / UC in dB (green diamond). The

arrows indicate the appropriate vertical axes.
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4.6 Impact of inclusion size

Method:
The investigation of the impact of size of the spherical inclusion was conducted, with
the mechanical properties and electrical properties summarized in Table 4.1, and the

i was varied from 1 mm to 10 mm.

Results and Discussion:

In Figure 4.13 the simulated FDC from a spherical inclusion excited by a harmonic
ARF 1s compared to the analytical solution and the FEM-SBC solution for a rigid
sphere of the same size subject to a uniform harmonic oscillation. Because the size of
the inclusions studied falls in the Rayleigh regime, the scattering cross section is
approximately proportional to r;.°. That is, for a rigid sphere with uniform motion, the
amplitude of both the UC and the FDC are approximately proportional to ri>.
However in a clinical scenario where tissue is soft, only the volume of the tissue in
the focal region of the ultrasound transducer is excited by the ARF directly. Shear
wave is created in the region of excitation and spread cylindrically out of the region of
excitation. The amplitude of the shear wave is smaller at positions further away from
the region of excitation due to the cylindrical spreading of energy and attenuation due

to the shear viscosity. Therefore the amplitude of oscillation of the soft inclusion is

smaller than if it was rigid. As a result it is seen in Figure 4.13 that the curves for
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uniform oscillation (green and blue) increase at a rate faster than the ARF excited
motion (red curve). As the amplitude of UC is an solely dictated by 7, and is
unaffected by tissue dynamics, the FDC increases at a rate smaller than UC for ARF
excited inclusion. In Figure 4.14, ratio of the FDC and the UC decreases by 24 dB
when 7;. is increased from 1 mm to 10 mm. The results suggest that, under the current
configuration, a larger inclusion is more difficult to detect as the Doppler effect in the

received EM signal reduces with increasing inclusion size.

To be able to detect large breast tumours, the EMA system can be configured in a
scan mode where the ultrasound focus is steered across the breast tumour and a 2D
EMA image of the scanned cross section is produced. In this configuration, when the
ultrasound focus is coincident with the boundaries of the large tumour, an EMA signal
can be detected. However, as the larger tumour produces a stronger UC making the
FDC appears to be relatively weaker, it is speculated that a small tumour in the EMA
image will appear a small area of high signal intensity (corresponds to the stronger
Doppler effect observed for a smaller inclusion) whilst a appear tumour will have a

large area of low signal level.
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Figure 4.14 FEM-SBC simulated ratio of the FDC and UC in dB for uniformly and
harmonically oscillating sphere (blue triangle) and ARF excited spherical inclusion
(red circle)
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4.7 Summary

The feasibility of using the EMA imaging technique for breast tumour detection has
been investigated in this chapter. The tumour was modelled as a spherical inclusion
embedded in an infinitely large volume of background tissue. For all scenarios
considered there may be issues with safety based on ultrasound levels employed in
this work. However, these safety issues are similar to other harmonic radiation force

methods and are under evaluation by safety working groups.

The mechanical properties of both the inclusion and the background tissue were found
to impact the resultant FDC via the dynamic mechanical response of the tissue
boundary. Varying the elastic properties within the clinically relevant range has led to
changes in the FDC up to 50%. It was found that resonance behaviour was captured
by EMA imaging at specific size and properties of the spherical inclusion. Varying
the electrical properties affected both the FDC and UC, by up to 20%. The
investigated ranges of relative permittivity and conductivity have led to up to a 0.7 dB
decrease and a 0.2 dB increase in the ratio of the two components. It is speculated that
the high electrical contrast between the inclusion and background tissue help reduce
the undesired signals from other unexcited EM scatterers. The magnitude of the
received EM signal is mainly dictated by the size of the spherical inclusion. The FDC

did not increase with inclusion size as rapidly as the UC, which led to a decrease of 26
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dB in the ratio between the two components as the radius of the inclusion was

increased from 1 mm to 10 mm.

In conclusion, there are several issues need to be addressed before EMA imaging can
be clinically deployed. First of all, the FDC signal is typically more than 68 dB (see
Figure 4.14) below the UC signal level in the simulated scenarios. Detecting such a
small Doppler effect in the scattered EM signal is a very challenging task itself.
Additional noise sources include the EM reflections from other structures other than
the targets one aim to detect, phase noise in the EM signals and thermal noises
generated in the EM hardware will make the signal detection more difficult.
Overcoming above listed problems require novel signal processing techniques as well
as robust hardware such as EM transmitter and detectors. This is discussed in Chapter
6. Another issue is related to the imperfect focusing of the acoustic force field. The
current configuration of EMA imaging does not include a mechanism to effectively
monitor the exact location of the acoustic focus. When the acoustic force field is
imperfectly focused, there will be a mismatch between the locations the operator

trying to image and the locations that are actually imaged.
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Chapter 5 EMA monitoring of HIFU
therapy

5.1 Introduction

In this chapter, the computational model for High Intensity Focused Ultrasound
(HIFU) therapy and monitoring is developed to investigate the feasibility of real-time
thermal therapy monitoring with EMA imaging. As discussed in Chapter 1 HIFU
ablates tissue at depth. The thermal process changes the acoustic, elastic and electrical
properties of the tissue. The ablation process may result in a detectable change in the
EMA signal. In addition, as the application is therapeutic and the diagnostic safety
limit does not apply, the EMA imaging may employ the therapeutic ultrasound
transducer in the HIFU system for tissue excitation and higher ultrasound power to

induce greater Doppler effect in the scattered EM signal.

The chapter is organised as follows: first, an acoustic model for HIFU propagation
and heating is included in the EMA model. Second, a case study is presented to
demonstrate the complete simulation process. Third, the sensitivity of the EMA signal
to HIFU induced changes in ultrasound attenuation coefficient, shear viscosity and

Young’s modulus is investigated. Fnally the impact of ultrasound intensity is studied.
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5.2 A HIFU-EMA model

The EMA model developed in Chapter 3 is extended to include the HIFU thermal
ablation process. The linear acoustic model employed previously is replaced by a
nonlinear acoustic propagation and ablation model. The simulation framework is

shown in Figure 5.1.
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Figure 5.1 Block diagram of the HIFU-EMA model to illustrate the simulation
process: inside the red dash line box is the HIFU model consisting of a non-linear
acoustic model, a thermal model and a thermal dose model. Outside the red box is the

EMA model as introduced in Chapter 3 with an additional surface equivalence model.
The HIFU model employed in this investigation is modified from an existing HIFU
simulator [110]. Within the HIFU simulation, a non-linear acoustic model based on
Khokhlov-Zabolotskaya-Kuznetsov (KZK) equation is used to solve for the pressure

field and heating rate map in the tissue. The key assumption of KZK equation is

strictly forward propagating acoustic wave, which is valid as scattering of acoustic
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waves is not considered here. Defining the direction of the beam propagation as y
with the transducer surface lying in the x-z plane perpendicular to y, the KZK

equation can be written as [111] [112]:

aSP ﬁ azpz
2
Vitp+a(f) 573 + 2p0c3 072 (5.1)

0°p _ G
dyor 2

where p is the pressure, ¢, the small signal sound speed, B the nonlinearity
coefficient, p, the density, T =t —y/c, the retarded time and V.2 the Laplacian
operator in the x-z plane. The frequency dependent ultrasound attenuation coefficient

in the soft tissue is assumed to follow a power law described by [113],

a()=ayx (L) 52)

where «, is the attenuation at 1 MHz and ¢ is the power law exponent. The

nonlinear acoustic model output a map of heating rate Q = [2a(f)I(f)df [114].

The resultant ARF is given by [52],
ARF = = (5.3)

and used as an input to the viscoelastic model. The heating rate map is used as an

input to the thermal model based on bio-heat transfer equation (BHTE) [115],

aT
pCior= KV’T —w,C,(T =T+ Q (5.4)

where C, is the heat capacity, T the temperature, k the tissue thermal conductivity,

w, the blood perfusion rate, C, the heat capacity of blood and T, the arterial blood
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temperature. Note that the heat loss due to the blood flow is not considered in this
work. Solving Equation 5.4 yields a spatial map of temperature T as a function of the

HIFU exposure time.

The thermal damage to the underlying tissue is assessed using a cumulative equivalent
minute model [116] with a reference temperature of 43°C (CEM43°C). This model
converts the thermal dose applied in a thermal course of varying temperature to
minutes of an equivalent thermal course at a constant temperature 0f43°C. The tissue
region with accumulated thermal dose exceeding 240 CEM43°C minutes is regarded
as thermally coagulated and hence is defined as a thermal lesion. The thermally
coagulated tissue is then assigned appropriate mechanical properties and electrical

properties (see Section 5.3).

The EMA model uses the architecture presented in Chapter 3 except that an additional
‘surface equivalence model’ is added into the simulation framework. The role of the
‘surface equivalence model’ has been discussed in Section 3.4. The virtual surface of
the surface equivalence model is chosen to be a sphere with a radius of 10 mm. From

here on the model introduced in this section is referred to as the HIFU-EMA model.
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5.3 Simulating EMA during HIFU exposure

Method:

In this section, the complete simulation process for monitoring thermal lesion
formation using the EMA imaging is demonstrated. The acoustic source used in this
study was a circular single element focused transducer as illustrated in Figure 6.2. The
transducer has an aperture radius a = 3.2 cm, a radius of curvature d = 6.26 cm and a
centre frequency of 1.1 MHz. This matches the property of a commercially available
HIFU transducer (H101, Sonic Concepts, Woodinwill, WA). The resultant ARF was
amplitude modulated by a 160 Hz sinusoidal signal using the scheme introduced in

Section 3.2.

The temperature dependent non-linear acoustic properties of bovine liver tissue have
been reported in [113]. An ambient temperature of 37°C was assumed. The
‘non-linear acoustic model’ and the thermal model are not capable of updating
temperature dependent material properties during the simulation. Therefore the
pre-treatment non-linear acoustic properties (Table 5.1) and thermal properties (Table
5.2) of bovine liver tissue at the ambient temperature were used in the non-linear
acoustic model and thermal model to simulate the formation of the thermal lesion.
The pre-treatment and post-treatment mechanical properties of bovine liver tissue are
summarized in Table 5.3 and were used in the linear viscoelastic model for untreated

tissue and lesion tissue respectively.
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Figure 5.2 Schematic of the employed HIFU transducer. The transducer has a radius
of aperture radius a = 3.2 cm, a radius of curvature d = 6.26 cm and a centre

frequency of 1.1 MHz.

Table 5.1 The non-linear acoustic parameters of bovine liver tissue used in the
non-linear acoustic simulation, data summarized from [113] at 37°C.

Non-linear acoustic parameter Value
Co 1592 m/s
Po 1040 kg/m?
a, 0.48 dB/cm
¢ 1
B 7.19
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Table 5.2 The thermal parameters of bovine liver tissue used in the thermal map
model, data summarized from [52]. As the perfusion rate w,was taken to be 0 kg/m®/s
(no heat loss due to blood flow), C, and T, are not required.

Thermal parameters Value
C, 3510 J/kg/K
k 0.51 W/m/L
Wy 0 kg/m®/s

Table 5.3 The mechanical parameters [117] and electrical properties [60] of
untreated and coagulated bovine liver tissue used in the linear viscoelastic model.
For material densities of both tissues, refer to Table 5.1. E is the Young’s modulus,
n, the shear viscosity, p, the material density, v the Poisson’s ratio, € the relative
electrical permittivity, o the electrical conductivity, and u the relative magnetic
permeability.

Parameter untreated tissue ablated  tissue
E 9 kPa 72 kPa
1 2 Pa-s 2 Pa-s
o 1040 kg/m?® 1040 kg/m?®
v 0.499 0.499
€ 52.9 46.5
o 0.785 S/m 0.95 S/m
U 1 1
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The majority of the previous studies on the temperature and frequency-dependent
electrical properties for different tissue types were conducted in the MRI community.
The relative permittivity and electrical conductivity of bovine liver tissue at 400 MHz
and 468 MHz has been reported when temperature increased from 35°C to 60°C ina
water bath [60]. The frequency of the EM wave employed in the HIFU-EMA system
was 434 MHz so the average values were used for the EMA simulation within the

HIFU-EMA model (see Table 5.3).

Results and Discussion:

The normalized spatial distribution of ARF is the same as the heating rate map as
shown in Figure 5.3a. The resulting temperature elevation at the focal point of the
transducer is illustrated in Figure 5.3b. Small fluctuations in the temperature (0.1°C,
peak-to-peak) were observed when zooming in on the temperature curve. This small
fluctuation was associated with the 160 Hz amplitude modulation scheme applied on
the ARF in order to induce an EMA signal. The region of the thermal lesion was
determined by the thermal dose model. Figure 5.4 demonstrates the growth of the
lesion region during the thermal ablation as temporal snapshots. From these snapshots,
it can be seen that the thermal lesion was olive shaped, resembling the geometry of
the ultrasound focus. By the end of the thermal ablation (t = 3s), it reached a
longitudinal dimension of 8 mm and lateral dimension of 1.5 mm. In Figure 5.5a, the

oscillatory displacement at the ultrasound focal point as a function of time is shown
123



just before the onset of the thermal lesion and at the end of the thermal ablation. The
oscillatory displacement was reduced as the thermal lesion is formed. This is because
the lesion tissue tends to be much stiffer than the background tissue. The reader is
reminded that in the simulation, the pre-treatment ultrasound attenuation was used for
both untreated tissue and thermal lesion as discussed in Section 5.4. The oscillatory
displacement normal to the lesion boundary at the end of the thermal ablation is

plotted in vector form in Figure 5.5b.

The simulated FDC and UC received 6.26 cm away from the focal point of the
ultrasound transducer are shown in Figure 5.6. The dimension of the thermal lesion
was smaller than the EM wavelength (8 cm) and the radiation pattern of the scattered
EM wave (Figure 5.6¢c-d) resembled the radiation of a Hertz dipole just like the
electrically small spherical scatterers discussed in Chapter 4. The strongest FDC was

observed in the backward scattering condition.
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Figure 5.3 (a) The normalized spatial distribution of the ARF (the same as the
normalized heating rate map) and (b) the resultant temperature elevation at the
ultrasound focal point with Igya= 750 W/cm?
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Figure 5.4 The growth of the thermal lesion as a function of HIFU exposure time
shown as three snapshots at t = 1.87 s, 2.50 s and 3.12 s. The boundary of the lesion
is determined using the thermal dose model
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Figure 5.5 (a) The displacement of tissue at the ultrasound focal point before the
lesion is formed (blue curve) and at the end of the thermal ablation (red curve); (b)

the displacement field at the end of the ablation plotted as vector field along the
lesion boundary

The normalized backscattered FDC and UC in the scattered EM signal, measured at
the face of the ultrasound source, are plotted as a function of HIFU exposure time in
Figure 5.6a. Both the FDC and the UC increased rapidly during ablation with the UC
increases at about a 10% higher rate than FDC for two possible reasons. First, the
thermal lesion tissue was stiffer than surrounding tissues. As the region of stiffer
tissue (thermal lesion) grew larger, the induced oscillatory displacement was reduced
(see Figure 5.5a) which led to slower rate of increase in the FDC. Secondly, when the
lesion size grew larger than the size of the ultrasound focal volume, the ARF can only
push part of the thermal lesion which further reduced the induced oscillatory motion

as well as the induced Doppler effect. Figure 5.6b shows the ratio of FDC and UC
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(FDC/UC) as a function of exposure time and it can be seen that it decreases by

approximately 2.4 dB.
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Figure 5.6 (a) The normalized backscattered FDC and UC received at the face of the
ultrasound source as a function of HIFU exposure time and (b) FDC/UC as a
function of HIFU exposure time
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5.4 Sensitivity to mechanical properties

Motivation and method:

Previous characterisation studies of thermally coagulated liver tissue have shown that
the mechanical properties of soft tissue under thermal ablation tend to vary from study
to study [107, 110-116]. Such variations may be the result of different tissue types,
ablation methods and measurement methods. The mechanical properties of soft tissue
change as a function of temperature or accumulated thermal dose [117] [118], the
exact underlying mechanism of which is still in debate. For simplicity, the employed
HIFU-EMA model in this study assigns constant values of mechanical properties to
lesion tissue, instead of allowing them to vary with temperature or accumulated
thermal dose. Therefore it is necessary to test the sensitivity of the EMA signals to the

reported variation in mechanical properties.

The attenuation coefficient at 1 MHz «, of bovine liver was reported to increase
from 0.48 dB/cm to 0.94 dB/cm when thermally denatured [113]. The acoustic model
employed here assumes that the acoustic waves propagate through layers of different
materials without reflection. Therefore it can only cope with layered material and
does not have the capability to simulate the acoustic scattering from a thermal lesion
as the thermal lesion has acoustic properties (e.g. attenuation coefficient) different

from the surrounding material. Hence a uniform ultrasound attenuation of 0.48 dB/cm
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is used for both untreated tissue and lesion tissue throughout the simulation with the
acoustic model. The attenuation coefficient is associated with the conversion of
acoustic energy to thermal energy and as a result, BHTE which takes the converted
energy as an input tends to underestimate the rate of lesion formation. To be
consistent with the BHTE, the lesion tissue in the linear viscoelastic model was also
assigned a, = 0.48 dB/m. This led to an underestimation of the forcing function as a
lesion grows. In this section the attenuation coefficient in the lesion was assumed to
have a higher value of 0.96 dB/cm in the viscoelastic model in order to access the

effect of different «.

The reported stiffness ratio between the coagulated tissue and untreated tissue is in the
range of 15:1 [119] and 8:1 [120] for porcine liver, 3.6~1.4:1 for canine liver [121],
and 5:1 [122] and 12:1 [118] for bovine liver. Hou and Konofagou [52] concluded
that the coagulated tissue tends to be 2 to 12 times stiffer than untreated tissue and this
range will be considered here. No data is available for the shear viscosity at the
modulation frequency of ARF (160 Hz). Chen and Greenleaf [123] reported a shear
viscosity of 2 Pa-s at 100 Hz. Shahmirzadi & Konofagou [124] reported a contrast of
8~30:1 for canine liver tissue at 0.1~10 Hz whilst Xie & Greenleaf [125] reported a
contrast of 20~28:1 in porcine liver tissue at 100 Hz. Based on the above data the

contrast in shear viscosity was assumed to increase up to a factor of 30.
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Results and Discussion: mechanical response

The UC is directly determined by the size of the thermal lesion and the electrical
contrast between the lesion tissue and untreated tissue. It does not vary with changes
in mechanical properties and therefore in this section the discussion focused on the
FDC. Figure 5.7 shows the effect of increasing the attenuation coefficient of lesion
tissue to 0.94 dB/cm in the linear viscoelastic model Before the lesion was formed
(Figure 5.7a), no difference between the two cases was observed in the oscillatory
displacements of tissue as a function of time. After the onset of the thermal lesion
(Figure 5.7b), the greater ARF experienced by the thermal lesion due to the higher
attenuation coefficient resulted in a greater amplitude of oscillatory displacement. As
a result, the FDC in the scattered EM signal grew at about a 10% greater rate (Figure
5.7¢). Figure 5.7d shows the ratio of the FDC to the UC for the case where
attenuation is altered or uniform. Recall the ratio dropped by approximately 2.1 dB
previously, accounting for the extra attenuation the FDC now increases at the same
rate as the UC and the change in ratio now is less than 0.5 dB. In a real world scenario,
the attenuation coefficient is likely to change gradually with deposited thermal energy.
This might lead to a more complicated curve of the FDC/UC. Therefore the
simulation suggests that the Doppler effect (estimated by FDC/UC) in the scattered

EM signal is unlikely to be a good indicator of the size of the induced thermal lesion.
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Figure 5.7 The sensitivity of the FDC to the attenuation coefficient (ae) of thermal
lesion tissue. (a) shows the oscillatory displacement at the ultrasound focal point
before the lesion is formed (b) compares the displacement at the ultrasound focal
point towards the end of the thermal therapy; (c) compares the resultant FDC with
different attenuation coefficient assigned to the lesion tissue in the linear-viscoelastic
model ;(d) shows the resultant change in the FDC/UC; the subscript le denotes the
property for the lesion tissue.

In Figure 5.8 the stiffness ratio between the lesion and untreated tissue was varied
from 4 to 12. The root-mean-square (RMS) differences between the curves of
different stiffness ratio were negligible (1.67%). This indicates that the oscillatory
displacement and the FDC were not linearly related to the stiffness of the lesion tissue.
That is, once the lesion was stiff enough, the effect of further increase in stiffness was

minimal.
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Figure 5.9 demonstrates the sensitivity of the FDC to the shear viscosity ratio. When
it was varied from 1 to 30, the RMS difference between different curves of shear
viscosity ratio was again very small (0.65%). As has been mentioned at the start of
this section, the values of stiffness ratio and shear viscosity ratio between the lesion
tissue and untreated tissue reported in different studies tend to spread in certain ranges.
Based on the observations made on Figure 5.8 and Figure 5.9, it is concluded that the
FDC is not sensitive to the variations in the stiffness or viscosity of the tissue over the
ranges reported in the literature. Therefore the model of EMA imaging will not be

significantly affected by the uncertainties in the data of the mechanical properties of

the tissue.
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Figure 5.8 The changes in the FDC when the stiffness ratio between the lesion tissue
and untreated tissue is varied from 4 to 12.
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Figure 5.9 The changes in the FDC when the shear viscosity ratio between the lesion
tissue and untreated tissue is varied from 1 to 30
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5.5 Impact of varying ultrasound intensity

Motivation and Method:

The intensity of ultrasound affects both the heating rate (and hence the rate of thermal
lesion formation) and the ARF because for EMA monitoring and HIFU the same
transducer is employed. Because high amplitude ultrasound is employed, non-linear
effects results in higher absorption than would be expected from linear models. This
needs to be considered for both heating and ARF. First the effect of increasing the
ultrasound intensity on the FDC and the UC was considered. Then the simulated FDC

and UC were compared to the measured lesion volume [58].

The ultrasound transducer was modelled as described earlier: an active diameter of 64
mm, focal distance of 62.6 mm, and operating at 1.1 MHz, however in this case it also
had a 20 mm hole in the centre to allow for an imaging or monitoring transducer. This
geometry matched a commercially available transducer (H102d, Sonic Concepts,
Woodinwill, WA) and was done in order to compare with experimental data. The ultrasound
propagated directly into the liver tissue. The relevant acoustic properties are given in
Table 5.1, thermal parameters in Table 5.2, mechanical and electrical properties in

Table 5.3.
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In the first part of this section, three ultrasound intensity levels were tested (I, = 589
W/em?, 750 W/em, and 915 W/em?). In the second part, the HIFU-EMA simulation
was compared to an experimental investigation in [58] [126] in which the transducer
was employed to create thermal lesions in ex vivo bovine liver tissue at a depth of 2
cm under the liver tissue surface. The volume of the created lesions was measured by
manually slicing through the lesion as functions of ultrasound intensity and HIFU
exposure time. The corresponding HIFU-EMA simulation was conducted using the
same set-up as in previous investigations and the ultrasound power level was also
tuned so that the simulated [y, agreed with the de-rated ultrasound intensity in the

experimental investigation.

Results and Discussion:

Figure 5.10 presents the simulated FDC (left axis) and lesion volume (right axis) as
functions of the HIFU exposure time. It can be seen that higher ultrasound intensity
has led to earlier onset and more rapid growth of the induced thermal lesions: at lspta =
915 W/cm? the lesion started to form at approximately t = 1s and grows at a rate of 5
mm®/s whilst at lsa = 589 W/cm? the lesion starts to format t = 1.85s and grows at a
rate of 3.4 mm®/s. For each of the ultrasound intensities, the rate of increase of the

FDC was slightly smaller than that of the lesion volume.
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Figure 5.10 The impact of increasing ultrasound intensities on the FDC and
simulated lesion volume by the HIFU model. The scattered EM signal is recorded
6.26 cm away from the ultrasound focal point at the backward scattering position

Figure 5.11 compares the simulated volumes of thermal lesions formed at different
ultrasound intensities to the experimental investigation in [127]. The large error bars
in the measured volume were attributed to the difficulty in obtaining accurate
measurements of lesion volume [127]. The simulation estimated the onset of thermal
lesions 0.5 seconds earlier than experimentally observed at 1445 W/cm? and 0.2
seconds earlier at 1135 W/cm? respectively. Note that Ispa= 1445 W/cm? and 1135
Wi/cm? were de-rated from lsp= 1910 W/cm? and 1500 W/cm? in Figure 7 of [127]
using the recommended de-rating factor of 87% (for ultrasound amplitude). The

HIFU-EMA model also significantly underestimated the rate of lesion formation. By
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the end of the 5 seconds HIFU exposure time, the HIFU-EMA simulated lesion
volumes were only approximately 40% of the measured lesion volumes for both

ultrasound intensities.

Several sources of error may have contributed to the observed discrepancies between
the simulated and measured lesion volumes. First, the experimental study reported
more than 40% changes in the thermal conductivity and 20% in specific heat capacity
inporcine liver during a heating-cooling cycle(20°C-90°C-20°C) facilitated by a water
bath [128]. The HIFU-EMA model employed in this study neglects the temperature
dependence of thermal parameters of tissue under thermal ablation. Second, as has
been discussed in Section 5.4, the thermal model used in this investigation tends to
underestimate the thermal energy deposition as it employs the pre-treatment
ultrasound attenuation throughout the simulation, which leads to underestimated
lesion volume. Lastly, the thermal dose model (CEM43°C) used for deciding the
volume of the thermal lesion are only intended to be used within a few degrees of
43°C. Its application in modelling thermal lesion formation during HIFU exposure has
not been verified. Despite the shortcomings of the HIFU model, the comparison with
experimental results is made to alert the reader that, as the EMA signal is highly
correlated with the lesion volume as shown in Figure 5.10, the accuracy of the
predicted EMA signal by a HIFU-EMA model is constrained by the robustness of the

HIFU model.

137



More accurate prediction of thermal lesion formation during HIFU therapy is likely to
be achieved by using more advanced models and employing more accurate
temperature dependent material properties. For example, heterogeneous acoustic
model could be used which would allow temperature dependent attenuation to be
incorporated. Such model development is non-trivial and is out of the scope of the
thesis. Nevertheless, if the spatial profile of the thermal lesion during a HIFU
treatment is available from experiments, it can be imported into the HIFU-EMA
model to replace the simulated thermal lesion, which will yield more an accurate

estimation of the FDC and the UC.
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Figure 5.11 Simulated volume of thermal lesions formed at different ultrasound
intensities (lspta= 1445 W/ecm? and 1135 W/cm) compared to experimental
measurements described in [127].
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5.6 Summary

The feasibility of using the EMA imaging to monitor thermal lesion formation during
HIFU therapy was investigated using a HIFU-EMA model. HIFU is well-studied for
EMA imaging as HIFU employs a high powered transducer and can deliver high
amplitude signals as it is not limited by safety considerations to the same degree of
diagnostic applications. The amplitude of the FDC and the UC both increased with the
size of the thermal lesion. Increasing the stiffness ratio between the lesion and
untreated tissue from 4 to 12 or the shear viscosity ratio from 1 to 30 had no
observable effect on the FDC. Therefore the FDC is unlikely to be sensitive to
variation in the stiffness and shear viscosity reported in different studies due to
different methods and experimental conditions. Investigation of the sensitivity of the
FDC to the ultrasound attenuation suggests that the induced Doppler effect (FDC/UC)
is unlikely to be a good indicator of lesion size. Higher ultrasound intensity led to
more rapid formation and growth of thermal lesion as functions of HIFU exposure
time therefore greater FDC was observed as a result of increased scattered EM signal
level. It is noteworthy that increasing the ultrasound intensities above a certain
threshold may induce cavitation effects, which was not modelled with the current

HIFU-EMA model.

In a real world scenario, the EM scattering from ambient scatterers will also

contribute to the UC, making the frequency shift in the EMA signal difficult to detect,
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as has been discussed in Section 4.5. This suggests that the radiation pattern of the
EM antenna will play an important role in the EMA system. An advantage in HIFU is
that changes in properties are expected at the ultrasound focus, and an antenna system
could be designed with high directivity located at the ultrasound focal point, the EM
ilumination will then be focused on the induced HIFU lesion and the effect of
undesired EM scatterers in the ambient environment will be reduced. However, to

obtain an EM focus comparable to the acoustic focus in size, the antenna will in

inappropriately large (3-5 meters).
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Chapter 6 Conclusions and Future
Work

6.1 Conclusions

The thesis’s major conclusion is that the applications of EMA imaging to medical
field will be very challenging due to the small signal to noise ratio predicted by the
computational model of EMA imaging developed in this thesis. The model for EMA
imaging incorporates three physical phenomena: acoustic propagation in tissue,
viscoelastic deformation with ARF stimulation and the Doppler scattering of EM
waves from vibrating scatterers. The model was then applied to two medical
applications: first the breast tumour detection and the second the monitoring of the
thermal ablation of soft tissue using HIFU. In the latter case, a HIFU model to

simulate the thermal lesion formation process was also added into the model.

Chapter 2 derived an approximate analytical solution for the EM scattering from an
oscillating electrically small dielectric sphere using a quasi-stationary approach. This
was used as a benchmark solution to validate the computational model developed in
Chapter 3. The EM wave scattered by a harmonically vibrating object has a discrete
spectrum with an UC, at the frequency of the incident EM wave, and a FDC separated

by the frequency of the vibration of the object from the UC. In a clinical scenario, the
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amplitude of the ARF induced vibration will be small relative to the wavelength of the
EM wave (10s um versus 10s cm) which makes the numerical evaluation of the
Doppler shift computationally unaffordable. To overcome this problem, the SBC was
applied to the boundary of the vibrating object and allowed the FDC and the UC to be
evaluated in two separate simulations of EM propagation and scattering. The
expression of the SBC in the frequency domain was developed and incorporated into
frequency domain FEM simulations. The comparison of the SBC-FEM simulated
results and analytical results [29] for the EM scattering by vibrating cylinders has
demonstrated that the simulation approach developed in this thesis was robust and
showed potential for more complex problems in 3D where analytical solutions do not
exist. The complete EMA model for medical imaging was presented in Chapter 3. To
the best of the author’s knowledge, this is the first complete EMA model capable of
accounting for the key physical processes in 3D space which can be applied to more
realistic clinical problems. Prior models were limited to tissue stimulation with
unfocused ultrasound [40] or external compression [44] and simulations were

conducted in 2D space [40] [42] [44].

Chapter 4 investigated the feasibility of EMA imaging to diagnose breast cancer by
detecting brest tumours. A breast tumour was modelled as a spherical inclusion in an
infinite homogeneous background medium which was consistent with prior
simulation study of ARFI for breast tumour detection [74] [87]. The amplitude of the
UC was found to be many orders greater than that of the FDC therefore can be used as
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a measure of the strength of the scattered EM signal whilst the FDC relative to the UC
can be used to represent the magnitude of induced Doppler effect. Variations of the
mechanical properties of the healthy breast tissue and tumour tissue in the clinically
feasible range had led to up to 50% change in the amplitude of the FDC whilst the UC
was unaffected. Variations in electrical properties produced less thana 1 dB change in
the ratio of the FDC and the UC. The FDC was found to be much smaller than the UC
(-68 dB to -90 dB, Figure 4.14). Detecting such a small signal frequency shift will be
very challenging in practice given the small FDC/UC, and requires a sensitive
frequency demodulation circuit. The previously proposed demodulation circuit for
EMA [39] was based on a phased locked loop circuit which uses a voltage controlled
crystal oscillator (CVSS-940, Crystek Corporation, Fort Myers, Florida, United States)
which has a phase noise of -80 dBc at a 100 Hz offset. The phase noise of CVSS-940
suggests that detecting the FDC that is 68 dB smaller than UC seems to be possible.
However the 68 dB is an optimistic estimation and it does not consider the effect of
other non-vibrating EM scatterers in the view of the EM antennas (see Section4.5). In
realistic situations, strong and large EM scatterers such as the interface between air
and soft tissue may increase the amplitude of UC significantly and make the
frequency demodulation even more challenging. Alternatively, digital filters, e.g.,
matched filters, may be used to demodulate the frequency shift. However
implementing digital matched filters for EMA requires the EM signal to be sampled at

a high sampling frequency (10s GHz) to avoid the EM waveform distortion and a high
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resolution (>16 Bits) analogue to digital converter to provide sufficient dynamic range.
The conclusion of this chapter was that the tumour detection with EMA imaging
requires the development of an EM signal system that is able to discriminate the FDC
from the UC that is 90 dB greater. The author believes that designing an EM system
that meets the SN R requirements of the EMA imaging is possible, although it is likely
to be challenging, as it requires the state of art electronic components and signal

processing techniques.

For the HIFU application the ablation of tissue results in an increase in tissue stiffness,
which may be detected by EM. Previous groups have used acoustic radiation force in
order to detect changes in stiffness [81] [52]. The EMA imaging is not only sensitive
to tissue dynamics, moreover, it also can exploit the electrical contrast between HIFU
lesion and unabated tissue. A widely accepted non-linear acoustic propagation model
and a thermal model [110] were added into the EMA model for HIFU scenarios.
Simulations were conducted with realistic properties of liver tissue. The results
showed that the FDC was most sensitive to the initial stage of the stiffening of the
lesion tissue after which further increases in the stiffness ratio between lesion and
untreated tissue had minimal effect. The same was found for shear viscosity. Using
the ultrasound attenuation of untreated tissue throughout the simulation led to a
descending trend in frequency shift (FDC/UC) as a function of ablation time.
However this descending trend was replaced by a flat curve if a more realistic
attenuation coefficient was assumed for lesion tissue in the linear viscoelastic model.
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This showed that the frequency shift in the scattered EM signal was unlikely to be a
good indicator of lesion size. The higher ultrasound intensity of the acoustic beam
caused the thermal lesion to form earlier and grew more rapidly. Due to the lack of
correlation between the frequency shift and lesion volume, the EMA is unlikely to be
ideal candidate for HIFU monitoring as an independent method. However, the ARF
stimulation of tissue in EMA is very similar to other imaging methods such as HMI,
ARFI, and SWET (Section 1.2.5). Therefore EMA imaging may be a valuable piece
of technology to be integrated into other systems because of its ability to detect

electrical contrasts.

The overarching conclusion from this work is that the signal-to-noise ratio for EMA
imaging is so low as to make applications to the medical field challenging. Recalling
that the inclusions are from 0.5 mm to 10 mm in size and are moving in a um scale
whilst the EM waves have wavelengths of 10s cm, it is not surprising that the medical
application of EMA is challenging. However, with the advent of EM coil design with
better directivity and improved signal processing the SNR barrier is not so large that it

cannot be overcome.
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6.2 Future work

The EMA model developed in this thesis made a number of simplifying assumptions.
The analysis in Chapter 4 for breast tumour detection and Chapter 5 assumed that the
inclusion (either tumour or thermal lesion) was embedded in an infinite homogeneous
background medium. In reality tissue is heterogeneous and finite in extend. The
heterogeneity will affect the acoustic propagation, elastic deformation and the EM
scattering. The effects of other EM reflectors such as blood vessels, lungs and bones
in the body were also not considered. The developed EMA model has the capability to
include these EM scatterers. It is speculated that the presence of non-vibrating EM
scatterers will contribute additional energy to the UC and hence increase the difficulty
to detect the frequency shift beyond what was reported here. This problem may be
overcome by replacing the plane EM wave source assumed in the thesis with EM
transmitting and receiving antennas with high directivity. High directivity reduces EM
illumination on tissues that is not stimulated by ARF hence reduce the effect of EM
scatterers. The EM antenna that can achieve a small (mm) focus at a close distance
(cm) is likely to have a large size (meters) which makes it inappropriate to be
deployed with an EMA imaging system. Some researchers are attempting to achieve
sub-wavelength antenna with enhanced directivity using meta-material [129].
However this is unlikely to be achieved in a near future. Alternatively, targeted

contrast agents that can bind on specific tissue type (e.g., cancer) [130] and modify
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the local dielectric properties [131] could be used to increase the electrical contrast so
that the EM scattering by the targeted tissue (e.g., a tumour) is increased relative to

other undesired EM scatterers.

Another important aspect of the work is the optimisation of EMA parameters using
the developed EMA model. For example, EMA parameters such as the frequency of
the EM signal, frequency of the ultrasound and frequency of the ARF
amplitude-modulation in this thesis were selected to be consistent with the
experimental system under development. Increasing the frequency of the
amplitude-modulation of the ARF f,.. is likely to alter the amplitude of tissue
oscillation (due to the frequency dependence of shear wave attenuation, see Equation
3.18), which will affect the amplitude of the FDC relative to the UC. On the other
hand, increasing f,,, separates the FDC further from UC in the spectrum, which
relaxes the phase noise requirement of the voltage controlled oscillator in the
frequency shift detection system. Increasing the frequency of the EM wave f,,,
increases its propagation constant which leads to increased FDC. But higher f,,,
reduces its penetration depth to soft tissue which limits the application of EMA
imaging in deeper body positions. There will also be issues with regulation of the EM
spectrum for various applications. With a wide search domain it may be possible to
find an optimal choice of f,,, and f,, by simulations with the developed EMA

model.
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There are several different possible configurations for EMA imaging. EMA can be
deployed with a clinical ultrasound scanner. Modern scanners employ a phased array
ultrasound transducer which allows the focus of ARF to be scanned in the plane of a
B-mode image. This produces an EMA image that is automatically registered to the
B-mode ultrasound image with additional information about the tissue’s mechanical
and electrical properties. The challenge will be developing a sufficiently sensitive
frequency shift detection system to demodulate the scattered EM signal. Another
possible option is to integrate EMA imaging into a microwave imaging system, for
example the radar based microwave imaging system [11] [14]. The system uses
ultra-wide band microwave up to 10 GHz and has the capability to steer its microwave
focal point with the ultrasound focus. The high microwave frequency helps improves
the detectability of the FDC whilst the electronically steerable microwave focus
reduces the energy contribution to the UC by the ambient undesired EM scatterers.
The induced Doppler effect is small and is unlikely to affect the formation of
microwave image. Therefore automatically registered microwave and EMA images
may be produced with the latter reflecting the mechanical properties of the underlying

tissue.
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