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Abstract

High-intensity focused ultrasound (HIFU) therapy is a non-invasive ther-

apy method for the treatment of solid tumours. One of the main barriers

to wider clinical adoption of HIFU is the lack of reliable and cost-efficient

therapy monitoring. One promising technique is acoustic radiation force

(ARF) ultrasound elastography, which relies on the temperature depen-

dence of tissue properties to affect displacement amplitudes.

An extensive literature review of tissue acoustic, thermal and mechanical

properties identified an absence of data on the temperature dependence

of the viscoelastic properties. Experiments were carried out in ex vivo

liver to determine these properties over the range of temperatures and

frequencies relevant to ARF.

ARF induced displacements were quantified experimentally in a tissue-

mimicking phantom. The comparison of sine and square modulated ARF

excitation showed that square modulation results in higher peak ampli-

tudes and smaller second harmonic components in the frequency domain.

A simulation model was developed, which accurately reproduced the ob-

served displacements with different modulation frequencies and power lev-

els.

The effect of temperature on ARF displacements was measured exper-

imentally during HIFU therapy in ex vivo liver. Simulations captured

the same phenomena as observed in the experiments. ARF displacements

during HIFU therapy were shown to initially depend on attenuation be-

fore ablation, but once the temperature exceeded the ablation threshold,

viscoelastic properties dominated.

A second barrier for HIFU is the need to reliably deliver acoustic energy to

the target. Nonlinear acoustic simulations were conducted using patient

derived computed tomography (CT) data to evaluate the HIFU therapy in

the kidney. The simulations revealed that attenuation and refraction con-

tributed roughly equally to intensity loss. Focal splitting associated with



refraction was found to be the main effect reducing the heating efficacy,

and a method to employ phase correction at the source was proposed to

mitigate the effect.
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Chapter 1

Introduction

1.1 High-intensity focused ultrasound therapy

The clinical application of ultrasound has traditionally been diagnostic imaging where-

by ultrasound beams are used to construct an image of the object using the reflections

from tissue interfaces. However, ultrasound can also be used therapeutically by tightly

focusing these beams into a single or multiple focal points using high power levels.

High-intensity focused ultrasound (HIFU) therapy is a non-invasive thermal ablation

method, which can be used for treating solid primary tumours located deep within

the body (Kennedy, 2005; Dubinsky et al., 2008). By its definition, HIFU therapy

uses high-energy focused ultrasound beams in order to produce a rapid local temper-

ature rise in the focal point(s). Given that the heating duration is long enough, this

results in irreversible tissue damage due to coagulative thermal necrosis (Wall et al.,

1999; Wright and Humphrey, 2002), i.e. a well-defined lesion to the focal spot, while

leaving the surrounding healthy tissue intact. The size of this lesion is relative to

the size of the ultrasound focal point, which is typically on the order of 1-3 mm in

the transverse and 8-15 mm in the axial direction. Therefore, to ablate large tumour

volumes, multiple lesions have to be created systematically side-by-side in order to

destroy the target volumes reliably.

There are several advantages in HIFU treatment when compared to other cancer

therapy methods such as open surgery, chemotherapy and radiotherapy: (i) non-

invasive therapies do not have infection risk, which improves the outcome of such

procedures with fewer complications; (ii) the recovery from the therapy takes less time

leading to shorter hospital stays, and in most cases, the patient can leave straight after

the treatment; (iii) there are no known side effects apart from slight heating of the

skin in the ultrasound pathway; (iv) the treatment can be repeated as many times

as needed because there is no cumulative dose limit for ultrasound. Furthermore,
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unlike chemotherapy, HIFU can be used to treat any tumour cell types that are

susceptible to high temperatures, which makes it an effective therapy method for

multiple cancer types. Although HIFU has several advantages over the alternative

cancer therapy modalities, it has also its limitations. The main disadvantage of HIFU

is that it cannot effectively penetrate through air gaps or bone, which makes it more

difficult to treat tumours located in lungs, bowel, brain or other organs behind the

rib cage. Another disadvantage is the duration of the treatment due to the ablation

of large volumes and skin cooling periods. A typical HIFU therapy treatment time of

few hours is comparable to surgical operations, but is generally longer than a radio-

or chemotherapy session. Furthermore, HIFU is efficient in treating solid primary

tumours, but treating a large number of metastases becomes rather inefficient.

1.1.1 A brief history of focused ultrasound

The physical effects of high-intensity ultrasound on biological tissue were first studied

in the 1920s by Wood and Loomis (1927), but at the time HIFU was not used as a

tissue thermal ablation therapy method. The concept of using HIFU therapy for

tissue ablation was first introduced in the early 1940s by Lynn et al. (1942) who

demonstrated its use in creating lesions in tissue. They used ex vivo animal liver

and ablated lesions of different sizes by varying the acoustic parameters of HIFU.

Lynn and Putnam (1944) were the first to conduct a pioneering study to treat the

animal brain, but these experiments were not successful: the ultrasound beams were

not able to penetrate through the intact skull bone into the brain to create lesions,

while severe injuries to the skin and soft tissue overlying the skull were observed. In

the following decade Fry et al. (1954, 1955) were the first to successfully use HIFU

to treat the animal brain through an opening in the skull bone. They demonstrated

this technique by ablating several lesions in the grey and white matter of the brain

without affecting the intervening tissue.

In the end of 1950s HIFU was introduced to the field of oncology by Burov and

Andreevskaya (1956). Later, in the 1970s, Lele (1975) and Marmor et al. (1978,

1979) combined hyperthermia with radiotherapy for cancer treatment and Fry and

Johnson (1978) treated solid tumours using thermal ablation. Marmor et al. (1979)

treated a number of patients with recurrent or metastatic tumours and found the

heating to be successful in the superficial tumour locations. Fry and Johnson (1978)

reported the use of HIFU in ablating implanted tumours in the hamster flank, which

resulted in direct tumour tissue destruction. In the late 1980s and early 1990s, HIFU

was directly applied to treat solid tumours in liver by thermal ablation (Ter Haar
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et al., 1989, 1991b). Ter Haar et al. (1991b) successfully demonstrated the use of

HIFU therapy to treat discrete tumours in rat livers: the treatment either delayed

the tumour growth, or in some cases, the tumour completely vanished. With the

development of real-time imaging modalities and modern transducer designs HIFU

has since become a widely studied therapeutic modality, which has a large and growing

number of clinical applications especially in the field of oncology. Furthermore, several

companies in the industry have brought their HIFU systems to the market, which have

been accepted to treat certain types of cancer by the regulatory bodies in different

countries.

1.1.2 Clinical applications and current state of technology

HIFU therapy is a rapidly growing medical field which has an increasing number of

research and treatment sites worldwide. In 2015, there were 274 research sites and

471 commercial treatment sites in the world with the majority being in Europe, Asia

and North America (Foley, 2016). Furthermore, the number of companies in the field

of focused ultrasound has grown steadily and is now standing at 32 (Foley, 2016).

These numbers indicate that HIFU is undergoing transformation from an early-stage

therapeutic technology towards an established medical field, which has several clinical

applications. This evolution has been further accelerated by the Food and Drug

Administration (FDA) approval of HIFU treatment for bone metastases, prostate

cancer, uterine fibroids, benign prostate hyperplasia (BPH) and essential tremor.

In addition to the FDA, the European regulatory approval of medical devices (CE

marking) has been granted to several manufactures to treat solid tumours with HIFU

therapy. The current state of research and regulatory approval of focused ultrasound

applications is presented in Figure 1.1(a). It can be seen that the applications which

are at the most advanced stage are for the treatment of either benign or malignant

tumours, but also other conditions such as the essential tremor has recently shown

promising results (Elias et al., 2016).

To date, over 116,000 patients have been treated with focused ultrasound for dif-

ferent conditions (Foley, 2016). The majority of the treatments have been conducted

for prostate cancer (47%), uterine fibroids (31%) and liver cancer (14%), while the

remaining 8% were for glaucoma, bone metastases, breast cancer, BPH and other

conditions such as kidney cancer and brain tumours. Apart from uterine fibroids,

glaucoma and BPH, oncology applications currently dominate as the main field for

HIFU therapy. The feasibility to treat certain type of cancer with HIFU is depen-

dent on two factors: first of all, is it technically possible to treat the condition, and
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Figure 1.1: (a) State of research and regulatory approval of focused ultrasound ap-
plications by development stage in 2016 (Foley, 2016). (b) Global incidence and
mortality rates of most common types of cancers for both sexes in 2012 (Ferlay et al.,
2012b).
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secondly, does it have enough commercial potential to be profitable. When looking

at the global incidence rates of different cancer types in Figure 1.1(b), it can be seen

that there is indeed big commercial potential for HIFU therapy in this field with

over 14 million registered incidents in 2012. However, due to the limitations in ultra-

sound propagation and the lack of suitable monitoring methods, only some of these

conditions are currently treatable with HIFU.

Lung cancer had the highest incidence rate with over 1.82 million cases in 2012,

but the location of lungs behind rib cage and the air filled structure of the organ limit

the efficiency of HIFU therapy (Dunn and Fry, 1961). One potential solution to this

problem is to substitute the air in the lungs with a liquid (Sekins et al., 2004), but

this technique is still at an early stage, and thus, lung cancer remains a challenging

application for HIFU. Breast cancer is the second most common type cancer with an

estimated 1.67 million cases globally in 2012 and is a target which provides excellent

acoustic access. Despite of large commercial potential and technical feasibility, breast

cancer has relatively small portion of clinically conducted HIFU treatments with

less than 1% share. The HIFU treatment of breast cancer has been shown to be

effective in small scale randomised clinical trials (Wu et al., 2003a), but tumours with

undefined margins and those with close proximity to the nipple should be excluded

as potential targets. These limitations together with the high effectiveness of other

therapy methods, such as surgery and irradiation (Fisher et al., 2002), downplay the

potential of HIFU therapy. Colorectal cancer had the third highest incidence rate

with approximately 1.36 million cases in 2012. However, the structure of the organ

with rectal-wall being situated next to the gas filled cavity can lead to an injury and

complications due to undesired heating at the wall boundary (Kennedy, 2005). The

same problem applies to stomach cancer, which had the fifth highest incidence rate.

It is possible that these problems will be solved in the future, but for now gas-filled

organs are rarely treated with HIFU.

The first both technically and commercially feasible organ for HIFU is prostate

which had the fourth highest incidence rate of cancer with 1.09 million cases in 2012.

Therefore, it is not a surprise that prostate cancer is also the most treated condition

with HIFU accounting for almost half of all the treatments in patients to date. The

prostate is typically difficult to operate surgically due to its location, which makes its

transrectal treatment with HIFU an alternatively therapy (Blana et al., 2008; Crouzet

et al., 2014). There are currently multiple commercial HIFU systems approved by the

FDA to treat prostate cancer, and therefore, its use is expected to grow even further

in the future. Another commonly treated cancer type with HIFU is liver cancer which
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had 0.78 million incidents in 2012. Over the past two decades, incidence rates par-

ticularly in younger age groups have increased in the US, Japan and parts of Europe

(Boyle and Levin, 2008). At the moment, there are no FDA approved commercial

systems available to treat liver tumours with HIFU in the US, but in China and the

UK HIFU therapy has already been used in clinical setting (Wu et al., 2004; Illing

et al., 2005). Similarly, the treatment of kidney has also been approved outside the

US and is currently in use in several countries (Wu et al., 2003b; Illing et al., 2005),

but reliable ablation of the target locations has been shown to be challenging (Ritchie

et al., 2010, 2013).

Brain tumours are seen as one possible target for HIFU in the future, but the

presence of skull bone in the ultrasound pathway prevents non-invasive transmittance

of acoustic power to the tumour in order to create sufficient heating. However, recently

some progress has been made in the transcranial therapy by using phase-correction

methods (Larrat et al., 2010), which might allow the treatment of brain tumours in

the near future.

1.1.3 Therapy monitoring

One of the main barriers to the wide spread use of HIFU has been the lack of robust,

reliable and cost-efficient imaging methods. Monitoring HIFU therapy requires real-

time imaging modalities which can provide indicators for the therapy status either in

the form of temperature data or by determining changes in the physical properties

of tissue. In current practice, this is achieved by using one of the two techniques:

magnetic resonance imaging (MRI) or ultrasound. To date, the gold-standard for

monitoring HIFU therapy has been MRI, which offers real-time monitoring with

temperature data. With MRI guidance, the lesion volume is calculated based on

the thermal dose obtained from volumetric thermometry as an indicator of induced

tissue damage and necrosis (Köhler et al., 2009). MRI has high sensitivity, which

provides good separation of different anatomic areas, and thus, allows accurate ther-

apy planning of the target region. The disadvantages of MRI imaging are that the

temperature data is spatially averaged over the voxel volume leading to underestima-

tion of temperature in some cases (Khokhlova et al., 2009); and that it has relatively

poor temporal resolution at around one second as heating can occur more quickly

(Ter Haar et al., 1991a). MRI has also higher cost and bigger size of the equipment

compared to ultrasound imaging modalities, and cannot be used with some patients,

such as those with metallic implants, pacemakers or other life-supporting devices.
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Ultrasound-based techniques are fast, low-cost, portable and safe to use with all

patient groups, which makes them promising alternatives for HIFU monitoring. The

spatial and temporal resolutions of ultrasound imaging are higher than those of MRI,

but the spatial definition of different anatomic regions is usually worse. Another

disadvantage of ultrasound imaging is that it cannot provide reliable temperature

information at high therapeutic temperatures (Lewis et al., 2015). However, the

feedback from the therapy can also be obtained from the lesion formation. Stan-

dard B-mode ultrasound imaging would provide fast real-time monitoring of lesion

formation, but without cavitation the echogenity of ablated lesion does not change

enough in order to be detected (Bush et al., 1993; Rabkin et al., 2005). This makes

conventional ultrasound imaging unreliable in determining lesions since hyperechoic

regions are not always present after HIFU exposure and they dissolve away quickly

(Vaezy et al., 2001).

One tissue property that has been shown to change significantly and irreversibly

in thermal ablation is tissue stiffness (Wu et al., 2001; Sapin-de Brosses et al., 2010),

which can be used as an indicator of complete thermal necrosis of cancerous tissue

(Varghese et al., 2002, 2003). The increase in stiffness has been shown to be reversible

at temperatures below 60 ◦C (Wu et al., 2001), and the irreversible increase occurs

at temperatures above 60 ◦C due to collagen denaturation (Wu et al., 2001; Lepetit

et al., 2000). These fundamental changes in tissue structure result in good contrast

differences between necrotic and healthy tissue, which can be detected using differ-

ent ultrasound elastography techniques. Therefore, accurate quantification of tissue

stiffness before, during and after thermal ablation would provide a reliable indicator

for lesion formation.

1.2 Ultrasound elastography imaging

Ultrasound elastography imaging is a non-invasive method for measuring the mechan-

ical properties of tissue (Palmeri and Nightingale, 2011; Gennisson et al., 2013). It

is a widely used medical imaging technique, which has several clinical applications

(Cosgrove et al., 2013). Some ultrasound elastography techniques including acoustic

radiation force impulse (ARFI) imaging (Lizzi et al., 2003), shear wave elasticity imag-

ing (SWEI) (Bercoff et al., 2004a) and harmonic motion imaging (HMI) (Konofagou

and Hynynen, 2003) have also been used in monitoring HIFU therapy. The use of

ultrasound elastography to monitor HIFU therapy is based on the changes in tissue
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stiffness during thermal ablation as discussed in the previous section. Typically ultra-

sound elastography techniques measure the stiffness of tissue either by measuring the

strain in the tissue under stress, or by imaging shear waves which can be generated in

different ways. There are also quasi-static ultrasound elastography methods available

(Ophir et al., 1991), but they are beyond the scope of this chapter, which focuses

only on ultrasound elastography methods employing acoustic radiation force (ARF).

1.2.1 Acoustic radiation force

Several ultrasound elastography methods rely on ARF by monitoring the dynamic

response of tissue to the ultrasound excitation pulse. ARF is a phenomenon where

propagating ultrasound waves transfer their momentum to the surrounding medium

by the processes of absorption and scattering (Torr, 1984). In a viscous fluid (i.e., no

scattering) the absorption of ultrasound waves creates a force in the direction of wave

propagation, which results in a displacement of the medium in the same direction.

ARF for a plane-travelling wave can be derived by using the series expansions

of the pressure, density and particle velocity as used by Nyborg (1965). In these

approximations, the time-average change in the momentum in a unit volume is non-

zero (Sarvazyan et al., 2010), which creates a force in the wave propagation direction.

The magnitude of this force is proportional to the local intensity of the wave, which

can be expressed per unit volume FV [N/m3] by the equation (Nyborg, 1965; Torr,

1984; Starritt et al., 1991):

FV =
2αabsITA

c
(1.1)

where αabs [Np/m] is the absorption of the medium, ITA [W/m2] is the temporal

average intensity of the ultrasound field at a given location and c [m/s] is the sound

speed in the medium. According to the equation (1.1), the magnitude of ARF is

directly dependent on absorption of tissue. However, absorption is the main factor

contributing to attenuation in soft tissue (Lyons and Parker, 1988), and hence, it can

be considered as attenuation in this case.

By assuming the medium to be (i) linear (i.e., the strain and stress follow a linear

relationship); (ii) elastic (i.e., the medium returns back to its original state after an

applied stress is removed); and (iii) isotropic (i.e., the mechanical properties of the

medium are not orientation dependent); the resulting dynamic deformation caused

by ARF is described by (Callé et al., 2005):

ρ
∂2ui
∂t2

=
∂σij
∂xj

+ FV i (1.2)
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where ui [m] is the displacement in the direction of i, t [s] is time, ρ [kg/m3] is the

density, σij [Pa] is the stress tensor, xj [m] is the spatial coordinate in the direction

of j and FV i [N/m3] is the radiation force in the direction of i. The magnitude of

the deformation is therefore dependent on both the force and the elastic properties of

tissue. In ARF-based ultrasound elastography applications, focused ultrasound fields

are typically used to create local tissue displacements, in which case the greatest

force is in the region of the transducer focal point. Furthermore, the attenuation

properties of tissue together with the selection of the centre frequency also affect the

spatial distribution and magnitude of the ARF field (Palmeri and Nightingale, 2011).

1.2.2 Acoustic radiation force impulse imaging

ARFI imaging is a diagnostic ultrasound method which provides information about

the mechanical properties of tissue by measuring the strain (i.e., the displacement)

induced by ARF in the axial direction. In ARFI imaging, short-duration (≤ 0.5 ms),

high-intensity focused pulses are used to cause localised tissue displacements in the

focal area of the ultrasound field. This dynamic deformation is then quantified both

spatially and temporally using speckle-tracking (Dickinson and Hill, 1982), which

results in axial displacement curves in time in the focal area. In order to create

larger, two-dimensional image the focal point has to be moved either manually or

electronically in the area of interest to form a relative strain map. In addition to

ultrasound imaging, MRI can also be used to measure ARF induced displacements

using a technique called MR-ARFI (McDannold and Maier, 2008).

Sugimoto et al. (1990) first introduced the concept of quantifying the tissue me-

chanical properties by its response to ARFI, while Lizzi et al. (2003) were the first to

apply ARFI imaging to monitor HIFU lesion creation. They demonstrated the fea-

sibility of ARFI imaging to detect HIFU ablated lesions with computational simula-

tions and in vitro experimental studies in bovine liver. Since then, several papers have

studied its feasibility to visualise lesions due to HIFU thermal ablation (Nightingale

et al., 2004, 2007; Bing et al., 2009, 2011). Nightingale et al. (2004, 2007) compared

B-mode, ARFI and pathology images of an ex vivo bovine liver sample after exposure

to HIFU ablation, and found good correlation of the lesion structure between the

images. Bing et al. (2009, 2011) demonstrated the feasibility of using simultaneous

ARFI imaging to monitor HIFU therapy with ex vivo liver samples, and found good

contrast difference between the areas of ablated and healthy tissue.

By assuming the material to be isotropic, homogeneous and linear elastic, the

measured strain can be related to the applied stress by the first order approximation
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(Doherty et al., 2013):

σij = λLεkkδij + 2Gεij (1.3)

where εkk is the strain in the direction of kk, δij is the Kronecker delta, and λL [Pa]

and G [Pa] are known as the Lamè constants (or the latter also as the shear modulus).

For a homogeneous, isotropic and linear elastic material, the Young’s modulus E [Pa]

can then be defined as:

E =
G(3λL + 2G)

λL +G
(1.4)

However, in practice the applied stress is usually unknown due to its dependency

on the geometry of the ultrasound field and the acoustic properties of tissue, which

makes the quantitative assessment of elastic modulus challenging. Furthermore, soft

tissues tend to be viscoelastic, inhomogeneous and anisotropic (Fung, 1993). In this

case a relative map of displacements in the area of interest is generally shown.

1.2.3 Shear wave elasticity imaging

In SWEI, propagating shear waves are used to derive the elastic modulus of the

material. Shear waves are secondary elastic waves which are generated in the direction

perpendicular to the propagating ultrasound wave. The propagating shear waves in

tissue can be generated in multiple ways. In the method implemented by Sandrin

et al. (2002), a mechanical vibrator is attached on top of the transducer to generate

low frequency (around 50 Hz) shear waves travelling in the axial direction. After

a number of shear waves have been generated, the transducer switches into a fast

imaging mode which allows to follow the shear wave as it propagates trough the

tissue. Imaging of shear wave propagation is possible because their speed is lower

than that of compression waves. Shear waves can also be generated in the radial

direction using a series of ARF pulses (Nightingale et al., 2003; Bercoff et al., 2004b).

In the Supersonic Shear Imaging (SSI) method developed by Bercoff et al. (2004b),

the imaging transducer is first used to create a series of ARF induced displacements

at different depths in the axial direction. These displacements then constructively

create a propagating shear wave in the radial direction of the transducer. After the

creation of the shear wave, the transducer switches into imaging mode to follow the

shear wave propagation through the tissue. In addition to ultrasound-based imaging

methods, MRI can also be used to monitor shear wave propagation (Muthupillai et al.,

1995; Wu et al., 2001).
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SWEI was first developed by Sarvazyan (1995); Sarvazyan et al. (1998) who

demonstrated the use of ARF to generate shear waves in the medium. They used

an optical laser-based system and MRI to validate the theoretical model of SWEI.

Bercoff et al. (2004a) were the first to use SWEI to quantify the elastic moduli of

HIFU-induced lesions in ex vivo tissue. They successfully demonstrated the feasibility

of SWEI in detecting thermally ablated lesions and quantifying their stiffness. More

recently Arnal et al. (2011) used SWEI to determine the shear modulus-temperature

relation in ex vivo tissue. They showed that in muscle the shear modulus decreases

with temperature to approximately 65 ◦C after which the tissue ablation causes the

modulus to increase rapidly. Similar study was conducted by Sapin-de Brosses et al.

(2011) who quantified the relationship between shear modulus and temperature in

anaesthetised rats in vivo. They found the shear modulus to rapidly increase eight-

fold at around 202 cumulative equivalent minutes at 43 ◦C (CEM43◦C), which is close

to the limit of 240 CEM43◦C for thermal necrosis (Sapareto and Dewey, 1984). These

findings indicate that changes in tissue stiffness could possibly be used as an indicator

of coagulative thermal necrosis.

SWEI is usually implemented using one of two different methods. In the first

approach, shear wave speed is directly measured and converted into shear modulus

of tissue using the relation (Cobbold, 2006):

G = ρc2
T (1.5)

where cT [m/s] is the shear wave speed. This method requires a priori knowledge

about the shear wave propagation direction in order to calculate the wave arrival times

and propagation speed based on the ultrasound images. In the second approach, an

inverse problem of Helmholtz-equation is solved in order to recover the shear wave

speed according to (Palmeri and Nightingale, 2011; Catheline et al., 2004):

G∇2u− ρ∂
2u

∂t2
= 0 (1.6)

This method does not need any a priori information, but requires a good signal-to-

noise ratio in the image data in order to yield reliable results.

1.2.4 Harmonic motion imaging

HMI is an ultrasound-based elasticity imaging technique, which uses focused, ampli-

tude-modulated waveforms to create an oscillatory ARF (Suomi et al., 2015). The

oscillatory ARF makes the tissue vibrate at the modulation frequency (usually at
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50 Hz), which can be recorded using a speckle-tracking technique similarly to ARFI

imaging. Due to its similarities with ARFI imaging, HMI also has the same limita-

tions in estimating the tissue elastic modulus quantitatively due to the unknown stress

induced by the ARF. One possibility is to use the equation (1.2) to do least-squares

fitting with the oscillatory displacement data to give an estimate of the dynamic

modulus. The advantage of HMI for HIFU monitoring is that the ultrasound used to

ablate tissue can be amplitude modulated to create the ARF. Simultaneous speckle-

tracking is possible by using bandpass filtering and a separate imaging transducer

whose centre frequency is different to that of the spherical therapeutic transducer

creating the oscillations (Maleke and Konofagou, 2008). The ability to track dis-

placements continuously during HIFU treatment makes HMI a good candidate for

real-time therapy monitoring.

Fatemi and Greenleaf (1998) were the first to introduce US-stimulated acoustic

emission (USAE) imaging to determine human artery calcifications. This method

induces vibrations in tissue internally by using two separate focused transducers with

slightly different frequencies and detects the amplitude and phase of these vibrations

using raster-scanning. Later, Konofagou and Hynynen (2003) applied the same exci-

tation method together with a diagnostic transducer, i.e., HMI, to estimate localised

displacements in tissue using cross-correlation. They simulated vibrations using finite-

element method (FEM) and conducted feasibility measurements in phantoms and in

vitro porcine muscle (Konofagou and Hynynen, 2003; Konofagou et al., 2003, 2004).

They found good agreement between the simulations and experimental data. Zaitsev

et al. (2004) examined and confirmed the feasibility of the HMI method using phased-

array transducer in gel phantoms and ex vivo liver. Maleke et al. (2005, 2006) further

developed HMI to use a single-element transducer with amplitude modulated ultra-

sound pulses instead of two separate transducers to induce harmonic vibrations in

tissue. They demonstrated the feasibility of this method to monitor HIFU ablation

real time in ex vivo porcine liver and later performed more extensive demonstra-

tions with different sonication durations and temperatures using in vitro bovine liver

(Maleke and Konofagou, 2008).

Curiel et al. (2009) validated HMI with in vivo experiments in rabbit muscle and

used MRI to confirm the coagulation. They found the displacement amplitudes to

be 17 to 81% lower after the lesion formation using modulation frequencies from 50

to 300 Hz in 14 different locations. Curiel and Hynynen (2011) also determined the

spatial resolution of HMI using phantoms with inclusions together with in vivo tu-

mours implanted in rabbits. They were able to separate inclusions as small as 4 mm
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diameter and tumours 10 mm in length and 4 mm in width. Maleke and Konofagou

(2010) conducted a similar study where they monitored ablation of transgenic breast

cancer in mice in vivo. They found the peak-to-peak displacement amplitudes to

be approximately 17.3 ± 1.3 µm before and 11.0 ± 1.8 µm after ablation, which

confirms that the decrease in amplitude can be used as an indicator of lesion forma-

tion. Recently, Hou et al. (2013, 2014) and Shahmirzadi et al. (2014) investigated

how different parameters such as displacement amplitude, relative phase shift, lesion

size, compressive strain, lesion contrast and dynamic modulus change after differ-

ent ablation durations and power levels in ex vivo canine liver. They showed that

changes are observed in these parameters after thermal ablation, which suggests that

multi-parametric models could be considered in the future.

1.3 Objective of the thesis

Although academic research in the field of ultrasound elastography for monitoring

HIFU therapy has been conducted for over a decade, there are no commercial HIFU

systems utilising this technology. Even in academia only a couple of different ul-

trasound elastography methods for the purpose of HIFU therapy monitoring have

been actively researched in recent years - those being mainly HMI and SSI. The slow

(arguably non-existent) commercial adoption of ultrasound elastography for thermal

ablation therapy monitoring suggests that there are still problems to overcome before

ultrasound elastography can be considered robust and reliable enough for clinical use.

Monitoring thermal ablation therapy with ultrasound elastography fundamentally

relies on measuring the irreversible changes in tissue elastic modulus due to coagu-

lative thermal necrosis (Wall et al., 1999; Wright and Humphrey, 2002). However,

according to the equation (1.1), ARF is also dependent on tissue attenuation and

sound speed, both of which are known to change with temperature. Furthermore,

the viscoelastic properties of tissue are also temperature dependent, which affects

the displacements induced by periodic ARF excitation. All these tissue parameters

affect the magnitude of the ARF induced tissue deformations, and therefore, also the

therapy monitoring capabilities of ultrasound elastography techniques.

Another problem faced by any ultrasound-based diagnostic or therapeutic modal-

ity is the attenuation, reflection and refraction of acoustic waves as they propagate

through different layers of tissue in the human body. This is especially important in

the case of focused ultrasound fields which need to create a tight and well-defined

ultrasound focal point in the target region. In terms of ultrasound elastography,
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changes in the focal point (both spatial distribution and intensity) affect the magni-

tude and direction of ARF, which consequently affect the tissue deformation induced

by ARF. This might lead to unreliable quantitative estimates of tissue elastic modu-

lus, if the changes in acoustic fields are not taken into account. Furthermore, in the

case of HIFU treatment the spatial changes in the focal volume shape and reduction

in ultrasound intensity might significantly degrade the therapeutic heating effect.

Given the problems introduced above, the scope of this thesis is to address three

major issues:

(i) to quantify the temperature dependent tissue parameters affecting the ARF

(ii) to evaluate their effect on ARF induced displacements

(iii) to characterise therapeutic HIFU fields in the human body

Addressing these problems would benefit the development of ARFI, SWEI, HMI and

other ultrasound elastography modalities which rely on ARF.

In the second chapter of the thesis, the temperature dependent changes in tissue

properties are quantified by conducting an extensive literature review of available

data. In the third chapter, the covering equations for the used acoustic, thermal

and viscoelastic models are defined. In the fourth chapter, harmonic ARF induced

displacements are quantified both experimentally and with simulations in a tissue-

mimicking phantom. In the fifth chapter, the temperature dependent viscoelastic

properties of ex vivo liver are measured, and the effect of temperature on ARF in-

duced displacements is quantified by using HMI for HIFU therapy monitoring and

conducting numerical simulations. In the sixth chapter, computationally intensive

numerical simulations are conducted to determine the changes in nonlinear acous-

tic and thermal fields during HIFU therapy in the kidney. In the seventh and final

chapter, conclusions based on the results are drawn and future research directions are

suggested.

14



Chapter 2

Temperature dependence of tissue
properties

Therapeutic ultrasound for thermal ablation involves the propagation of nonlinear

acoustic beams into tissue which results in heating of the target area. The change in

temperature is high enough to result in changes to the underlying medium properties

which in turn will affect the ultrasound propagation. In this chapter1, a review of

the literature looking at temperature dependent changes in the acoustic, thermal and

mechanical properties of tissue is conducted. The changes in mechanical properties

are also considered as they are relevant to ultrasound elastography in monitoring

the thermal ablation process. It was found that there was a range in the values of

these properties due to a number of reasons, including natural biological variation,

measurements being done in a variety of species, and the methods of measurement.

Therefore, empirical models are provided for changes in the acoustic properties with

temperature and bounds on the variation that might be expected.

The acoustic properties of tissue change as ultrasound propagates through it pre-

dominantly due to two main mechanisms: thermal and mechanical. Thermal changes

result from the conversion of acoustic energy into heat energy which increases the

temperature of the tissue. As the temperature of the tissue rises, it induces changes

in the properties of the tissue some of which are reversible and some irreversible.

The exact mechanisms are not fully understood but as the tissue heats its chemical

structure changes with effects varying from collagen denaturation to cell death (Wall

et al., 1999; Sapareto and Dewey, 1984; Wright and Humphrey, 2002; Anema and

McKenna, 1996). These changes can affect all of the underlying properties of the

tissue.

1The contents of this chapter will be published in Suomi and Cleveland (2017).

15



Mechanical disruption is normally associated with the presence of cavitation. The

mechanical action of the cavitation bubbles also results in a range of tissue responses

from subtle opening of cell membranes to complete mechanical destruction of the

tissue. From the point of view of tissue properties the main contribution of the pres-

ence of cavitation bubbles is a large increase in acoustic attenuation and backscatter,

however, other acoustic properties such as sound speed and coefficient of nonlinearity

can also be affected.

2.1 Acoustic properties

The medium parameters that affect the propagation of ultrasound in the body are:

density, sound speed, attenuation and coefficient of nonlinearity. In addition, changes

in backscatter coefficient may be used to monitor the ablation process. This section

looks at the changes in acoustic properties due to both temperature and thermal

ablation.

2.1.1 Sound speed

Sound speed in tissue is typically measured in a water bath by axially aligning two

unfocused transducers and comparing the time of flight of an ultrasound pulse through

the same distance with and without the sample in between. The sound speed in the

sample can then be calculated with the equation:

cs =
cwtw
ts

(2.1)

where cw and cs [m/s] are the sound speeds of water and sample; tw and ts [s] are the

times of flight in water and sample, respectively. It should be noted that using this

method requires the transducers to be touching the sample (i.e., no propagation in

the water when the sample is in between), although a water path can be corrected

for. Temperature dependence of the tissue can be measured using this setup by con-

trolling the temperature of the water bath during the measurements. This technique

is called water immersion heating and it has been widely used in the literature to

study temperature dependent properties of tissue. It requires information about the

sound speed temperature dependence in water which can be found from the reference

(Marczak, 1997).

In Figure 2.1 are shown measurements of the sound speed in (a) liver, (b) kidney,

(c) brain, (d) muscle and (e) fat as a function of temperature (Bamber and Hill,

1979; Bronez et al., 1985; Bush et al., 1993; Choi et al., 2011; Ghoshal et al., 2011;
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Jackson et al., 2014; Nasoni et al., 1979; Rajagopalan et al., 1979; Sehgal et al.,

1986; Techavipoo et al., 2002, 2004; Kremkau et al., 1981; Robinson and Lele, 1972;

Wladimiroff et al., 1975; Cetas and Connor, 1978; Lu et al., 1996). It can be seen that

as the temperature increases from below 20 ◦C the sound speed increases in all tissue

types apart from fat in which it decreases. This behaviour is common to most fluids

and soft tissues due to the temperature dependent properties of pure water (Marczak,

1997). However, in tissue it can be seen that there is a turning point in this trend

somewhere from 55 to 70 ◦C depending on the tissue type after which sound speed

decreases due to the properties of water.

The data in Figure 2.1 show variation in absolute values which could be due to

differences in biological properties or experimental methods. Therefore, in Figure

2.2 the sound speed of each tissue-type has been normalised by the sound speed at

37 ◦C. The normalised data aligns in much more consistent way in different tissue

types. Parabolic curves were fitted to the normalised data (grey lines) according to

equation:

cpol = c2T
2 + c1T + c0 (2.2)

where cpol is the polynomial sound speed, T [◦C] is the temperature and c0-c2 are

the fitting parameters. In Table 2.1 are shown the second order fitting parameters

together with the turning points TTP [◦C] of parabolic fits. It can be seen that from the

non-extrapolated turning points the lowest is for liver at 57.5 ◦C and the highest for

kidney at 68.5 ◦C. In pure water the turning point is approximately 75 ◦C (Marczak,

1997), which suggests that the biological content of the tissue shifts the turning point

towards lower temperature values.

The effect of thermal ablation on sound speed is shown in Figure 2.3. In this case

the sample was measured at baseline temperature after thermal ablation by water

immersion heating or HIFU ablation (Jackson et al., 2014; Choi et al., 2011; Bush

et al., 1993; Techavipoo et al., 2004; Keshavarzi et al., 2001). It can be seen that

in liver the sound speed went down slightly in two of the data sets, and went up

slightly in three of the data. On average there was +0.35% increase in sound speed

which however was not statistically significant. This suggests that thermal ablation

does not result in irreversible changes in sound speed, and hence, the turning point

of sound speed is dependent on the properties of water rather than changes in the

protein structure.
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Figure 2.1: Temperature dependence of sound speed in (a) liver, (b) kidney and (c)
brain.
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Figure 2.1: (continued) Temperature dependence of sound speed in (d) muscle and
(e) fat.
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Figure 2.2: Temperature dependence of normalised sound speed in (a) liver, (b)
kidney and (c) brain.
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Figure 2.2: (continued) Temperature dependence of normalised sound speed in (d)
muscle and (e) fat.
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Table 2.1: Polynomial fitting parameters for normalised sound speed in different
tissues. TTP shows the temperature value where sound speed is at its maximum.

c2 c1 c0 TTP [◦C]
Liver −1.31E−03 1.51E−01 9.62E+01 57.5
Kidney −1.42E−03 1.94E−01 9.46E+01 68.5
Brain −6.65E−04 1.05E−01 9.68E+01 79.2
Muscle −1.63E−03 1.99E−01 9.48E+01 61.2
Fat 9.89E−03 −1.13E+00 1.28E+02 57.1
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Figure 2.3: The change in (a) liver and (b) uterine sound speed before and after
thermal ablation.

2.1.2 Attenuation

Attenuation measurements are typically made using the same approach as sound

speed measurements, where two unfocused transducers are positioned opposite to each

other and receiving the signal with and without the sample over the same distance.

The attenuation of a material can then be calculated with the equation:

α(f) =
1

d
10 log10

(
IR(f)

IT(f)

)
(2.3)

where α(f) [dB/m] is the frequency dependent attenuation, d [m] is the distance

between the transducers and IT(f) and IR(f) [W/m2] are the intensities of the trans-

mitted and received signals, respectively. However, in order to get a more accurate
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attenuation estimate the diffraction loss due to ultrasound beam variations can be

taken into account (Beissner, 1981). This requires implementing a diffraction com-

pensation technique in the measurements (Kim and Varghese, 2007; Huang, 2002).

In addition, acoustic impedance mismatches between water and the sample should be

taken into account in order to yield accurate values. Typically attenuation measure-

ments are done using the centre frequency of the transducer, but because transducers

have a finite frequency bandwidth, it is possible to fit attenuation power law curves to

frequency domain data giving an estimate for the frequency dependence of the atten-

uation. In order to get broadband measurements, multiple transducers with different

centre frequencies should be used. Some authors only report the attenuation at the

centre frequency while others include also the estimate for the frequency dependence.

Figure 2.4 shows published measurements of the change in attenuation at 1 MHz

as a function of temperature in (a) liver, (b) kidney, (c) prostate, (d) brain, (e)

muscle and (f) fat (Bamber and Hill, 1979; Bush et al., 1993; Choi et al., 2011;

Damianou et al., 1997; Gammell et al., 1979; Ghoshal et al., 2011; Jackson et al.,

2014; Techavipoo et al., 2002, 2004; Gertner et al., 1997; Worthington and Sherar,

2001; Worthington et al., 2002; Kremkau et al., 1981; Robinson and Lele, 1972; Shore

et al., 1986). In the cases where attenuation was not measured at 1 MHz it has been

extrapolated to 1 MHz using the power law specified by the author or in the absence

of a stated power law by assuming a linear power law. As with sound speed, there

exist variations in absolute values across the various studies, and hence, in Figure

2.5 the data has been normalised to attenuation at 37 ◦C. It can be seen that the

normalised data collapse to a common trend and that attenuation decreases as the

temperature increases from 37 ◦C until the temperature reaches about 50 ◦C at which

point the attenuation starts to increase until it approximately doubles.

There is not a clear functional dependence in the data, and therefore, fourth order

polynomial and sigmoidal functions were fitted:

αpol = a4T
4 + a3T

3 + a2T
2 + a1T + a0 (2.4)

αsig = A0 +
A1 − A0

1 + exp
(
−T−TC

TW

) (2.5)

where αpol and αsig are the polynomial and sigmoidal attenuation coefficients respec-

tively, a0-a4 are the polynomial fitting parameters, A0-A1 [dB/cm] are two asymptotic

values, TC [◦C] is the centre point of the sigmoidal fit and TW [◦C] is the width of

the central area of the fit. This was done to estimate the temperature dependence of
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attenuation. The fitting parameters are presented in Table 2.2 for polynomial and in

Table 2.3 for sigmoidal functions.

For liver most of the data suggest a significant rise in the attenuation as temper-

ature increases beyond 60 ◦C except for the data by (Techavipoo et al., 2002, 2004)

where the increase is minimal. Therefore, fitting to experimental data beyond 60 ◦C

was not done as the line of best fit would lie in between two very different data sets.

It is noted that up to 60 ◦C the polynomial function captures the decrease in attenu-

ation below approximately 50 ◦C, which is not possible with the sigmoidal function.

The polynomial function was fit up to 70 ◦C for the three data sets which showed an

increase, and it appears to extrapolate to about 75 ◦C based on the results by Choi

et al. (2011).

For kidney, prostate and muscle the normalised data all look very similar; initially

as the temperature increases, there is no change in the attenuation, however between

50 ◦C and 60 ◦C attenuation increases and by 70 ◦C it has plateaued at roughly

double the baseline value. In these cases, the data are well fitted with a sigmoidal

function. For the brain, the attenuation also increases above 200% at 70 ◦C for the

one data set found and keeps increasing all the way to 500% at 95 ◦C.

Figure 2.6 shows the attenuation values at 1 MHz before and after thermal ablation

in (a) liver, (b) prostate, (c) brain, (d) spleen, (e) uterine and (f) abdominal wall

(Jackson et al., 2014; Choi et al., 2011; Zderic et al., 2004; Clarke et al., 2003; Pauly

and Schwan, 1971; Kemmerer and Oelze, 2012; Bush et al., 1993; Diederich and

Burdette, 1996; Robinson and Lele, 1972). In liver, the average increase in attenuation

is +109% compared to the original value at the same temperature. For other tissue

types, the increase in attenuation after ablation ranges from +51% for prostate up to

+220% for uterine. Therefore, the data show that the attenuation coefficient roughly

doubles after thermal ablation and that the change is irreversible.

Attenuation is also dependent on the frequency of the ultrasound wave with higher

frequencies experiencing greater attenuation. In biological tissue the attenuation

typically follows the relation (Cobbold, 2006):

α = α0f
n (2.6)

where α0 [dB/m/MHz] is the attenuation coefficient and n is the frequency depen-

dence power law coefficient. It is most common to assume the exponent is unity

although the literature reports values between 1.0 and 1.3 for the majority of soft

tissue (Goss et al., 1979; Gammell et al., 1979). The attenuation power law is not

often reported for tissue and even fewer data are available on the change in the power
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law as a function of temperature (Jackson et al., 2014; Shore et al., 1986). Figure 2.7

shows the data for the power law exponent of (a) liver, (b) spleen and (c) abdomi-

nal wall before and after thermal ablation. There is negligible average change in the

power law after ablation in liver (−0.26%). Large changes are reported for spleen and

abdominal wall, but these results are from a single study, and given the variability in

other studies, more data would be needed to confirm this. For linear simulations, the

nature of the power law is likely not a critical parameter but for nonlinear simulations,

where multiple harmonics are generated contributing to heating, an accurate power

law is likely to be important and more measurements on the frequency dependence

of the power law are needed.
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Figure 2.4: Temperature dependence of attenuation coefficient in (a) liver, (b) kidney
and (c) prostate.

26



0

1

2

3

4

5

6

0 10 20 30 40 50 60 70 80 90 100

At
te

nu
at

io
n 

at
 1

 M
H

z 
(d

B/
cm

)

Temperature (C)

Brain

Kremkau et al. (1981), human

Robinson and Lele (1972), cat

(d)

0.0

0.5

1.0

1.5

2.0

2.5

3.0

3.5

0 10 20 30 40 50 60 70 80 90 100

At
te

nu
at

io
n 

at
 1

 M
H

z 
(d

B/
cm

)

Temperature (C)

Muscle

Damianou et al. (1997), dog

Shore et al. (1986), bovine

Techavipoo et al. (2002), canine

(e)

0.0

1.0

2.0

3.0

4.0

5.0

6.0

7.0

0 10 20 30 40 50 60 70 80 90 100

At
te

nu
at

io
n 

at
 1

 M
H

z 
(d

B/
cm

)

Temperature (C)

Fat

Bamber and Hill (1979), bovine

(f)

Figure 2.4: (continued) Temperature dependence of attenuation coefficient in (d)
brain, (e) muscle and (f) fat.
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Figure 2.5: Temperature dependence of normalised attenuation coefficient in (a) liver,
(b) kidney and (c) prostate.
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Figure 2.5: (continued) Temperature dependence of normalised attenuation coeffi-
cient in (d) brain, (e) muscle and (f) fat.
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Table 2.2: Polynomial fitting parameters for normalised attenuation coefficient in
different tissues. T0 shows the temperature value where attenuation is at its minimum.
(*) (Techavipoo et al., 2002, 2004) and (Bamber and Hill, 1979) excluded from the
fit.

a4 a3 a2 a1 a0 T0 [◦C]
Liver −2.55E−06 1.94E−03 −1.41E−01 1.99E+00 1.23E+02 44.1
Liver∗ 1.69E−05 −3.32E−05 −7.66E−02 6.82E−01 1.46E+02 46.0
Kidney −1.82E−05 2.80E−03 −9.24E−02 −3.22E−02 1.17E+02 29.9
Prostate −1.03E−05 1.21E−03 −1.34E−02 −3.20E−02 8.58E+01 9.3
Brain −2.42E−05 4.84E−03 −1.86E−01 −6.70E−02 1.38E+02 33.0
Muscle −1.44E−05 2.01E−03 −5.24E−02 −5.74E−02 9.75E+01 22.7
Fat −3.99E−04 5.34E−02 −2.21E+00 2.54E+01 2.00E+02 36.6

Table 2.3: Sigmoidal fitting parameters for normalised attenuation coefficient in dif-
ferent tissues.

A0 A1 TW TC [◦C]
Liver 103.08 171.94 1.38 61.7
Kidney 99.62 205.65 5.14 60.4
Prostate 97.94 180.78 5.27 50.7
Brain 98.93 647.66 7.14 74.4
Muscle 97.46 186.58 3.53 56.9
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Figure 2.6: The change in (a) liver, (b) prostate, (c) brain, (d) spleen, (e) uterine and
(f) abdominal wall attenuation coefficient before and after thermal ablation.
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Figure 2.7: The change in (a) liver, (b) spleen and (c) abdominal wall attenuation
power law coefficient before and after thermal ablation.

2.1.3 Backscatter coefficient

The backscatter coefficient describes the signal scattered by small, typically subwave-

length, inhomogenities in tissue. These are the structures that produce the speckle

seen in B-mode images. The backscatter coefficient is typically measured using a

pulse-echo method where the power spectrum of the backscattered signal from a

sample is compared to that of a perfect reflector (typically a flat metal plate) placed

at the same position instead of the sample (Fei and Shung, 1985). Methods have been

developed to account for transmission and reflection loss, absorption and diffraction

(Yao et al., 1990). However, the measurement of the backscatter coefficient is strongly

dependent on the measurement protocol, and hence, large variations (up to 18%) in

the experimental results can be expected (Madsen et al., 1999).

Figure 2.8 shows the backscatter coefficient as a function of temperature for liver

(Bush et al., 1993; Choi et al., 2011; Ghoshal et al., 2011). There is no consistent

trend in this data with some showing an increase and other a decrease. Furthermore,

there seems to variability even within the same author depending on the species: the

values measured by Ghoshal et al. (2011) in rabbit liver are approximately five-fold

higher than the ones in bovine. Therefore, no clear trend among the different studies

can be concluded.

Figure 2.9 shows the backscatter coefficient before and after thermal ablation in

liver (Choi et al., 2011; Bush et al., 1993; Kemmerer and Oelze, 2012). The small

number of studies appeared to generally show an increase, on the order of 40 to 50%,

in the backscatter coefficient after ablation. The mechanism for this could be changes

in the structure of tissue due to ablation (Wall et al., 1999; Wright and Humphrey,

2002) or the presence of gas bubbles (Rabkin et al., 2005).
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Figure 2.8: Temperature dependence of backscatter coefficient in liver.
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Figure 2.9: The change in liver backscatter coefficient before and after thermal abla-
tion.
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2.1.4 Nonlinearity parameter

The nonlinearity parameter B/A quantifies the nonlinearity in the pressure-density

relation of the equation of state of a medium where A is the coefficient of the linear

term and B the coefficient of the quadratic term. It is related to the coefficient of

nonlinearity β by:

β = 1 +
B

2A
(2.7)

which appears in the nonlinear wave equation (3.8) in Chapter 3. The nonlinearity

parameter can be measured by either a thermodynamic method or a finite-amplitude

method. Most tissue data measurements employ the finite-amplitude method, where

the amplitude of a nonlinearly generated second harmonic is measured after a pulse

has propagated trough a finite medium. The nonlinearity parameter can then be

calculated typically by normalising the measurements to those in water (Dong et al.,

1999).

Figure 2.10 shows the nonlinearity parameter as a function of temperature for (a)

liver and (b) muscle (Choi et al., 2011; Jackson et al., 2014; Lu et al., 2004; Sehgal

et al., 1986). Multiple studies in liver show a monotonic increase in the nonlinearity

as a function of temperature with one study in muscle demonstrating a similar trend.

These data suggest a 20% increase in B/A between 37 ◦C and 60 ◦C with one study

showing an approximately 60% continuous increase at 75 ◦C.

Figure 2.11 shows measurements of nonlinearity parameter in liver before and

after ablation from two studies (Jackson et al., 2014; Choi et al., 2011). In one study

no significant change in the nonlinearity parameter was reported where as in the other

study it appeared to approximately double. This suggests that more measurements

are needed in order to determine if the nonlinearity changes with ablation.
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Figure 2.10: Temperature dependence of nonlinearity parameter in (a) liver and (b)
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Figure 2.11: The change in liver nonlinearity parameter before and after thermal
ablation.
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2.2 Thermal properties

Tissue thermal properties, including specific heat capacity, thermal diffusivity and

thermal conductivity, all affect the heat deposition in tissue. Consequently, the

changes in these parameters affect the creation of thermal necrosis required destroy

tissue in HIFU therapy (Sapareto and Dewey, 1984). This sections studies the changes

in thermal properties as a function of temperature as well as before and after ablation.

2.2.1 Specific heat capacity

Specific heat capacity cP [J/kg/K] describes the ability of a material to store ther-

mal energy. It is defined by the amount of thermal energy required to raise the

temperature of a unit mass by one degree. It can be calculated from:

cP =
Q

∆Tm
(2.8)

where Q [J] is heat transfer, m [kg] is mass and ∆T [K] is the change in temperature.

In the literature, the specific heat capacity of tissue is typically measured by either by

assuming uniform temperature distribution in the sample and monitoring the power

input causing the temperature rise (Haemmerich et al., 2006) or using purpose-built

devices such as the transient line heat source technique (Guntur et al., 2013).

Figure 2.12 shows the experimentally measured changes in specific heat capacity

in liver as a function of temperature for two authors (Guntur et al., 2013; Haemmerich

et al., 2006). The specific heat capacity decreases from its initial value for both after

which it starts to increase almost linearly after 40-50 ◦C. Figure 2.13 shows the change

specific heat capacity before and after thermal ablation in liver (Guntur et al., 2013;

Giering et al., 1995). Measurements by Guntur et al. (2013) suggest that the change

is irreversible after certain temperature with an increase of +17% when compared

to the initial value. However, similar observations were not made by Giering et al.

(1995) who heated several (N = 29) tissue samples up to 100 ◦C and back to room

temperature before measuring the changes in specific heat capacity. This suggests

that more experiments need to be carried out before drawing conclusions.
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Figure 2.12: The change in liver specific heat capacity with temperature.
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Figure 2.13: The change in liver specific heat capacity before and after thermal
ablation.

2.2.2 Thermal conductivity and diffusivity

Thermal conductivity describes the ability of a material to conduct heat. It is defined

by the power conducted per unit area and can be calculated from:

Q

tAS

= −k∆T

L
⇐⇒ k = − QL

t∆TAS

(2.9)

where k [W/m/K] is the thermal conductivity, AS [m2] is surface area and ∆T [K] is

the difference in temperature over a thickness L [m]. A related variable is the thermal

diffusivity:

D =
k

ρcP
(2.10)

where D [m2/s] is the thermal diffusivity. Thermal conductivity and diffusivity are

measured with purpose built devices which create and monitor the heat flux in the

sample (Guntur et al., 2013; Valvano et al., 1985).
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Figure 2.14 shows the temperature dependence of thermal conductivity in (a) liver,

(b) kidney and (c) spleen (Guntur et al., 2013; Valvano et al., 1985; Bhattacharya

and Mahajan, 2003). The data from (Valvano et al., 1985) has been derived from

the reported linear fit values. An increasing trend in thermal conductivity with

temperature is seen in all data over the range of temperature measured, up to 90 ◦C

in liver and 45 ◦C in kidney and spleen. Figure 2.15(a) shows the effect of thermal

ablation on thermal conductivity in liver. An average increase of +31% compared to

the initial value is seen which suggest the changes due to heating to be irreversible.

Figure 2.16 shows the temperature dependence of thermal diffusivity in (a) liver,

(b) kidney and (c) spleen (Guntur et al., 2013; Valvano et al., 1985). Again the data

from Valvano et al. (1985) are presented using the reported linear fit values. A similar

increase with temperature in all tissues is seen as in the case of thermal conductivity,

which is consistent with the data showing density and specific heat capacity to have

weak dependence on temperature. Figure 2.15(b) shows the thermal diffusivity values

in liver before and after thermal ablation. An increase of +38% is seen compared to

the original value.

37



0.4

0.5

0.5

0.6

0.6

0.7

0.7

0.8

0.8

0 10 20 30 40 50 60 70 80 90 100

Th
er

m
al

 c
on

du
ct

iv
ity

 (W
/m

/K
)

Temperature (C)

Liver

Bhattacharya and Mahajan (2003), bovine

Guntur et al. (2013), porcine

Valvano et al. (1985), human

Valvano et al. (1985), pig

Valvano et al. (1985), rabbit

(a)

0.49

0.50

0.51

0.52

0.53

0.54

0.55

0.56

0 5 10 15 20 25 30 35 40 45 50

Th
er

m
al

 c
on

du
ct

iv
ity

 (W
/m

/K
)

Temperature (C)

Kidney

Valvano et al. (1985), rabbit

(b)

0.48

0.49

0.50

0.51

0.52

0.53

0.54

0.55

0.56

0 5 10 15 20 25 30 35 40 45 50

Th
er

m
al

 c
on

du
ct

iv
ity

 (W
/m

/K
)

Temperature (C)

Spleen

Valvano et al. (1985), human

Valvano et al. (1985), pig

(c)

Figure 2.14: Temperature dependence of thermal conductivity in (a) liver, (b) kidney
and (c) spleen.
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Figure 2.15: The change in liver (a) thermal conductivity and (b) thermal diffusivity
before and after thermal ablation.
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Figure 2.16: Temperature dependence of thermal diffusivity in (a) liver, (b) kidney
and (c) spleen.
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2.3 Mechanical properties

Changes in tissue mechanical properties, such as the density, elastic modulus and

viscoelasticity, affect the displacement induced by ARF. Temperature dependence of

these properties is an important factor in HIFU monitoring, where rapid temperature

rises cause the tissue mechanical properties to change. These changes form the basis

for detecting thermally ablated areas (i.e., lesions) using ultrasound elastography

techniques. This section studies the changes in tissue mechanical properties with

temperature and before and after ablation.

2.3.1 Density

The changes in tissue density with temperature have been characterised by Guntur

et al. (2013) who immersed ex vivo tissue samples in a temperature controlled water

bath. They used an indirect method where thermal diffusivity was first measured

using a thermal probe after which the density was calculated using the equation

(2.10) while keeping the values of cP and k constant.

Figure 2.17 shows the experimentally measured behaviour of liver density with

temperature in the range from 20 to 90 ◦C. The density can be seen to stay ap-

proximately constant with small variation up to 55 ◦C after which an almost linear

decrease is seen. The decrease at 90 ◦C was 11.8% less than the value at 40 ◦C as

reported by the authors. Figure 2.18 shows the changes in liver density before and

after thermal ablation at 40 ◦C. The irreversible change due to ablation causes the

density to decrease approximately 14.1% compared to the initial value.

The reason for the turning point at which the density starts to decrease and

does not recover to the original value was hypothesised by Guntur et al. (2013) to

be the process of protein denaturation combined with the changes in tissue water

content. However, Yang et al. (2007) showed the tissue water content to decrease

significantly in thermal ablation only after about 80 ◦C, which is higher than the

onset of the density decrease in Figure 2.17. Therefore, more measurements are

needed to ascertain the physical basis of the phenomenon.
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Figure 2.17: The change in liver density with temperature.
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2.3.2 Elastic moduli

Tissue elastic behaviour can be quantified by elastic moduli which relate the stress and

strain relationship of the material. For linear, lossless media three common moduli

are Young’s modulus E [Pa], shear modulus G [Pa] and bulk modulus K [Pa]. For

isotropic materials these are related by the equations:

E = 2G(1 + ν) = 3K(1− 2ν) (2.11)

where ν is the Poisson’s ratio. For soft tissue ν ≈ 0.5 in which case E ≈ 3G, but

in this case bulk modulus cannot be reliably estimated from the Young’s or shear

modulus. Therefore, typically tissue elastic modulus is reported from measurements

of either the Young’s or shear modulus.

Young’s modulus describes the tendency of the medium to resist deformation along

the axis of the force. It is defined by the ratio of tensile stress σ [Pa] to tensile strain

ε in the linear region (i.e., elastic) by the equation:

E =
σ

ε
=
FN/AS

∆Y/Y
(2.12)

where FN [N] is the normal (tensile) force, ∆Y [m] is the magnitude of deformation

in the direction of the force and Y [m] is the original length of the object in the same

direction. When measuring tissue samples compressive force is usually easier to apply

than tensile force, and therefore, the values of tissue Young’s modulus are generally

reported as the ratio of compressive stress to compressive strain. In practice the

Young’s modulus measurements are conducted using dynamic mechanical analysis

(DMA) or other instruments which are designed for the purpose.

Shear modulus similarly describes the resistance of the medium to resist deforma-

tion in shear. Shear is normally induced by applying a force FT [N] tangentially to

a surface of the material and then measuring the displacement ∆X [m] in the same

direction. The shear modulus is defined by the ratio of shear stress to shear strain

by the equation:

G =
FT/AS

∆X/Y
(2.13)

where Y [m] is the original length of the object perpendicular to the force.

The shear modulus is also related to the shear wave speed of the medium by the

equation (1.5) in Chapter 1. In practice the shear wave speed is easier to measure

than the ratio of shear stress to shear strain, and thus, many ultrasound elastography
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modalities directly measure the shear wave speed, which is then used to quantify the

shear modulus of tissue by knowing the density. Other imaging modalities, such as

MRI, can also be used to estimate the shear modulus in tissue (Manduca et al., 1996).

Figure 2.19(a) shows the change in liver shear modulus with temperature measured

with ultrasound elastography in a temperature controlled water bath by Sapin-de

Brosses et al. (2010). The shear modulus stays approximately constant up to 45 ◦C

after which an almost exponential increase is seen. It was noted by the authors that

an irreversible change in stiffness was observed approximately after 55 ◦C which is in

accordance with the temperature region for protein denaturation.

Figure 2.19(b) shows the change in muscle shear modulus value measured by

several authors (Arnal et al., 2011; Sapin-de Brosses et al., 2010; Kruse et al., 2000;

Wu et al., 2001). A decrease in the shear modulus is seen up to approximately 55-60 ◦C

after which the modulus starts to increase again. This has been postulated to be due

to reversible protein denaturation where specific proteins undergo unfolding/refolding

process (Anema and McKenna, 1996; Wu et al., 2001). After 60 ◦C irreversible protein

denaturation takes place and the muscle stiffness grows exponentially.

Figure 2.20(a) and (b) show the irreversible changes to the shear modulus before

and after thermal ablation for liver and muscle, respectively (Sapin-de Brosses et al.,

2010; Wu et al., 2001). Both tissues show significant changes in stiffness after ablation

with +1025% increase in liver and +566% in muscle.

Figure 2.21 shows the irreversible changes in Young’s modulus for (a) liver, (b)

kidney and (c) muscle (Bharat et al., 2005; Shi et al., 1999; Righetti et al., 1999;

Stafford et al., 1998; Konofagou et al., 2004). In liver, an average increase of +448%

is observed, while kidney and muscle show +500% and +18% increase, respectively.

The result by Righetti et al. (1999) show unusually high values for liver with 44

and 155 kPa before and after ablation respectively, while typically the values are a

magnitude lower. The relatively small increase in the Young’s modulus of liver by

Konofagou et al. (2004) is probably because the lesion measured was not completely

ablated above the temperature limit of thermal necrosis. The large increases in tissue

elastic moduli after ablation provide the fundamental basis for determining thermally

ablated regions in tissue using ultrasound elastography techniques.
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Figure 2.19: The change in (a) liver and (b) muscle shear modulus with temperature.
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thermal ablation.
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Figure 2.21: The change in the Young’s modulus of (a) liver, (b) kidney and (c)
muscle before and after thermal ablation.

2.3.3 Dynamic modulus

Tissue is not a simple elastic material but viscoelastic with frequency dependent prop-

erties. Therefore, although the Young’s, shear and bulk moduli are useful quantities

to characterise material response to stress over long duration of time (several seconds

to minutes), they are less accurate to describe material properties under dynamic,

short-duration stresses, which are typically used in ultrasound elastography. A more

suitable parameter in this case is the dynamic modulus (aka complex modulus) which

describes the ratio of stress to strain under sinusoidal (i.e., frequency dependent) con-

ditions.

When viscoelastic materials are subjected to a sinusoidally varying stress, a steady

state will eventually be reached in which the strain lags the stress by a phase angle

δ [rad]. For purely elastic materials δ = 0 whereas for purely viscous materials δ =

π/2. Sinusoidal stress and strain in viscoelastic materials can therefore be written as

(Roylance, 2001):

σ = σ0 sin(ωt+ δ) (2.14)

ε = ε0 sin(ωt) (2.15)
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where ω [rad/s] is the angular frequency and σ0 [Pa] and ε0 are the amplitudes of stress

and strain, respectively. The elastic and viscous components are typically expressed

separately as complex quantities in the dynamic modulus M∗ [Pa], where the elastic

component is referred as storage modulus MS [Pa] and the viscous component as loss

modulus ML [Pa] with the relations:

MS =
σ0

ε0
cos(δ) (2.16)

ML =
σ0

ε0
sin(δ) (2.17)

M∗ = MS + iML (2.18)

where i is the imaginary unit. The dynamic modulus can be expressed in terms of

compressive, tensile or shear stresses and strains, but with tissue samples compres-

sive stress is usually used. In practice, storage and loss moduli can be measured

using DMA which is able to characterise the viscoelastic behaviour of tissue in the

frequency domain. In DMA, the storage and loss modulus are measured over a range

of frequencies.

Kiss et al. (2004) used DMA to characterise the viscoelastic properties of lesions

in ex vivo liver after thermal ablation of 80-90 ◦C for 5 to 10 minutes. The viscoelastic

properties of the ablated tissue were measured from 0.1 Hz to 400 Hz at room temper-

ature and fit to a fractional Kelvin-Voigt model. In a subsequent study (Kiss et al.,

2009) the viscoelastic properties of lesions in liver prepared at temperatures ranging

from 60 to 90 ◦C over a frequency range of 0.1-50 Hz were reported. It was found that

the magnitude of the dynamic modulus increased with ablation temperature reaching

a local maximum at around 70-75 ◦C in ex vivo porcine liver. In another case the

magnitude of dynamic modulus continuously increased up to the maximum temper-

ature of the experiment at 90 ◦C when ex vivo canine liver was used. The results

suggest that the changes in the viscoelastic properties of liver will have a significant

effect on the deformations in ultrasound elastography modalities which rely on short

duration or frequency specific ultrasound exposures. Furthermore, the temperature

dependence of dynamic modulus is yet to be studied, which will be addressed in

Chapter 5 of this thesis.
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2.4 Conclusions

This chapter brought together a wide variety of data that captures the temperature

dependence of the key material properties that are likely relevant to therapeutic

ultrasound. A large variation in reported values was found which is likely due to

a combination of biological variability and experimental technique. Other useful

sources for different tissue properties at body temperatures are (Chivers and Parry,

1978; Goss et al., 1979; Duck, 1990; Mast, 2000; Hasgall et al., 2015). Temperature

dependent properties can be found from (Haney and OBrien, 1986; Rossmann and

Haemmerich, 2014). However, this chapter is the first study to fit numerical models

to the temperature dependent data. Furthermore, the summary of tissue property

changes before and after thermal ablation has not been covered before.

For sound speed and attenuation, which are arguably the most important from

propagation modelling, it was found by normalising measurements to values reported

at 37 ◦C most of the data sets exhibited a common trend. Attenuation showed the

strongest response to temperature and ablation whereas sound speed and nonlinearity

parameter were relatively insensitive. The data for backscatter was too variable for

conclusions to be drawn. Further measurements on the nonlinearity parameter and

the backscatter are warranted due to limited data which is not consistent in the

published literature. Measurements of the power law of attenuation would likely also

be relevant particularly when nonlinear propagation is important.

The thermal properties of tissue demonstrated moderate changes in both specific

heat capacity and conduction/diffusivity. These changes should be accounted for in

models for tissue thermal effects.

Finally, large and irreversible changes in tissue stiffness confirm this as a parame-

ter, which could be used as an indicator of coagulative thermal necrosis in ultrasound

elastography. These changes were observed across all tissue types, which makes the

technique applicable to monitor HIFU therapy in different organs.
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Chapter 3

Model equations

3.1 Acoustic equations

Several acoustic phenomena affect the propagating ultrasound wave, which can be

incorporated in the governing equations. First of all, the intensity of the ultrasound

waveform is reduced due to attenuation, which is caused by the combination of scat-

tering and absorption in tissue. Inhomogeneities in tissue cause scattering of the

wave energy while viscous effects and particle momentum transfer (i.e., the absorp-

tion) cause the intensity to decrease with propagation distance. The magnitude of

attenuation is dependent on ultrasound frequency and material properties with higher

frequencies generally exhibiting greater attenuation. Another phenomenon reducing

the intensity of the ultrasound field is the reflection at tissue interfaces caused by

acoustic impedance mismatches. When an ultrasound wave passes through a tissue

interface, for example fat and muscle, part of its energy is reflected back due to the

differences in sound speed and density between the two different layers.

Due to the differences in sound speed in different tissues, the ultrasound waves

are also refracted when passing through various layers in the human body. This is

especially important aspect in HIFU, where tightly focused ultrasound focal point

is required to create maximal heating effect. Several tissue layers in front of the

transducer change the spatial pressure distribution of the ultrasound focal point, and

thus, reduce the overall therapy efficacy. Furthermore, the waves are also distorted

due to diffraction, dispersion and interference effects, which cause further changes in

the focal point shape. Diffraction affects all waves and is defined as any deviation from

the rectilinear path of propagating wave which cannot be interpreted as reflection or

refraction. Dispersion is caused due to differences in sound speed depending on the

frequency. Interference effects are caused due to phase differences between intersecting

waves creating an amplitude superposition.
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One important factor to be considered in HIFU therapy are the nonlinear effects,

which cause higher harmonic frequencies to be generated in the propagating ultra-

sound waveform. Significant harmonic frequencies are generated if the propagation

distance is long and/or the amplitude of the propagating ultrasound wave is large.

These harmonics are highly attenuated, which consequently causes greater ARF and

increased heating rate. Therefore, all the effects described above should be considered

in the acoustic models in order to accurately predict the displacements induced by

ARF and HIFU therapeutic outcome. The governing equations of linear and nonlinear

acoustics are presented in this section.

3.1.1 Wave equation

In a compressible medium, a propagating ultrasound wave causes dynamic variations

in the pressure, density and particle velocity. These changes can be described using

a set of linearised partial differential equations (PDE) based on the conservation of

mass, momentum and an appropriate equation of state (Cobbold, 2006; Treeby and

Cox, 2010b):

∂ρ

∂t
= −ρ0∇ · v (mass conservation)

∇P = −ρ0
∂v

∂t
(momentum conservation) (3.1)

ρ =
P

c2
(equation of state)

where ρ0 [kg/m3] is the density of the propagation medium in the surrounding ambient

pressure and v [m/s] is the particle velocity. When these equations are combined,

they give an expression for the distribution of pressure as a function of space and

time aka the wave equation (Cobbold, 2006):

∇2P − 1

c2

∂2P

∂t2
= 0 (3.2)

The wave equation describes the propagation of an acoustic wave in a lossless and

homogeneous medium (i.e., no absorption or scattering). This means that in an infi-

nite domain the wave would propagate in a rectilinear path forever without reduction

in amplitude. Furthermore, the propagation described by the equation is also linear,

which means that no harmonic frequencies are generated and the wave maintains its

perfectly sinusoidal shape.
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The linear wave equation is an useful approximation for describing wave propaga-

tion in ultrasound applications, such as standard B-mode imaging, where the ampli-

tudes are low and the reduction in the intensity due to absorption can be neglected.

However, in the case of HIFU therapy and ARF based ultrasound elastography, these

assumptions are not true anymore. Therefore, more complex models are needed to

accurately predict their effect on the ultrasound field.

3.1.2 Westervelt equation

When an ultrasound wave propagates in the human body, its intensity is reduced due

to attenuation in tissue. Attenuation is caused by the combined effect of absorption

and scattering, although in biological tissue absorption is shown to account for 82-

100% of the total attenuation (Parker, 1983; Lyons and Parker, 1988). The acoustic

wave also starts to generate harmonic frequencies if the amplitude is high enough.

In this case, additional nonlinear terms have to be added to the governing equations

to account for this effect. When acoustic absorption due to viscosity and thermal

effects, scattering due to heterogeneities (i.e., non-uniform density) and nonlinearity

are included in the governing equations (3.1), they become:

∂ρ

∂t
= −(ρ+ ρ0)∇ · v − v · ∇ρ (mass conservation)

∇P = −ρ0
∂v

∂t
−∇L +

(
4η

3
+ ηB

)
∇2v (momentum conservation) (3.3)

ρ =
P

c2
− B

2A

P 2

ρ0c4
+

k

ρ0c4

(
1

cV
− 1

cP

)
∂P

∂t
(equation of state)

where cV and cP [J/kg/K] the specific heat capacities at constant volume and pressure,

respectively; η and ηB [Pa·s] are the viscosity and bulk viscosity, respectively; and L

[J/m3] is the Lagrangian energy density:

L =
ρ0v

2

2
− P 2

2ρ0c2
(3.4)

Compared to the linear case, the momentum conservation equation now has an ad-

ditional term for viscosity. The mass conservation equation contains an additional

term which accounts for a convective nonlinearity in which the particle velocity con-

tributes to the wave velocity. The values A and B are the coefficients of the first and

second order terms of the Taylor series expansion of the equation of state. The equa-

tion of state also contains a term accounting for absorption due to thermal effects.
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When these equations are combined, an equation for nonlinear sound propagation

accounting for viscosity and medium inhomogeneities can be derived:

∇2P − 1

c2

∂2P

∂t2
+

b

c4

∂3P

∂t3
= − β

ρ0c4

∂2P 2

∂t2
−
(
∇2 +

1

c2

∂2

∂t2

)
L (3.5)

where b [m2/s] is the sound diffusivity:

b =
1

ρ0

(
4

3
η + ηB

)
+
k

ρ0

(
1

cV
− 1

cP

)
(3.6)

which accounts for absorption due to viscosity and thermal conductivity in the medium.

This nonlinear propagation equation can be simplified by neglecting the last term,

because the effect is local and not cumulative, and for plane waves at the first order:

v =
P

ρ0c
⇒ L = 0 (3.7)

The relation then simplifies to an equation of nonlinear propagation up to second-

order aka the Westervelt equation (Westervelt, 1963):

∇2P − 1

c2

∂2P

∂t2
+

b

c4

∂3P

∂t3︸ ︷︷ ︸
absorption

+
β

ρ0c4

∂2P 2

∂t2︸ ︷︷ ︸
nonlinearity

= 0 (3.8)

The Westervelt equation accounts for the thermoviscous absorption and nonlin-

earity in the medium. A numerical solution to the generalised version of Westervelt

equation using the k-space pseudospectral method can be found from (Treeby and

Cox, 2010a,b; Treeby et al., 2012).

3.1.3 Khokhlov-Zabolotskaya-Kuznetsov equation

The Westervelt equation (3.8) describes the dominant effects affecting the propagat-

ing ultrasound wave, but it is computationally intensive to solve. Therefore, more

efficient models are needed which not only describe the absorption, diffraction and

nonlinearity but also are numerically easy to solve. In seeking a quasi-planar solution

for a wave propagation in the z-direction of a Cartesian coordinate system, a parabolic

approximation can be made. The parabolic approximation assumes that ultrasound

field is directional and that most of its energy is contained within the ultrasound beam

axis (within ∼20◦ from the transducer face). Kuznetsov (1971) extended the work of

Zabolotskaya and Khokhlov (1969) by adding a viscous loss term and expressing the

parabolic wave propagation in z-direction using retarded time:

τr = t− z

c
(3.9)
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If the z-axis is the parallel to the sound propagation and xy-plane is perpendicular

to that, the Khokhlov-Zabolotskaya-Kuznetsov (KZK) equation can be expressed as:

∂2P

∂z∂τr

=
c

2
∇2
⊥P︸ ︷︷ ︸

diffraction

+
b

2c3

∂3P

∂τ 3
r︸ ︷︷ ︸

absorption

+
β

2ρ0c3

∂2P 2

∂τ 2
r︸ ︷︷ ︸

nonlinearity

(3.10)

where

∇2
⊥ =

∂2

∂x2
+

∂2

∂y2
(3.11)

is a transverse Laplacian which operates in a plane normal to the direction of propa-

gation.

The KZK equation accounts for the combined effect of diffraction, absorption

and nonlinearity of directional waves. The advantage of the KZK equation is that

can be efficiently solved either in the time domain or the frequency domain. This is

especially useful aspect in HIFU, where numerous nonlinear harmonics are generated.

These harmonics can be easily taken into account in the frequency domain solution.

Frequency domain solutions can also take into account the dispersion in sound speed

and frequency dependence of absorption in tissue. The limitation of the KZK equation

is that it is not accurate for solutions outside the beam axis or close to the transducer

face. However, this is usually not a limitation in focused ultrasound applications

which use directional beams with long focal distances. Numerical methods for solving

the KZK equation can be found from (Hamilton et al., 1998).

3.2 Thermal equations

In HIFU therapy, rapid temperature rises are created in order to cause tissue damage

in the therapeutic area. The magnitude of the temperature rise is dependent on the

shape and intensity of the ultrasound field as well as tissue properties including ther-

mal conductivity, specific heat capacity and perfusion. Furthermore, the response of

the tissue is not only dependent on the temperature rise alone but also on the heating

duration. The relationship between temperature rise and heating duration (aka the

thermal dose) should also be considered in order to determine the therapeutic out-

come of the treatment. Therefore, comprehensive models for temperature generation

and transfer in tissue as well as quantification of thermal damage are necessary to

accurately predict the result of the treatment. This section summarises the relevant

thermal equations for HIFU therapy and introduces numerical methods to solve them.
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3.2.1 Bioheat transfer equation

The bioheat transfer (BHT) equation is the standard model for studying temperature

changes in biological systems such as the human body. In HIFU therapy, it is useful

in describing the changes in temperature during thermal ablation due to heat sources

and tissue properties such as conductivity, heat capacity and perfusion. The BHT

equation can be written as (Pennes, 1948; Curra et al., 2000):

ρtcP t
∂Tt

∂t
= kt∇2Tt︸ ︷︷ ︸

conduction

−wtcPb(Tt − Tb)︸ ︷︷ ︸
perfusion

+ H︸︷︷︸
heating

(3.12)

where w [kg/m3/s] is the perfusion rate, H [W/m3] is the heating rate and the sub-

scripts ‘t’ and ‘b’ refer to tissue and blood, respectively. The temperature of the

blood is usually defined as the body temperature (Tb = 37 ◦C). A numerical solution

to the heat equation can be found from Appendix A.

The intensity of the ultrasound field at a location x [m] can be expressed as:

I(x) = I0 exp(−2αx) (3.13)

where I0 [W/m2] is the initial intensity value at x = 0. The heating rate per unit

volume can be obtained by differentiating this equation:

H = −dI(x)

dx
= 2αI(x) (3.14)

If it is assumed that scattering can be ignored and that all the absorbed energy is

converted into heat, the expression for the heat rate due to acoustic intensity can be

expressed as (Cobbold, 2006):

H = 2αabs(f)ITA (3.15)

where αabs(f) [dB/m] is the frequency dependent absorption. Because the ultrasound

fields in HIFU are typically nonlinear, the heating rate can calculated using the

harmonic components of the ultrasound field according to the equation (Curra et al.,

2000):

H =
1

ctρt

∑
h

αabs(hf0)|Ph|2 (3.16)

where h is the index of harmonic component (h = 1 for the fundamental), f0 [Hz]

is the sonication frequency and Ph [Pa] is the pressure amplitude of the harmonic

component h.
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3.2.2 Thermal dose

The thermal dose is used to quantify the relationship between therapy efficiency (i.e.,

the cell death) and temperature as a function of time. The concept of thermal dose

was defined by Sapareto and Dewey (1984), who studied the cell death at tempera-

tures ranging 41.5-46.5 ◦C. Based on the findings they derived the expression of the

equivalent heating duration at 43 ◦C to obtain the same amount of cell death. This

equivalent duration is called thermal dose, and it is defined as cumulative equivalent

minutes at 43 ◦C (Sapareto and Dewey, 1984):

CEM43◦C(t) =

∫ tend

0

R43−T (t)dt, R =

{
0.25, T < 43 ◦C

0.5, T ≥ 43 ◦C
(3.17)

where tend [s] is the heating duration over which the thermal dose is calculated and

R is an empirical constant depending on the temperature. The equation can be

discretised as (Sapin-de Brosses et al., 2011):

CEM43◦C(t) =
∑
i

R43−T (i)(ti − ti−1) (3.18)

where i is the iteration step, T (i) = Ti+Ti−1

2
[◦C] is the average of the temperatures

between the time steps ti−1 and ti [s].

Generally, the thermal dose of 240 CEM43◦C is accepted as the threshold value for

cell death due to thermal necrosis, but this has been shown to depend on tissue type

(Yarmolenko et al., 2011). Furthermore, changes in tissue elasticity due to thermal

ablation has been shown to occur around 202 CEM43◦C (Sapin-de Brosses et al., 2011),

which in ultrasound elastography can be used as an indicator of thermal necrosis (Wall

et al., 1999; Wright and Humphrey, 2002).

3.3 Linear viscoelastic equations

Due to the changes in temperature during HIFU therapy, the viscoelastic properties of

tissue also change. This is because the viscoleastic properties of a material are defined

mainly by the molecular composition and their short-range interactions (Roylance,

2001). Therefore, the main factor driving the change in tissue viscoelastic properties

are the structural modifications of collagen at temperatures above 60 ◦C (Wall et al.,

1999; Wright and Humphrey, 2002). Ultrasound elastography can be used to quantify

these changes by generating ARF in tissue and monitoring the response.
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The elastic behaviour of tissue subject to small amplitude ARF can be predicted

using different linear viscoelastic models, which are comprised of various combina-

tions of purely elastic components (Hookean springs) and purely viscous components

(Newtonian dampers). The behaviour of a Hookean spring can be described by:

ε =
σ

E
(3.19)

where the strain follows the stress with a linear dependence defined by the stiffness.

The behaviour of a Newtonian damper can be modelled by:

dε

dt
=
σ

η
(3.20)

where the strain rate follows the stress with a linear dependence defined by the

viscosity. Another useful parameter is the ratio of viscosity to stiffness:

τ =
η

E
(3.21)

where τ [s] is the relaxation time. The models presented in this section are linear,

and although biological tissues are generally nonlinear (Fung, 1993), the small dis-

placements induced by ARF are typically considered to be in the linear region (Zhai

et al., 2008).

3.3.1 Maxwell model

The Maxwell model is a linear viscoelastic model which consists of a damper and a

spring connected in series (see Figure 3.1). In the case of the Maxwell model, the

total stress applied to the system is the same for both the spring and the damper due

to series connection:

σ = σd = σs (3.22)

Figure 3.1: The Maxwell viscoelastic model consists of a purely viscous damper η and
a purely elastic spring E connected in series. (Wikimedia Commons, 2016)
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where the subscripts ‘d’ and ‘s’ refer to the damper and spring, respectively. However,

the total strain of the system is the sum of the strains of both components:

ε = εd + εs (3.23)

Now if the behaviour of the whole system is wanted to be expressed using a single

equation, it is convenient to differentiate the strain equation (3.19) and write both

strain rates in terms of the total stress:

dε

dt
=
dεd
dt

+
dεs
dt

=
σ

η
+

1

E

dσ

dt
⇐⇒ E

dε

dt
=

1

τ
σ +

dσ

dt
(3.24)

This equation effectively describes the behaviour of a perfect ‘Maxwell material’ under

an applied stress. When the material is put under a constant stress, the strain in

the elastic component occurs immediately while the strain in the viscous component

grows linearly with time as long as the stress is applied. However, this behaviour is

usually the limitation of the Maxwell model since most polymers, such as proteins,

exhibit decreasing rather than linear strain under a constant stress (Roylance, 2001).

3.3.2 Kelvin-Voigt model

The Kelvin-Voigt model is a linear viscoelastic model which consists of a damper

and a spring connected in parallel (see Figure 3.2). Therefore, the total strain of the

system is equal to that of both components:

ε = εd = εs (3.25)

Because the damper and spring are connected in parallel, the total stress of the system

is the sum of the stresses experienced by the damper and the spring:

σ = σd + σs (3.26)

Figure 3.2: The Kelvin-Voigt viscoelastic model consists of a purely viscous damper
η and a purely elastic spring E connected in parallel. (Wikimedia Commons, 2016)
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which using the equations (3.19) and (3.20) can be expressed as:

σ = η
dε

dt
+ Eε ⇐⇒ σ

η
=
dε

dt
+

1

τ
ε (3.27)

This equation describes the behaviour of a perfect ‘Kelvin-Voigt material’. When the

material is put under a constant stress, the material deforms at a decreasing rate

approaching the asymptotic value of the steady-state. When the stress is released,

the material relaxes back to its original state. This behaviour is close to many or-

ganic polymers, and thus, Kelvin-Voigt model can be used to accurately predict their

response under a constant stress (Kiss et al., 2004). However, the limitation of the

model is that it is less accurate predicting the material behaviour under constant

strain in materials such as soft tissue, where the stress decreases with time (Hoyt

et al., 2008).

3.3.3 Zener model

The Zener model (aka the standard linear solid model) can be seen as a combination

of Maxwell and Kelvin-Voigt model. It consists of a damper and a spring in series,

both of which are also in parallel with another spring (see Figure 3.3). These two

parallel components can be referred as the ‘Maxwell arm’ for the spring and damper

combination and the ‘elastic arm’ for the spring alone. The total strain experienced

by the systems can be written in terms of these two arms by:

ε = εm = εe,

{
εm = εd + εs2
εe = εs1

(3.28)

Figure 3.3: The Zener viscoelastic model consists of a purely viscous damper η and
a purely elastic spring E2 in series, both of which are in parallel with another spring
E1. (Wikimedia Commons, 2016)
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where subscripts ‘m’ and ‘e’ refer to the Maxwell and elastic arms, respectively; and

‘s1’ and ‘s2’ refer to the two springs. The total stress experienced by the system is:

σ = σm + σe,

{
σm = σd = σs2

σe = σs1

(3.29)

The governing equation of the whole system is difficult to solve in time domain, since

equation (3.24) involves both the stress and its differential. Therefore, to solve the

governing equation to predict the behaviour of the system, the Laplace transform can

be used to convert the differential stress equation (3.29) to algebraic one:

L
(
σ(t)

)
= σ(s) = σm(s) + σe(s) (3.30)

where s is the complex Laplace variable. The corresponding Maxwell and elastic arms

in Laplace domain are as follows:

L
(
σm(t)

)
= σm(s) = E2

(
s

s+ 1
τ

)
ε(s) (3.31)

L
(
σe(t)

)
= σe(s) = E1ε(s) (3.32)

Now the total stress in Laplace domain can be written in terms of the stresses in the

Maxwell and elastic arms:

σ(s) =

[
E1 + E2

(
s

s+ 1
τ

)]
ε(s) (3.33)

The presentation in frequency domain can be obtained by substituting s=iω:

σ(ω) =

[
E1 + E2

(
iω

iω + 1
τ

)]
ε(ω) (3.34)

In time domain, the presentation can be derived by defining the strain with a step

function:

ε(t) = ε0u(t), u(t) =

{
0, t < 0

1, t ≥ 0
(3.35)

which has the Laplace transform:

ε(s) =
ε0
s

(3.36)

and taking the inverse Laplace transform of equation (3.33) yields the presentation

in time domain:

L−1
(
σ(s)

)
= σ(t) =

(
E1 + E2 exp(−t/τ)

)
ε0 (3.37)
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which can be presented in terms of the elastic modulus as:

σ(t)

ε0
= E(t) = E1 + E2 exp(−t/τ) (3.38)

This function presents the behaviour of a perfect ‘Zener material’ under a constant

strain in time domain. The effective stiffness of the material E is now a time-

dependent parameter. At t = 0 there is an instantaneous stress response and the

stiffness of the material E is therefore the sum of the moduli E1 and E2. At infinite

time t = ∞ the stress relaxes to a steady state value, and therefore, the stiffness is

equal to that of the elastic band alone E1.

Similarly, equation (3.33) can be presented in terms of constant stress loading by

defining:

σ(t) = σ0u(t), u(t) =

{
0, t < 0

1, t ≥ 0
(3.39)

which has the Laplace transform:

σ(s) =
σ0

s
(3.40)

Substituting the Laplace transform into equation (3.33) and taking the inverse Laplace

transform yields:

L−1
(
ε(s)

)
= ε(t) =

[
1

E1 + E2

+

(
1

E1

− 1

E1 + E2

)(
1− exp(−t/τc)

)]
σ0 (3.41)

where Cg = 1
E1+E2

[1/Pa] and Cr = 1
E1

[1/Pa] are referred to the glassy and rubbery

compliances, respectively, and τc [s] is the retardation time:

τc =

(
E1 + E2

E1

)
τ =

Cr

Cg

τ (3.42)

Equation (3.41) can now be presented in terms of compliance modulus C [1/Pa] as:

ε(t)

σ0

= C(t) = Cg + (Cr − Cg)
(
1− exp(−t/τc)

)
(3.43)

This function presents the behaviour of a perfect ‘Zener material’ under a constant

stress in time domain. Zener model is the simplest model which can be used to

predict material behaviour under both a constant stress or strain. It can therefore be

used for a wider set of materials than the simpler Maxwell and Kelvin-Voigt models.

The three-parameter Zener model has been shown to be the most accurate model in

predicting viscoelastic response in liver and brain tissues (Klatt et al., 2007).
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Chapter 4

Harmonic displacements

The work reported in this chapter1 is motivated by a desire to better quantify the

ARF induced displacements in a viscoelastic material. The deformation caused by

ARF can be described with equations (1.1) and (1.2) from Chapter 1:

FV =
2αabsITA

c

ρ
∂2ui
∂t2

=
∂σij
∂xj

+ FV i

The magnitude of this deformation is generally tracked using ultrasound based meth-

ods, which use time-delays to estimate the dynamic response of tissue using pulse-echo

data (Pinton et al., 2006). Although these ultrasound methods can track the displace-

ment at a sub-micrometre scale in the axial direction, they have several limitations.

First, the displacement estimation accuracy in the lateral direction is significantly

lower compared to the axial direction. While it is possible to derive lateral displace-

ment estimate on the basis of axial strain, it has been shown that the variance of

the lateral displacement estimate is 40×(F-number)2 worse than that of the axial

direction (Lubinski et al., 1996). Second, real-time tracking of displacements is lim-

ited by the interference from the ARF pulse. This is because the echo signal from

the excitation pulse has to be sufficiently attenuated before acquiring the pulse-echo

tracking data, which prevents estimating tissue deformation during the excitation

phase. Third, the depth of the region-of-interest (ROI) creates physical limitations

for the temporal resolution due to the sound speed in tissue (∼1540 m/s). For exam-

ple, in theory a point located at a focal depth of 7.7 cm in tissue would only allow

temporal resolution of 10 kHz, which is within the limit for short duration ARFI

pulses. In reality, however, the temporal resolution would be even lower due to the

1The contents of this chapter have been published in Suomi et al. (2015).
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interfering echo signals, which would have to be attenuated before starting the next

pulse-echo acquisition. Furthermore, ultrasonically derived displacement estimates in

solid media are also affected from the so-called shearing artefact (McAleavey et al.,

2003), which is caused by the averaging of individual scatterer amplitudes in displace-

ment calculation. This has been shown to lead to underestimation (up to 35%) of

tissue peak displacement at the focal point (Czernuszewicz et al., 2013). Although

ultrasound based tracking methods can be easily implemented in a clinical setting by

using the same transducer for pushing and tracking the displacement, the limitations

mentioned do not favour their usage in accurate characterisation of tissue dynamics.

Bouchard et al. (2009b) were the first to demonstrate the feasibility of optical

tracking method utilising a high-speed camera to measure the dynamics of tissue de-

formation under ARF excitations. They used a phantom with embedded steel markers

and tracked the displacement of these markers under both impulsive and harmonic

excitations. The impulsive excitations were conducted using pulse lengths from 0.5 to

50.0 ms and the harmonic excitations using 50-300 Hz amplitude modulation. This

tracking data was then compared to tracking data acquired using conventional ultra-

sound based tracking method. They found the mean peak displacements differ from

2.8 to 30.7% for impulsive pulses and from −4.3 to 25.3% for harmonic excitations

between the two tracking methods. Bouchard et al. (2009a) also did another study,

where they used the same tracking technique to characterise the deformation dynam-

ics in a tissue-mimicking phantom. They used short duration impulsive pulses (0.1-0.4

ms) and tracked the induced displacements in both axial and lateral direction with

frame rates up to 36 kHz. The displacements were tracked using several individual

markers located on- and off-axis, and the results were compared to FEM models.

Later, Czernuszewicz et al. (2013) used the same optical tracking method to exper-

imentally validate the displacement underestimation in ultrasound based techniques

(McAleavey et al., 2003). For ultrasound excitation and tracking they used a clinical

ultrasound scanner with linear ultrasound probe. The probe was used with F-numbers

1.5 and 3.0 to excite tissue-mimicking phantoms whose Young’s moduli were 6.6, 19.8

and 30.2 kPa. They found the displacement underestimation to decrease with higher

F-number due to larger cross-sectional area which the force is affecting. Similarly,

stiffer phantoms exhibited smaller underestimation error due to faster shear wave

spreading, which makes the scatterer movement at the focal point more uniform.

Therefore, the maximum underestimation error (35%) was found using the F-number

1.5 and the softest phantom. These experimental results were in good agreement with

the FEM simulations by Palmeri et al. (2006).
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Several studies have characterised mechanical tissue response to impulsive ul-

trasound excitation using optical (Callé et al., 2005; Bouchard et al., 2009a,b; Cz-

ernuszewicz et al., 2013) and ultrasound tracking methods (Palmeri et al., 2005;

Wang et al., 2014), but there has been little focus on the tissue dynamics under

harmonic excitations. Konofagou and Hynynen (2003) demonstrated the feasibility

of HMI with simulations and experimentally by using ultrasound tracking in tissue-

mimicking phantoms. In the experimental part, they used three different transducer

configurations with ultrasound modulation frequencies ranging from 200 to 800 Hz

and four agar phantoms with Young’s modulus between 7.1 and 94.6 kPa. The effect

of stiffness on the harmonic displacement amplitude was determined and the results

were compared to simulations. The experimental results showed the oscillation dis-

placements to vary from −300 to 250 µm whilst in the simulations the estimated

harmonic displacement spanned from −800 to 600 µm. An exponential decrease of

the harmonic displacement amplitude with the phantom stiffness was observed both

in simulations and experimentally. Later, Konofagou et al. (2012) established the

correlation between ultrasonically measured harmonic displacement amplitudes and

Young’s moduli of tissue-mimicking gel phantoms. They also showed the harmonic

displacement amplitude to decrease with increasing Young’s modulus of the phantom.

Apart from the effect of tissue stiffness on harmonic displacement amplitude,

some research has been done about the effect of modulation frequency on oscilla-

tion magnitude. Due to the viscoelastic properties of soft tissues, Liu and Ebbini

(2007) used ultrasound amplitude modulation for viscoelastic characterisation of tis-

sue properties. They studied the changes in harmonic displacement amplitudes using

modulation frequencies from 200 to 1300 Hz in two different phantoms. It was shown

that the relative displacement amplitude is dependent on the frequency response of

the target material, which can be related to the corresponding stiffness. In addition

to displacement amplitude, the relative phase of the displacement was also shown to

vary with modulation frequency. Furthermore, some studies have also used animal

tissue to study the frequency dependence of displacements. Curiel et al. (2009) used

HMI to monitor HIFU ablation in rabbit muscle and measured the average normalised

harmonic displacement amplitudes as a function of modulation frequency. They used

modulation frequencies from 50 to 300 Hz and found the displacement amplitude to

decrease with modulation frequency within this range. A similar relation was also

observed in simulations performed later by Heikkila et al. (2010).

Previous studies have examined the effect of tissue stiffness and modulation fre-

quency on displacement amplitudes, but several aspects are still to be studied: (i)
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the dynamics of harmonic excitation pulses using square modulation have not been

extensively compared to those of sine modulation, (ii) frequency spectrum analysis

has not been conducted to characterise the harmonic frequencies and spectral compo-

nents of displacement curves and (iii) the absolute harmonic displacement amplitudes

and phase shifts have not been analysed in terms of both quantified ARF and mod-

ulation frequency. Furthermore, ultrasonic tracking methods have mainly been used

previously, which has been shown to suffer from limitations in spatial accuracy, tem-

poral resolution and ultrasound excitation interference. Accurate characterisation of

tissue deformation under amplitude-modulated (AM) ultrasound waveforms would

benefit the development of HMI, electromagnetic acoustic (EMA) imaging (Zhang

et al., 2013) and other imaging modalities, which rely on ultrasound pushing the tis-

sue periodically. The characterisation sine and square AM in the frequency domain

is especially important in EMA imaging, which relies on detecting the fundamental

frequency of the vibration.

This chapter focuses on characterising tissue dynamics under square and sine AM

ultrasound waveforms. The axial displacement curves generated in a tissue-mimicking

phantom are analysed both in the time and frequency domain. The time domain

characterisation includes quantifying the absolute peak-to-peak displacements of the

harmonic displacement curves by varying the intensity and modulation frequency of

the ultrasound field. Furthermore, displacement curves are compared to simulated

ARF waveforms to determine the phase shifts of the displacement curves. In the

frequency domain, individual frequency components of the displacement curves are

identified, and square and sine AM displacement curves are examined to quantify the

magnitudes of first, second and third harmonic frequencies. Finally, the experimental

results are compared to a FEM model using simulated nonlinear ultrasound fields.

4.1 Materials and methods

4.1.1 Tissue-mimicking phantom

Paraffin gel-wax was used to construct an optically clear tissue-mimicking phantom.

Paraffin gel-waxes are transparent compounds of mineral oil and polymer resin, where

the ratio of these two elements is typically 95% mineral oil and 5% polymer resin

(Heilman and Morrison, 2002). Gel-waxes are commonly used in candle-making in-

dustry due to their burning properties, but their usage has also been suggested as

soft tissue-mimicking materials for ultrasound-guided breast biopsy training (Vieira

et al., 2013).
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Table 4.1: Acoustic and mechanical properties of gel-wax phantom
Sound
speed

Attenuation
power law

Density
Young’s
modulus

Shear relaxation
modulus

Relaxation
time

1446 m/s 0.16 dB/cm/MHz1.67 0.84 g/cm3 7.8 kPa 4.8 kPa 0.35 ms

The acoustic and mechanical properties of the phantom are presented in Table

4.1. The acoustic properties were measured using standard methods (Ritchie et al.,

2013). Young’s modulus and the frequency response of the phantom material were

experimentally measured with multiple repetitions using dynamic mechanical anal-

ysis (DMA Q800, TA Instruments, New Castle, DE, US) from 0.1 to 50 Hz and an

amplitude of 15 µm. The shear relaxation modulus and relaxation time parameters

(viscosity) were fitted to the frequency response using least squares method (Kohandel

et al., 2005).

The tissue-mimicking phantom was constructed by melting 30 ml of gel-wax in a

glass container until its temperature reached 90 ◦C. After this, three drops of black

polystyrene microspheres (diameter 10.23 ± 0.344 µm, Polybead, Polysciences, Ep-

pelheim, Germany) were added to act as markers for optical tracking. The water

content of the drops was evaporated before adding the beads to the phantom. The

liquid compound was then poured into a 100 mm (lateral) × 20 mm (axial) × 15

mm (elevation) phantom holder and was left to cool down at room temperature 21

± 1 ◦C. The phantom holder was made of clear plastic for efficient light transmission

and had removable sides and a top part to allow ultrasound propagation through the

phantom in the axial direction.

4.1.2 Experimental setup and parameters

All the experiments were conducted using the setup shown in Figure 4.1. A spherically

focused single-element transducer (H-102, Sonic Concepts Inc, Bothell, WA, US)

was submersed into a water tank which was filled with degassed and distilled water.

The transducer had a geometric focal length of 62.6 mm, a 64.0 mm active element

diameter with a central hole of 20.0 mm resulting in F-number 0.98, and it was driven

at its 3.3 MHz resonance frequency.

To align the optical and ultrasound equipment, a needle hydrophone (HMP0075,

Precision Acoustics, Dorset, UK) was then attached to a three-axis micro-positioning

stage (M-443, Newport Corporation, Irvine, CA, US) and was used to find the focal

point of the transducer. The focal point of the ultrasound field was found by manually
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Figure 4.1: Schematic presentation of the experimental setup. The cone coming out
of the transducer face illustrates the ultrasound field.

scanning the hydrophone in axial, elevation and lateral directions until the peak-

positive pressure was maximal. The peak-positive pressure value of the ultrasound

waveform was determined in each direction using an oscilloscope (WaveRunner 64Xi-

A, Teledyne LeCroy, Spring Valley, NY, US), and the process was repeated until the

maximum values of all three axes were found. The needle hydrophone had a physical

tip diameter of 300 µm and an active element diameter of 75 µm, which were smaller

than the approximate −6 dB beam diameter (BD) of the transducer focal point in

water (Olympus, 2011):

BD−6 dB =
1.02lc

f0da

= 450 µm (4.1)

where l [m] is the geometrical focal length of the transducer and da [m] is the active

element diameter.

After the location of the transducer focal point was determined, the needle hy-

drophone was left in its position and a mirror system consisting of a 40× objective

(LUMPLFLN 40XW, Olympus Corporation, Essex, UK) was attached to another

three-axis micro-positioning stage (M-443, Newport Corporation, Irvine, CA, US).

The adjustment in the axial and lateral directions was done so that the tip of the

hydrophone needle was in the centre of the image and in the elevation direction the

visually sharpest position of the objective was determined. This was done to ensure

that the acoustic focal point of the transducer and the optical focal point of the

objective were coincident.

After the two focal points were aligned, the needle hydrophone was detached

from the positioning stage and the phantom holder with a tissue-mimicking phantom

66



was attached instead. The tissue-mimicking phantom was then positioned below the

lens system so that the upper surface of the phantom was flush with the end of the

objective, and that the ultrasound focal point was approximately in the middle of the

phantom in the lateral and axial directions. The objective had a working distance

of 3.3 mm, which was the limiting factor for the ultrasound focal point depth in the

elevation direction. Below the phantom, a 150-watt halogen cold light source (KL

1500 compact, Schott AG, Mainz, Germany) with an optical light guide (600 mm

1-branch gooseneck, Schott AG, Mainz, Germany) was placed so that the end of the

light source was facing the objective, and a gap of approximately 10 mm was left

between the phantom holder and the tip of the light source. The light guide was

made waterproof by using a heat shrink and a custom made clear plastic top part.

For data acquisition, a high-speed camera (Memrecam HX-3, NAC Image Technol-

ogy, Simi Valley, CA, US) was attached to the end of the optical mirror system. The

ultrasound transducer was driven using two arbitrary waveform generators (33250A,

Agilent Technologies, Santa Clara, CA, US) which were connected in sequence. The

first generator was used to create either a 10-cycle square AM waveform with 50%

duty cycle Vsquare [V] or a 10-cycle sine AM waveform as

Vsine =
1

2

(
1− cos(2πfAMt)

)
sin(2πf0t) (4.2)

where fAM [Hz] is the modulation frequency. An example of waveforms using sine and

square AM at 160 Hz are presented in Figure 4.2(a) and (b), respectively. The second

function generator was used to create the carrier wave at 3.3 MHz and to trigger the
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Figure 4.2: Three cycles of (a) sine and (b) square amplitude modulated ultrasound
signals at 160 Hz used in the experiments.

67



Table 4.2: Ultrasound parameters used in the experiments for square and sine mod-
ulated harmonic excitations.
Experiment no. 1 2 3 4 5 6 7 8 9 10 11

fAM (Hz) 50 160 1000
PPP (MPa) 4.62 7.39 10.73 4.62 7.39 10.73 13.32 4.62 7.39 10.73 13.32
PNP (MPa) −3.47 −4.83 −6.25 −3.47 −4.83 −6.25 −7.09 −3.47 −4.83 −6.25 −7.09

ISPTA (W/cm2) 534 1209 2038 534 1209 2038 3013 534 1209 2038 3013
MI 1.91 2.66 3.44 1.91 2.66 3.44 3.90 1.91 2.66 3.44 3.90

high-speed camera to start the data acquisition. The AM waveforms were amplified

by 55 dB with a RF-amplifier (A300, Electronics & Innovation, Rochester, NY, US)

and applied to the transducer via an impedance matching box.

The experimental ultrasound parameters measured in distilled/degassed water us-

ing a calibrated needle hydrophone (HNA-400, Onda Corporation, Sunnyvale, CA,

US) are presented in Table 4.2. The ultrasound propagation distance in the phantom

was short (1 cm) which resulted in negligible reduction of ultrasound pressure (−1.86

dB). The frequency response of the hydrophone was taken into account when calcu-

lating the ultrasound parameters (Howard and Zanelli, 2007). Spatial peak temporal

average intensity ISPTA [W/m2] values were calculated using the equation (Cobbold,

2006):

ISPTA =
1

tpc

∫ tpc

0

P (t)2

ρ0c
dt (4.3)

where tpc [s] is the duration of the pressure cycle with the highest peak value and

P (t) [Pa] is the corresponding time dependent pressure waveform. Mechanical index

(MI) values were calculated using the equation (Szabo, 2004):

MI =
PPN√
f0

(4.4)

where PPN [MPa] is the peak negative pressure of the ultrasound field.

4.1.3 Data acquisition

A total of 11 experiments were conducted for both square and sine AM waveforms

using the same protocol. Parameters that were altered are shown in Table 4.2. Each

excitation consisted of 10 periods based on the modulation frequency, i.e., 200 ms

at 50 Hz. Simultaneously, at the beginning of the ultrasound excitation, a trigger

signal was sent to the high-speed camera, which started capturing images through

the objective and the mirror system. The frame rate of the camera was set to 10

kHz for all the square modulated excitations, and frame rates of 1, 2 and 10 kHz

were used for 50, 160 and 1000 Hz sine modulated excitations, respectively. This
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Figure 4.3: Representative high-speed camera images captured (a) before and (b)
during ultrasound excitation. The focal point of the ultrasound field is in the middle
of the image.

was done to reduce the file size of the acquired image data whilst keeping the frame

rate at least 10 times higher than the modulation frequency. The shutter speed of

the camera was set to be the inverse of the frame rate. The trigger signal in the

camera software was adjusted so that it was in the middle of the image buffer, i.e.,

the same number of frames were captured before and after the ultrasound excitation.

Representative image frames recorded before and during ultrasound excitation are

shown in Figure 4.3. The field-of-view (FOV) of the objective was kept the same in

all the experiments so that the initial position of the microshpere was in the middle

of the image. All the measurements were conducted at room temperature 21 ± 1
◦C and the light source was turned off for approximately one minute between the

acquisitions to prevent unnecessary heat production in the water bath.

4.1.4 Data analysis

After each experiment, a sequence of images was captured in the camera buffer and

a set of images from 5 frames before the beginning of the ultrasound excitation to

100 frames after the end of the excitation were selected. These image sets were then

processed through an algorithm pipeline in Matlab R2013b (MathWorks Inc, Natick,

MA, US) to calculate axial deformation in time, average peak-to-peak displacements,

average phase shifts, frequency spectra and the magnitudes of harmonic frequencies.

The image data from all the experiments were analysed using the same method.
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The first image of each image set was selected as the reference image in which

the microsphere was at rest state. The horizontal location of the microsphere central

point in the image was manually selected and an intensity threshold value was used

to determine the edges of the sphere. By knowing the diameter of the microspheres

(10.23 µm), the corresponding pixel diameter in the image could be calculated. Each

of the images were captured with 1280 (axial) × 720 (lateral) resolution resulting

in a spatial resolution of 0.1 µm per pixel. After the resolution of the image set

was determined, each of the images in the sequence was compared to the reference

image using a 2-D cross-correlation algorithm. The maximum value of the cross-

correlation output in each image pair determined the axial and lateral displacement

of the microsphere, which was saved into a vector variable. Maximum correlation

values were typically over 0.8 throughout the whole image set. After all the images

in the sequence had been analysed, the displacement vectors were used to plot tissue

deformation in the time domain. The data analysis was done based on the axial

displacement curves, which are referred to as displacement curves from now on.

After obtaining the time domain displacement curves, the average peak-to-peak

displacement of each harmonic modulation was calculated. The original waveforms

exhibited a baseline drift, which was removed by high-pass filtering (see Figure 4.4).

High-pass filters with cut-off frequencies of 20, 50 and 250 Hz were used for 50, 160

Hz and 1000 Hz modulation frequencies, respectively. After the displacement curves

were filtered, the maximum and minimum displacement values of each cycle were

determined, and the average peak-to-peak value was calculated based on 8 cycles by

ignoring the first and the last cycle of the 10-cycle modulation curve.
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Figure 4.4: The effect of high-pass filtering on (a) displacement curve and (b) ampli-
tude spectrum when using 160 Hz sine modulation frequency. The data correspond
to the experiment no. 7 in Table 4.2.
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The average phase shifts between the displacement curves and the ARF were

also determined. This was done by determining the corresponding ARF which was

simulated using the mechanical properties of the tissue-mimicking phantom in Table

4.1 and the experimental ultrasound parameters in Table 4.2. The magnitude of

the phase shift was obtained by comparing the temporal locations of the maximum

peak values between the filtered displacement curves and ARF. In the case of square

modulation, the middle point of the ARF duty cycle was used as the reference point.

Similarly to peak-to-peak displacement, the phase shift in each case was calculated

as the mean of eight cycles by ignoring the first and the last cycle of the 10-cycle

modulation curve.

The frequency spectra of the displacement curves were calculated using fast Fourier

transform (FFT) and the components of the individual spectra were identified. Fur-

thermore, the magnitudes of first, second and third harmonic components were cal-

culated by using discrete Fourier transform (DFT) at each harmonic frequency for

displacement curves with different modulation frequencies. In this context the term

‘first harmonic’ is used to refer to the fundamental frequency, i.e., the ARF modula-

tion frequency.

4.1.5 Simulations

The experimental data were compared with the results from a FEM model (Comsol

Multiphysics 4.4, Comsol Inc, Burlington, MA, US). The FEM model was constructed

using a 2-D axisymmetric phantom with dimensions 32 mm (lateral) × 20 mm (axial)

with the symmetry axis along the axis of the transducer. A free triangular mesh

consisting of 478 domain elements and 58 boundary elements was utilised so that

the element size in the centre of the phantom, i.e., the focal point, was smaller (see

Figure 4.5(a)). A mesh convergence study was performed to determine the element

size. The outer surface of the cylinder phantom was constrained while the two surfaces

in the axial direction were unconstrained. This mimicked the real situation in the

experiments, where the phantom was attached to its holder from the both sides in

lateral direction. The phantom material was modelled as a linear, isotropic and

viscoelastic solid using the experimentally measured parameters in Table 4.1 and

Poisson’s ratio ν = 0.499. The standard linear solid model (Zener) was used for

viscoelasticity with the shear relaxation modulus G = 4.8 kPa and relaxation time τ

= 0.35 ms values listed in Table 4.1.

The simulations of the acoustic fields were conducted in Matlab R2013b (Math-

Works Inc, Natick, MA, US) using an open source HIFU simulator (Soneson, 2009).
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Figure 4.5: Presentation of (a) the computing mesh and (b) the focal area of simulated
ultrasound field (red rectangle) used in the FEM model. Darker gray colours represent
smaller elements in the mesh. The ultrasound field simulation corresponds to the
experiments no. 7 and 11 in Table 4.2.

The ultrasound field was calculated as spatial pressure distribution of a spherical

transducer by solving the axisymmetric KZK equation (Zabolotskaya and Khokhlov,

1969; Kuznetsov, 1971) in the frequency domain. The solution takes into account

beam diffraction, nonlinear effects, wave reflections at interfaces and frequency de-

pendence of absorption and phase speed dispersion in the medium. The pressure field

of the transducer was solved in the axisymmetric spatial domain of the phantom (i.e.,

half surface) using 1361 mesh points in the axial and 1696 mesh points in the lateral

directions (see Figure 4.5(b)). The frequency dependent attenuation of the phantom

was taken into account by using the experimentally measured parameters in Table 4.1

and for water typical values at room temperature were employed (Pinkerton, 1949;

Marczak, 1997). The pressure fields were solved with 128 harmonic frequency com-

ponents so that the intensity levels matched with the experimentally measured values

in Table 4.2. The corresponding ARF was then calculated using equation (1.1) from

1 for each mesh point taking into account the frequency dependent attenuation.

The simulated ARF mesh was modulated using normalised P 2
square or P 2

sine and

applied as point body loads to the spatial domain of the axisymmetric FEM model.

The dynamic response was monitored at the geometric focus of the transducer (62.6

mm). The position of the marker is slightly different from the actual focal point

maximum in the phantom (63.2 mm) due to refraction effects. However, this was the

case in the experiments as well, where the microsphere was placed in the geometric

focus by finding the peak pressure of the focal point in water. The simulated ARF

field was modulated using the same modulation frequencies and temporal resolutions

as in the experiments.
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4.2 Results

The analysis of the acquired displacement data has been divided into two sections:

the time and frequency domains. The time domain section includes graphs of time

domain displacement curves, average peak-to-peak displacements and phase shifts for

different modulation frequencies and ultrasound intensities. The frequency domain

section characterises the frequency spectra and the harmonic frequency components

of both sine and square AM displacement curves. In addition to the experimental

results, the simulated displacement data is presented and compared to the results in

its own section. The possible sources of error are discussed in the last section.

4.2.1 Displacement analysis in time domain

The measured displacements were recorded so that all ten modulation cycles were

captured. The first 10 ms of the obtained displacement curves with the same ul-

trasound intensity levels (i.e., the experiments no. 2, 5 and 9) are shown in Figure

4.6 for sine and square AM waveforms as well as the simulated ARF curves in the

focal point. All the ARF values shown in the figures are spatial peak values in the

phantom. The time axes are scaled so that the arrival of the ultrasound waveform to

the phantom (i.e., the onset of ARF) is at 0 ms in all figures.

0 2 4 6 8 10
0

5

10

15

Time (ms)

D
is

pl
ac

em
en

t (
µm

)

0 2 4 6 8 10
0

0.2

0.4

Time (ms)

A
R

F
 (

N
/c

m
3 )

 

 

1000 Hz
160 Hz
50 Hz

(a)

0 2 4 6 8 10
0

5

10

15

Time (ms)

D
is

pl
ac

em
en

t (
µm

)

0 2 4 6 8 10
0

0.2

0.4

Time (ms)

A
R

F
 (

N
/c

m
3 )

 

 

1000 Hz
160 Hz
50 Hz

(b)

Figure 4.6: Measured displacements for (a) sine and (b) square amplitude modulated
waveforms (top) and the corresponding simulated ARF in the time domain (below).
The level of ARF was kept the same and three modulation frequencies of 50, 160
and 100 Hz were used. The first 10 ms seconds are presented in all cases. The data
correspond to the experiments no. 2, 5 and 9 in Table 4.2.
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The finer details in the square AM displacement curves at 50 and 160 Hz are

due to the usage of higher frame rates when capturing the image data. Whilst sine

modulated data was captured with approximately 10 to 20-fold sampling frequencies

compared to modulation frequencies, a constant frame rate of 10 kHz was used for

all square AM data. This resulted in finer detail in square modulated displacements

at low modulation frequencies, but does not affect the results of the data analysis.

The mean value of ARF is positive with both square and sine AM, which causes

the overall upward trend of the displacement curves. This can be seen clearly in

Figures 4.6(a) and (b), where in the case of 1000 Hz excitation, it has an almost linear

slope within the 10 ms duration of the harmonic excitation. When lower modulation

frequencies and longer time windows are used, the displacement curve eventually

reaches its saturation point and starts to decrease again (recall Figure 4.4(a)).

The average peak-to-peak displacements as a function of ARF are presented in

Figures 4.7(a) and (b) for sine and square AM waveforms, respectively. In each graph

three curves are shown representing the three different modulation frequencies used

in the experiments. The peak-to-peak displacement amplitudes were calculated as

an average of eight cycles after filtering out the low frequency components in the

displacement data. The standard deviation within these eight cycles are also shown

in each case.

In Figure 4.7 it can be seen that the peak-to-peak displacement increases with

applied ARF. The increase appears linear up to a displacement magnitude of about 10
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Figure 4.7: Measured peak-to-peak displacements of (a) sine and (b) square ampli-
tude modulated waveforms as a function of simulated ARF. Four different ultrasound
intensity levels with 50, 160 and 1000 Hz modulation frequencies were used. The
magnitude of the displacement is calculated as the mean of eight cycles by ignoring
the first and the last cycle of the 10-cycle modulation waveform. The data are ex-
pressed as standard deviation of the eight cycles and corresponds to the experiments
no. 1-11 in Table 4.2.
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µm after which the slope decreases. The displacement is higher for lower modulation

frequency, which suggests that the medium is stiffer at higher frequencies. This also

means the nonlinear effects are more pronounced at low frequencies.

Another observation that can be made from Figure 4.7 is that sine modulated

displacement curves have generally lower peak-to-peak amplitude values compared

to those of square modulation. On average sine modulated displacement curves had

19.5% lower peak-to-peak amplitude values, while only in experiments no. 8 and 9

were the sine modulated values 6.7% and 2.1% higher compared to square modulation.

The minimum average peak-to-peak displacement observed in the results was 0.5 µm,

which was achieved using 1000 Hz modulation frequency and 0.13 N/cm3 ARF using

both sine and square modulation.

The viscoelastic behaviour of the phantom material can be seen in Figure 4.6(a),

where the sine modulated displacement curve lags behind the applied ARF. A similar

phase shift is also observable in the case of square modulation in Figure 4.6(b) when

comparing the maximum peak values of the displacement curves to end point of the

ARF excitation phase in each cycle.

Figure 4.8 shows the calculated phase shifts for sine and square modulated dis-

placement curves with respect to the applied ARF. Four different levels of ARF are

shown with three measurement points corresponding to the different modulation fre-

quencies. The negative angle value indicates the lag in the displacement curve with

respect to ARF. The phase shift values were calculated as an average of eight cycles
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Figure 4.8: Measured phase shifts relative to ARF for (a) sine and (b) square ampli-
tude modulated waveforms as a function of modulation frequency. Negative values
represent the lag in the displacement curve compared to the ARF. Four different ul-
trasound intensity levels with 50, 160 and 1000 Hz modulation frequencies were used.
The phase shift was dependent on frequency but not intensity. The data are expressed
as standard deviation of the eight cycles and corresponds to the experiments no. 1-11
in Table 4.2.
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by ignoring the first and last excitation cycle, and standard deviations are shown

within these cycles. It can be seen that the absolute phase shift becomes larger with

increasing modulation frequency, but stays approximately the same with different

levels of ARF. While the maximum phase shift for sine modulation is −175.5◦ at

1000 Hz modulation frequency, the square modulation only reaches −36.0◦.

4.2.2 Displacement analysis in frequency domain

A comparison of sine and square modulated displacement curves at 160 Hz modulation

frequency together with the simulated ARF are presented in Figure 4.9(a). The first

30 ms are presented in the time domain so that the ultrasound excitation is at the

beginning of the curves. Due to the shape of the sine modulated ARF waveform, the

resulting displacement curve has an initial offset of about 1.5 ms. Both displacement

curves reach their overall peak values at around 15 ms after which they start to

decrease again. This behaviour causes lower frequency components in the frequency

spectrum as seen in Figure 4.9(b). This low frequency vibration occurs at around

25 Hz and was observed in the all experiments. The large peak at low frequencies

close to 0 Hz (partly cut out of the graph) is caused by the static component in the

displacement curves, which causes the harmonic vibration to stay above the 0 µm

rest state through the duration of 10-cycle ARF excitation.
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Figure 4.9: A comparison of 160 Hz square and sine modulated displacement curves
(a) in the time domain (above) together with the corresponding simulated ARF cal-
culations (below) and (b) the frequency spectrum of the both displacement curves.
The first 30 ms are presented in the time domain, but the frequency spectrum was
calculated based on the full length of the displacement curves. The data correspond
to the experiment no. 5 in Table 4.2.
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The individual frequency components 1fAM, 2fAM and 3fAM of displacement

curves are presented in Figure 4.10 for 50, 160 and 1000 Hz modulation frequen-

cies used in the experiments no. 3, 6 and 10, respectively. Harmonic component

1fAM corresponds to the fundamental modulation frequency. The magnitude of the

fundamental component is larger for square modulated displacement curves in all

three modulation frequencies. On average, the magnitude of the square modulated

fundamental was 14.9% higher compared to sine modulation.

However, the situation changes when looking at the higher harmonic frequencies.

In Figure 4.9(b) it can be seen that the second harmonic component at 320 Hz has

almost completely vanished for square modulation, but is still visible in the case

of sine modulation. This can also be observed in Figure 4.10(b), where the second

harmonic component is at the noise level for square AM and significantly larger for

sine AM. The same also applies to the 50 Hz modulation frequency in Figure 4.10(a),

which shows no existence of a second harmonic frequency. Only in the case of 1000 Hz

modulation in Figure 4.10(c) there seems to be a larger second harmonic component

in the case of square modulation, but this is because the overall energy level at these

high frequencies is already so low that the spectral noise contributes to the magnitude

of these frequencies.

An opposite situation is observed in the case of 3fAM, which is evident for square

modulated displacement curves, but contains only a small amount of energy in the

case of sine modulation. The effect is most pronounced at 50 and 160 Hz, but at 1000

Hz the energy contribution to third harmonic frequencies is due to the noise.
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Figure 4.10: A comparison of the harmonic components of sine and square ampli-
tude modulated waveforms when using (a) 50, (b) 160 and (c) 1000 Hz modulation
frequency. The data correspond to the experiments no. 3, 6 and 10 in Table 4.2.
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4.2.3 Simulations

The simulated displacement curves together with the experimental data for 50, 160

and 1000 Hz sine AM are shown in Figures 4.11(a)-(c), respectively. All ten ARF

excitation cycles are shown for each modulation frequency, and the data are presented

in absolute displacement values so that a quantitative comparison of the FEM model

and the experiments can be carried out.

Figure 4.11(a) shows the simulated and measured displacement curves for 50 Hz

sine AM. The simulation captures the dynamics that were observed experimentally.

There is up to 5 µm discrepancy in the peak amplitude, but the simulation successfully

reproduces the deeper relaxations of the measured curves at 40, 80, 120 and 160 ms

which are associated with the low frequency baseline drift at around 25 Hz. Similarly,
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Figure 4.11: Simulated displacement curves compared with the experimental data
for (a) 50 Hz, (b) 160 Hz and (c) 1000 Hz sine amplitude modulation. The effect of
constrained vs. unconstrained boundary condition is shown in (d) together with the
experimental data. The data correspond to the experiments no. 3, 6, 10 and 7 in
Table 4.2, respectively.
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the baseline drift is clearly visible in Figure 4.11(b) which shows the data for 160 Hz

sine modulation. The experimental data shows higher peak values during the first

four cycles, but the low frequency baseline drift relaxes faster, and thus, ends up to

lower values at around 40 ms. In both cases, the peak-to-peak amplitudes of the

simulation data are slightly higher compared to the measured values.

Figure 4.11(c) shows the data for 1000 Hz sine AM. The peak-to-peak displacement

amplitudes of the simulation are similar to those of the experimental data, but the

overall peak value after ten ARF cycles is slightly lower. Furthermore, a small phase

shift of exists between the simulated and measured curves, whilst the peaks of the

simulated data occur earlier. This is due to a delay in response of the phantom at

the onset of ARF in the experiments, which causes 0.4 ms delay in the beginning of

the displacement curve. A similar small delay was also observed in the case of 50 and

160 Hz sine modulation, but the phase shift is not clearly visible due to the longer

period of the ARF cycles.

The effect of constrained boundary condition is demonstrated in Figure 4.11(d),

which shows the simulated constrained and unconstrained displacement curves to-

gether with the corresponding experimental data with 160 Hz sine modulation. The

unconstrained curve continues towards higher peak values whilst the constrained curve

starts decreasing after four ARF cycles similarly to the experimental data, which

causes the system to resonate at around 25 Hz.

Figure 4.12(a) shows the simulated displacement curves together with the corre-

sponding experimental data with three different ultrasound intensity levels using sine

AM at 1000 Hz. The simulated data achieves higher peak values at low intensity

levels, but falls behind when the intensity of the ultrasound field is increased. Fur-

thermore, the experimental data seems to grow slightly faster within ten ARF cycles,

whilst the growth of the simulated data is slower causing it to achieve lower peak

amplitude in the end. The delay at the onset of ARF is also visible in the experi-

mental data and is smaller when using higher intensity levels. For the three different

ultrasound intensities of 1209, 2038 and 3013 W/cm2, respective delays of 0.5, 0.4

and 0.3 ms are induced in the beginning of the displacement curve.

Figure 4.12(b) is shows a 2-D deformation of the phantom mesh during the first

ARF cycle using 1000 Hz sine modulation. The white arrows represent the direction

of the displacement at 0.5 and 1.0 ms during the ARF excitation cycle and the colour

map shows the normalised magnitude of the displacement. At 0.5 ms, the magnitude

of the ARF is the highest and the material in front of the focal point is moved towards

the ultrasound focal point both in axial and lateral directions. Simultaneously, due
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Figure 4.12: Simulated displacement curves for (a) three different intensity levels
with 1000 Hz sine amplitude modulation and (b) 2-D presentation of the phantom
deformation field during the first cycle of the excitation. The white arrows represent
the direction of deformation and the colour map shows the normalised magnitude of
the displacement. The data correspond to the experiments no. 9-11 in Table 4.2 in
(a) and the experiment no. 11 in (b).

to incompressibility, the material beyond the focal point is pushed away from the

focal point towards the edge of the phantom causing it to deform. After a full ARF

cycle at 1.0 ms, the material in the focal area has moved in the axial direction whilst

the front and rear edge of the phantom have slightly deformed. This deformation

causes the upward trend of the displacement curves and the static component in the

frequency spectrum.

4.2.4 Error estimation

The main sources of experimental error were due to the registration of the optical

and acoustic focal points and the alignment of the microsphere in the FOV of the

objective. The determination of the acoustic focal point in lateral and elevation

directions was possible within the diameter of the active element of the hydrophone

±75 µm, which was accurate compared to the full width at half maximum (FWHM)

of the transducer focal point. In the axial direction the accuracy was determined by

the step size of the positioning system ±1 µm.

The minimum distance between ultrasound focal point and the phantom edge was

3.3 mm which was due to the working distance of the objective. Bouchard et al.

(2009a) reported the effect of shear wave reflection on the displacement curves from
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the phantom edge using single excitation pulses. Similar phenomenon was observed

in the experiments reported here, when a single excitation pulse was used resulting

in a small peak of approximately 1 µm after the main excitation (less than 5% of the

main peak). However, when harmonic excitation pulses were used, the shear wave

reflection was not visible in the displacement curves. Furthermore, no differences in

the displacement curves were observed when comparing the simulations with finite

and infinite domains.

The first main source of error arose from the alignment of the transducer and

objective focal points. First of all, the physical tip diameter of the hydrophone was

300 µm, which was approximately four times larger than the FOV of the objective (80

µm). This affected the alignment accuracy in the lateral direction, because the tip of

the needle hydrophone could not completely fit in the lateral FOV of the objective.

Secondly, the alignment in the elevation direction was determined by finding the

visually sharpest point of the needle hydrophone tip. This could result in a maximum

alignment offset of ±110 µm, which is still within the FWHM of the acoustic focal

point. The alignment accuracy in the axial direction was approximately ±10 µm

based on the accuracy of which the tip of the hydrophone could be positioned in the

middle of the FOV.

The second source of error was a result of positioning the phantom in the optical

focal point of the objective. Although the magnification of the objective was con-

siderably higher than used in the earlier optical tracking studies (Bouchard et al.,

2009a,b; Czernuszewicz et al., 2013), positioning the microsphere in the elevation

direction could only be done by finding the visually sharpest point in the image.

However, taking into account the small size of the microsphere (10.23 µm), this error

is significantly smaller than what resulted from the registration of optical and acoustic

focal points.

The shift of the maximum ARF in axial direction due to refraction effects in the

phantom was estimated with nonlinear ultrasound simulations. The optical focal

point of the objective was set at the maximum peak-positive pressure. The peak-

positive pressure shift was found to be approximately 0.6 mm in axial direction away

from the transducer focus. However, the location of the peak-positive pressure is

slightly different from that of the peak intensity value and hence the maximum ARF.

In simulations, the peak intensity was found to occur 0.2 mm before the peak-positive

pressure, and therefore, combining these two effects result in 0.4 mm shift of the

maximum ARF from the optical focal point in axial direction. The total focal shift is

less than 9% of the FWHM pressure of the focal point along the same axis (4.5 mm).
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The analysis of the image data could also result in errors at a sub-micrometre scale.

The correlation coefficient value drops during the excitation phase, which affects the

registration accuracy of the two subsequent image frames. The correlation coefficient

values were typically high over 0.8, but in the case of high modulation frequencies,

the accuracy might drop slightly due to the exposure time of the high-speed camera

sensor. This error could be reduced using higher frame rates with a more powerful

light source.

The accuracy of the simulation model to mimic the dynamics of the experiments

is affected by several factors. The first source of simulation error comes from the

location of the ultrasound focal point with respect to the marker. As stated earlier,

the location of the microsphere in lateral and elevation directions is subject to a small

misalignment in the experiment, whereas in the simulation the marker is placed ex-

actly in the centre of the geometric focal point. The second source of error arises from

determining the mechanical parameters of the phantom material. Whilst attenuation,

density, speed of sound and Young’s modulus values could be accurately measured,

the choice of viscoelastic model and its parameters might not fully replicate the real

dynamics of the medium. For example, the choice of Poisson’s ratio has been shown to

have an effect on the axial displacement amplitude (Palmeri et al., 2005). Adjusting

material properties to improve agreement was not employed here.

The third source of error is related to the simulation of the nonlinear ultrasound

field. Although the intensity of the ultrasound field could be accurately matched

with the experimentally measured values, the size of the simulated focal point was

observed to be slightly smaller. Smaller focal point, and consequently smaller dis-

placement volume, has been shown to lead to shorter relaxation time of the material

(Czernuszewicz et al., 2013). Finally, the phantom geometry in the FEM model was

chosen to be axisymmetric cylinder due to the reduced computational time, which

does not affect the displacement estimation accuracy in micrometre scale, but could

have an effect if larger deformations are induced.
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4.3 Discussion

Characterisation of harmonic displacements using different levels of ARF, AM wave-

forms and modulation frequencies was conducted in a tissue-mimicking phantom. The

shapes of the harmonic displacement curves in the time domain correspond to the op-

tically measured harmonic excitations by Bouchard et al. (2009b). Although they did

not characterise the displacement amplitudes with respect to ARF, the magnitudes

of the peak-to-peak displacements at the modulation frequency of 100 Hz are of the

same order of magnitude at around 15 µm. Curiel et al. (2009) measured the average

harmonic displacement amplitudes in in vivo rabbit muscle. Given the parameters of

their experiments and assuming the mean sound speed in soft tissue (1540 m/s), the

levels of ARF varied between 0.14 and 0.29 N/cm3 resulting in average displacement

amplitudes of 19-43 µm using 75 Hz modulation frequency. However, the harmonic

amplitude measurements were performed during HIFU ablation, and hence, cannot

be related to a specific stiffness value of the tissue (Sapin-de Brosses et al., 2010;

Benech and Negreira, 2010). Furthermore, ARF is dependent on the attenuation of

the tissue, which changes considerably during ablation (Jackson et al., 2014).

One of the observations in the measurement results was that larger peak-to-peak

displacement amplitudes were achieved using square modulation: on average sine

modulated displacements curves had 19.5% lower peak-to-peak amplitude values com-

pared to square modulation. This is because the time average ARF of sine AM wave-

form within one cycle is 25% lower than that of square modulation, which results

in smaller energy deposition with time. Furthermore, the instantaneous rise of ARF

during the first half of the excitation cycle in square modulation causes greater dis-

placement amplitude at the beginning. During the second half ARF is completely

turned off, which results in a steeper slope of the displacement curve and consequently

lower values.

The average peak-to-peak displacements were found to increase with simulated

ARF. The dependence was approximately linear up to 10 µm after which the slope

decreased slightly. This is consistent with Zaitsev et al. (2004) who studied how differ-

ent acoustic output power affected the displacement amplitude in a silicone phantom

using 10 ms ultrasound bursts and found the dependence to be approximately linear.

However, this dependence is affected by the viscoelastic properties of the material

and the nonlinearity of the ultrasound field.

The dependence of the displacement amplitude on modulation frequency was ob-

served to be nonlinear. Similar results were also shown in experiments by Curiel et al.
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(2009) and later in simulations by Heikkila et al. (2010), who examined how different

modulation frequencies affect normalised harmonic displacement amplitudes. In both

studies, the harmonic displacement amplitude was found to decrease with modulation

frequency, whilst largest displacement amplitudes were achieved using low modulation

frequencies. Although this relation has been a decreasing power fit in the previous

cases, the shape of this nonlinear dependence is related to the frequency response of

the material (Liu and Ebbini, 2007).

Another property which was observed to change with modulation frequency was

the phase shift between the displacement curves and the applied ARF. For both

sine and square modulation, the absolute phase shift was shown to increase with the

modulation frequency. However, the magnitude of the phase shifts was not found to

vary with different levels of ARF when the modulation frequency was kept constant.

Similar phase shifts were also observed in experiments by Maleke et al. (2006), who

generated harmonic sine AM displacements in gelatin phantoms. They found the

magnitudes of the phase shifts to decrease with increasing phantom stiffness using

a constant modulation frequency of 50 Hz. Bouchard et al. (2009b) used optical

tracking method to measure the phase shifts in a gelatin phantom. They used sine

AM waveforms with modulation frequencies from 50 to 300 Hz and found the absolute

phase shifts to increase within this range.

The phase shifts occur due to the viscoelastic properties of the medium, and

therefore, are dependent on the phase response of the material (Liu and Ebbini,

2007; Vappou et al., 2009). If the material was completely elastic, it would behave

as a linear spring where all the deposited energy in the excitation phase would be

deposited in storage modulus and released in phase with the ARF. However, because

the tissue-mimicking phantom used in the experiments is viscoelastic material, part

of the energy is lost to viscosity. Therefore, when a periodic force is applied to a

material which is not perfectly elastic, the strain is not in phase with the force.

In all cases, a static offset of displacement was observed with time. The static

component of the displacement curve was also observed in the phantom experiments

conducted by Curiel and Hynynen (2011). They used 75 Hz modulation frequency

to transmit five cycles of harmonic ultrasound pulses to three different locations in a

phantom and rabbit thigh. The frequency spectrum analysis of the obtained displace-

ment curves showed a strong static component at 0 Hz, but the time window used

was not long enough to capture the baseline drift. The low frequency baseline drift

was observed in simulations by Konofagou and Hynynen (2003) and Heikkila et al.

(2010), who postulated them to be due to non-zero mean of the ARF. The non-zero
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mean could explain the existence of the static component, but in addition to the static

offset a low frequency oscillation at around 25 Hz was observed for long enough time

windows. This is more likely related to the resonant frequency of the medium and

its surroundings. This behaviour became evident in the simulation model, where the

constrained outer surface of the phantom caused a low frequency baseline drift to the

displacement curves. Therefore, the baseline drift in the experimental data is caused

by fixing the phantom to its holder from the both ends in the lateral direction.

The characterisation of harmonic frequencies showed differences between sine and

square modulated displacement curves. The magnitude of the fundamental compo-

nent 1fAM was found to be consistently greater for square modulation, which was a

direct result of larger average peak-to-peak displacement amplitudes. Another dif-

ference was found in the ratio between the components at 2fAM and 3fAM. Where

square modulated displacement curves had barely no energy at 2fAM, sine modulation

showed a detectable peak in the frequency spectrum. In contrast, the magnitude of

3fAM was noticeably larger for square modulation as opposed to sine modulation. The

explanation for the absence of a second harmonic component in the case of square

modulation is in the fundamental property of the Fourier expansion of a square wave,

which contains only components of odd-integer harmonic frequencies. In a theoretical

situation the magnitude of odd-integer harmonic frequencies would be zero, but in

real world situation some energy still remains.

The simulation model successfully replicated the dynamics of the experimental

data including some of the lower frequency oscillations. The small delays in the be-

ginning of the displacement curves using sine AM were due to the behaviour of ARF

according to equation (4.2) where ARF is modulated using normalised P 2
sine. This

causes the ARF to increase slowly in the beginning causing smaller slope. The overall

peak amplitudes of the simulations were up to 5 µm lower compared to the measured

values, whereas the peak-to-peak amplitudes showed slightly larger values. This is

most likely due to the chosen viscoelastic model and its parameters, which could not

completely mimic the relaxation process of the medium with different modulation

frequencies. For example, the peak-to-peak displacement amplitudes were higher in

the simulations at 160 Hz compared to the experimental data, whilst at 1000 Hz the

amplitudes were approximately the same, which suggest that the chosen parameters

were better suited for high frequencies. Therefore, a more generalised viscoelastic

model which takes into account multiple relaxation times, such as Maxwell-Wiechert

model, could be more precise in predicting the relaxation process of the medium when
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different modulation frequencies are used. However, this requires accurate determi-

nation of the parameters for the viscoelastic model, which was outside the scope of

this study.

4.4 Conclusions

No previous work on characterisation of displacement amplitudes and phase shifts

with respect to ARF has been reported. Although previous reports have shown

single pulse displacement amplitudes with respect to ultrasound field intensity, the

frequency dependent attenuation properties of tissue are significant when nonlinear

ultrasound fields are used. Here it is shown that measured displacements are in

quantitative agreement with simulated displacements when the tissue properties and

ultrasound fields are known. This is useful in diagnostic applications such as ARFI

imaging and HMI.

Comparison of square and sine amplitude modulation is useful in determining suit-

able modulation waveforms for diagnostic applications, such as HMI and EMA, at

the frequency appropriate for the given modality. The characterisation of frequency

components of different amplitude modulation waveforms is useful in diagnostic ap-

plications, such as EMA imaging, which rely on quantifying the frequency spectrum

components. The comparison of square and sine modulation frequency components

helps to define suitable waveforms to achieve maximum fundamental frequency com-

ponent with minimum harmonic frequency components.

Optical tracking of harmonic displacements in a tissue-mimicking phantoms was

successfully conducted. The square modulated ARF waveforms yielded higher average

peak-to-peak amplitude values when compared to sine modulation. Furthermore,

the displacement amplitudes showed increasing linear dependence on ARF up to

about 10 µm after which the slope decreased with both sine and square modulation.

Phase shifts between the ARF and AM displacement curves were also observed. The

magnitude of the phase shift was approximately independent of ARF but increased

with the modulation frequency in both cases.

In the frequency domain, energy was observed at the fundamental modulation

frequency, its harmonics and close to 0 Hz. The magnitude of the fundamental mod-

ulation frequency was consistently higher in the case of square modulation, whereas

the ratio between the second and third harmonic components differed as opposed to

sine modulation. The second harmonic was almost non-existent in the case of square

modulation, but energy was found in the third harmonic. An opposite situation was
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observed in the case of sine modulation, where a stronger second harmonic and a very

low energy third harmonic were detected. Lower frequency component occured due

to a net force in waveform and resonance in the setup.

An advance over other studies is that a quantitative comparison of simulated

and measured displacements was conducted. The simulation results were found to

follow the dynamics of the experimental data, but small differences were seen in

absolute peak and peak-to-peak displacement amplitudes. This was most likely due

to the chosen viscoelastic model, which was unable to account for multiple modulation

frequencies. A choice of more general viscoelastic model might be able to predict the

dynamics more accurately when different modulation frequencies are used.

These results show that FEM models can quantitatively capture ARF induced

displacements over a range of amplitudes and modulation frequencies. This provides

a numerical tool to determine ultrasound intensity levels, AM waveforms and mod-

ulation frequencies in diagnostic applications, which are based on generating and

tracking harmonic displacements in tissue.
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Chapter 5

Temperature dependence of
acoustic radiation force induced
displacements

The work reported in this chapter1 expands the study on ARF induced displacements

of the previous chapter by incorporating the temperature dependence of tissue prop-

erties. The temperature dependence of the deformation is affected by the changes in

the sound speed, attenuation and elasticity according to the equations (1.1) and (1.2)

from Chapter 1:

FV =
2αabsITA

c

ρ
∂2ui
∂t2

=
∂σij
∂xj

+ FV i

Therefore, extracting temperature from measured deformation is challenging. Ultra-

sound can be used to provide temperature information, but this has been found to

be accurate only at hyperthermic temperatures below 50 ◦C (Lewis et al., 2015).

One tissue property that has been shown to change significantly and irreversibly

after thermal ablation is tissue stiffness (Wu et al., 2001; Sapin-de Brosses et al.,

2010). The increase in stiffness has been shown to be reversible at temperatures

below 60 ◦C (Wu et al., 2001), and irreversible once temperatures exceed 60 ◦C due

to collagen denaturation (Wu et al., 2001; Lepetit et al., 2000). A detailed review

of temperature dependent tissue properties was given in Chapter 2. This suggests

that measurements of stiffness can be used to distinguish thermally ablated tissue

(Varghese et al., 2002, 2003).

1The contents of this chapter have been published in Suomi et al. (2016a). The experimental
HMI measurements in this chapter were carried out at Ultrasound Elasticity Imaging Laboratory at
Columbia University.
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As alluded to in Chapter 2, although the elastic moduli have been reported to

change with temperature, there is little data on the changes in the viscoelastic prop-

erties. In this chapter, the temperature dependence of viscoelastic properties in ex

vivo liver is experimentally measured and both conventional and fractional Zener

model parameters are fit to the data. Furthermore, HMI is used to monitor HIFU

thermal ablation in ex vivo liver to acquire real-time displacement data during abla-

tion. In the final part, ARFI displacements are modelled by viscoelastic FEM simula-

tions using the previously quantified temperature dependent acoustic and viscoelastic

parameters.

5.1 Materials and methods

5.1.1 Measurement of dynamic modulus

The temperature dependent dynamic modulus of liver was measured using DMA

(Q800, TA Instruments, New Castle, DE, USA) in a frequency range from 0.1 to 200

Hz. An oscillation amplitude of 15 µm and a static force of 0.05 N were used in every

measurement. A total of 5 samples were cut from freshly obtained (within 48 hours

of slaughter) bovine liver. Each sample was cut to a rectangle shape with a size of

approximately 20 mm × 20 mm × 10 mm and placed in a submersion sample holder

which was filled with 0.96%-wt. phosphate buffered saline solution (Sigma-Aldrich,

St Louis, MO, USA) so that the liquid level was flush with the sample. Neither

the saline solution nor the liver samples were degassed in the DMA measurements.

A thermocouple was placed in the saline solution so that the temperature of the

liver could be monitored in real-time throughout the measurement in the enclosed

measurement chamber of the DMA system. A compression clamp was used in all the

dynamic modulus measurements.

The dynamic modulus measurement was conducted by first performing a frequency

sweep from 0.1 to 200 Hz at room temperature 21 ± 1 ◦C. The temperature of the

chamber was then heated using the built-in heating system of the DMA to 35 ± 1
◦C and kept isothermal for 5 minutes to stabilise the temperature of the liver sample.

Once the temperature of the liver sample had stabilized, the frequency sweep was

performed again. This process was then repeated by increasing the temperature of

the sample by 15 ◦C steps until the final temperature of 80 ± 1 ◦C was reached. The

whole measurement process was repeated for 5 different liver samples from different

locations of the same liver.
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5.1.2 Fitting dynamic modulus to fractional Zener model

The conventional Zener model of viscoelasticity consists of an elastic (spring) and

viscous (damper) elements in series both of which are also parallel with another

elastic element (recall Figure 3.3 in Chapter 3). In the fractional Zener model, the

integer-order time variables of stress and strain are replaced with fractional order

variables, which allows for more complex responses to be modelled.

In the frequency domain, the dynamic modulus is defined by the equation:

M∗(ω) = MS(ω) + iML(ω) (5.1)

where MS [Pa] is the storage modulus, ML [Pa] is the loss modulus, ω [rad/s] is the

angular frequency and i is the imaginary unit. In the Zener model, the storage and

loss moduli are defined in terms of a relaxation time τ [s], the spring constant M0

[Pa] and the high-frequency limit of the storage modulus M∞ [Pa] by the equations

(Kohandel et al., 2005):

MS(ω) = M0
1 + (dM + 1) cos(αZπ/2)ωαZ

n + dMω
2αZ
n

1 + 2 cos(αZπ/2)ωαZ
n + ω2αZ

n

(5.2)

ML(ω) = M0
(dM − 1) sin(αZπ/2)ωαZ

n

1 + 2 cos(αZπ/2)ωαZ
n + ω2αZ

n

(5.3)

where dM = M∞/M0, ωn = ωτ [rad] is the normalised frequency, αZ = 1 for the

conventional Zener model and 0 ≤ αZ ≤ 1 for the fractional Zener model.

The Zener model’s spring constants E1 and E2 can be defined in terms of M0 and

M∞ by using the time domain presentation of elastic modulus (recall equation (3.38)

from Chapter 3):

M0 = E(t =∞) = E1 ⇐⇒ E1 = M0

M∞ = E(t = 0) = E1 + E2 ⇐⇒ E2 = M∞ −M0

Note that the high frequency limit of dynamic modulus M∞ is E(t = 0) in the time

domain presentation of elastic modulus due to the inverse relationship between time

and frequency.

Both conventional and fractional Zener models were used to derive temperature

dependent viscoelastic parameters from the experimentally measured dynamic mod-

ulus data. The magnitude of the modulus was then averaged over the five samples

resulting in one frequency dependent magnitude curve at each measurement temper-

ature. Both the conventional and fractional models were then fit to the measured

modulus amplitude using a nonlinear least squares method.
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5.1.3 Thermal ablation monitoring using harmonic motion
imaging

The HMI system shown in Figure 5.1 was used to acquire real-time displacement data

during thermal ablation in ex vivo canine liver. The HMI system was comprised of

a 4.755 MHz HIFU transducer (Riverside Research Institute, New York, NY, USA)

together with a 7.5 MHz circular single-element pulse-echo transducer (Olympus NDT

Inc., Waltham, MA, USA) in the middle. The HIFU transducer was used for ablation

as well as to generate ARF for tissue displacements, while the inner transducer was

used to simultaneously acquire pulse-echo data for displacement tracking. The HIFU

transducer had a focal length of 90 mm, an outer diameter of 80 mm and an inner

diameter of 16.5 mm (i.e., the diameter of the single-element transducer) and the two

transducer were axially aligned.

A function generator (33522A, Agilent Technologies Inc., Santa Clara, CA, USA)

was used to generate a 4.755 MHz signal amplitude-modulated at 50 Hz, which

was then amplified (3100L, E&I, Rochester, NY, USA) for the HIFU transducer.

The single-element transducer was operated by a pulser-receiver (5072PR, Olympus,

Waltham, MA, USA) with a pulse repetition frequency of 1000 Hz. The received echo

signals were transmitted through an analog band-pass filter (Reactel Inc., Gaithers-

burg, MD, USA), with cut-off frequencies fc1 = 5.84 MHz and fc2 = 8.66 MHz in

order to attenuate HIFU signals, and recorded for data analysis using a high-speed

digitiser (Gage Applied, Lockport, IL, USA) with a sampling frequency of 100 MHz.

Pulser/Receiver 

Band-pass filter 

Digitiser 

Amplifier 

Function generator 

Computer 

HIFU transducer 

Liver sample 

Thermometer 

Figure 5.1: Experimental set-up used to acquire displacement data during thermal
ablation using HMI. Thermocouple was placed in the liver sample to record temper-
ature data during sonications.
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During the experiments, the liver sample with a size of approximately 6 cm × 6

cm × 3 cm was placed in a degassed saline solution water bath in room temperature.

The temperature acquisition during HIFU thermal ablation was conducted using a

thermocouple placed in the middle of the liver sample. The focal point of the HIFU

transducer was aligned with the thermocouple by performing raster scans in both axial

and lateral planes. The HIFU transducer was moved using a step size of 0.2 mm and

at each location of the raster grid a short duration sonication (less than 2 seconds)

was performed. The temperature rise due to the short duration sonication was then

recorded using a thermometer (HH506RA, Omega Engineering Inc., Stamford, CT,

USA) and the raster scans were continued in both planes until the location of the

maximum temperature rise was found.

The experimental protocol consisted of multiple sonications in different locations

of the liver sample. After the location of the thermocouple was properly aligned with

the ultrasound focal point by raster scanning, a 60-second sonication with 7.5 MPa

peak-positive pressure was performed using 50 Hz amplitude-modulation. Simultane-

ously, the temperature in the focal point was recorded throughout the whole duration

of the sonication and both the displacement and temperature data were saved for data

analysis. Once the sonication had finished, the thermocouple was moved to another

location so that the lesion created by the previous sonication would not interfere and

the whole process was repeated. In post-processing, the acquired peak-to-peak dis-

placement data was normalised to 37 ◦C and averaged over 25 samples to suppress

the high-frequency noise in the data. A total of seven sonications were performed

of which four sets exhibited cavitation. This lead to unreliable estimate of the dis-

placement as the cross-correlation algorithm for the pulse-echo signals was not able

to perform. Therefore data on three sonications that did not exhibit detectable cav-

itation is reported here.

5.1.4 Thermal ablation simulation model using acoustic ra-
diation force impulse

The simulations for viscoelastic behaviour of liver during HIFU therapy were con-

ducted using ARFI rather than HMI. This was done in order to get rid off the shear

wave reflections from the lesion boundary, which would otherwise cause disturbances

in the displacement amplitudes. The pulse lengths used in ARFI were short enough

so that the shear wave reflections from the lesion boundary could be excluded from

the measurement window.
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The ARFI simulations were conducted in two parts for each temperature step.

First, acoustic simulations were conducted to solve the nonlinear ultrasound fields

in tissue, from which the temperature field was determined using the BHT equation

(3.12), and subsequently the size of the lesion. The development of lesion length and

diameter during HIFU therapy was estimated using 240 CEM43◦C thermal dose fields

from the equation (3.17), which was updated to the FEM model at each temperature

step. Once these values were obtained, the ultrasound intensity field was converted

into ARF field according to the equation (1.1) and the force field was then applied to

the viscoelastic domain in the FEM model and the tissue deformation was calculated.

This iteration was repeated at every temperature step from 35 to 70 ◦C at 5 ◦C

intervals by updating the attenuation, viscoelasticity and lesion size values at each

step. This allowed for the evolution of acoustic and viscoelastic parameters and lesion

size on tissue deformation to be determined.

The simulations of the acoustic fields were conducted in Matlab R2015b (Math-

Works Inc, Natick, MA, USA) using a modified version of a HIFU simulator (Soneson,

2009), which solves the axisymmetric KZK equation (Zabolotskaya and Khokhlov,

1969; Kuznetsov, 1971) in the frequency domain using 128 harmonics. The origi-

nal code was modified to handle multiple tissue layers so that the geometry of the

simulations corresponded to a real therapeutic situation, where the pathway from
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Figure 5.2: (a) 2-D axisymmetric acoustic simulation geometry together with the
simulated ultrasound intensity field thresholded at −30 dB. The different levels of
gray from black to light correspond to layers of water, skin, fat, muscle and liver
respectively. (b) 2-D axisymmetric computation mesh used in the FEM model in liver:
rectangular elements were used in the infinite element domains and free triangular
elements elsewhere.
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Table 5.1: Acoustic simulation parameters for different tissue types at 35 ◦C. (∗) The
attenuation of liver was updated at each temperature step according to the fourth
order polynomial dependence.

Density Sound speed Attenuation n B/A
(kg/m3) (m/s) (dB/MHzn/cm)

Water 1000 1482 0.00217 2.00 5.0
Skin 1090 1615 0.35 1.55 7.9
Fat 950 1478 0.48 1.20 10.0
Muscle 1050 1547 1.09 1.10 7.4
Liver∗ 1060 1584 0.35 1.00 7.2

transducer to liver goes through the layers of water, skin, fat and muscle. The acous-

tic simulation geometry is presented in Figure 5.2(a). Typical values for density,

sound speed, attenuation and B/A were used for each tissue type (see Table 5.1),

while the polynomial fit to the temperature dependent attenuation of the liver (see

Table 2.2 in Chapter 2) was updated at each temperature step. The ultrasound field

was calculated as spatial pressure distribution of a HIFU transducer (outer diameter

= 6.4 cm, inner diameter = 2.0 cm, focal length = 6.26 cm, frequency = 1.1 MHz).

The pressure field of the transducer was solved in the axisymmetric geometry (i.e.,

half domain) using 2019 grid points in the axial and 672 grid points in the lateral

directions. The corresponding ARF field was then calculated using the equation (1.1)

for each mesh point taking into account the frequency dependent attenuation and

applied as point body loads to the spatial domain of the axisymmetric FEM model.

The acoustic field calculation was then repeated at each temperature step.

A FEM model (Comsol Multiphysics 4.4, Comsol Inc, Burlington, MA, USA)

was used to simulate the ARF induced displacements. In the FEM model, a 2-D

axisymmetric geometry for the liver was used so that the symmetry axis was set

along the axis of the HIFU transducer (see Figures 5.2(b) and (c)). The liver had a

size of 42 mm (lateral) × 40 mm (axial) corresponding to the size of the liver in the

acoustic simulations (i.e., the calculated ARF field size). Furthermore, 5 mm infinite

element layers on the outer edges were used in order to minimise reflections from the

boundaries. The outer surface of the liver was constrained to reflect a situation where

the liver is in a fixed position within the body. The mechanical properties of the liver

were modelled as a linear, isotropic and viscoelastic solid using properties derived

from measurements and are defined later in the results section. A free triangular

mesh was utilised in the central area of the liver and a rectangular mesh in the

infinite element layers. Using triangular elements for nearly incompressible materials
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can lead to problems with ill-conditioning, which was overcome by utilizing mixed

formulation in Comsol. A convergence study was run before the actual simulations

to determine the proper element size for the computation mesh.

5.1.5 Simulation execution

The ARFI induced displacements were calculated for a 60-second sonication resulting

in a temperature range 35-70 ◦C with 5 ◦C intervals. At each discrete temperature

point during the sonication, both the viscoelastic Zener model parameters and the

attenuation of the liver and the lesion were updated to correspond to the measured

values. The attenuation power law coefficient of the liver was kept at a constant

value of 1.0, because no significant changes had been observed in the literature. The

liver tissue was then pushed using a rectangular 0.5 ms ARFI pulse and the dynamic

response was tracked at the geometric focus of the transducer. The displacement value

at 0.5 ms was recorded and the viscoelastic and attenuation parameters were set for

the next temperature iteration. It should be noted that the lesion did not appear

until 60 ◦C was achieved, and hence, only the attenuation changed up to this point.

At temperatures of 60 ◦C and above the viscoelastic parameters and attenuation were

adjusted within the lesion while the parameters of the surrounding liver tissue were

kept constant. For the lesion area, the viscoelastic properties varied linearly from

the peak temperature at the centre to the background values at the edge in order to

reduce shear wave reflections.

In the second simulation study, a Monte-Carlo style approach was conducted to

determine the effect of variation in tissue property changes. This was done by varying

the spring constant M∞ − M0 (i.e., the elastic branch in the Zener model) of the

liver between 5-155 kPa and the attenuation between 0.15-1.35 dB/cm which are the

typical ranges before and after thermal ablation found in the literature (recall Figure

2.6(a) and Figure 2.21(a) in Chapter 2). Varying the values of M0 and τ within

the range of their variance in the experimental data did not result in changes in the

displacement amplitude due to the overpowering effect of M∞. Therefore, the Zener

model viscoelastic branch parameters were kept constant at M0 = 8.0 Pa and τ = 0.5

s representing the average values of liver tissue in the experiments. In the simulation

model, the values were changed for the whole area of the liver phantom (i.e., no lesion

present), which is similar to the situation with one large or multiple lesions next to

each other. At each elastic modulus/attenuation coefficient combination the tissue

was pushed with a 0.5 ms long pulse and the displacement amplitude was recorded

at the geometric focus of the transducer.
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5.2 Results

5.2.1 Temperature dependence of viscoelastic properties in
liver

The magnitude of dynamic modulus measured in five ex vivo liver samples at 35 ◦C

is presented in Figure 5.3. For both conventional and fractional Zener models the

average magnitude of dynamic modulus were fit by using a nonlinear least squares

method. The frequency ranges for the fits were chosen to exclude the rapidly fluc-

tuating or increasing magnitude values which the models cannot capture. At high

frequencies (above 30-40 Hz), rapid fluctuations in the magnitude of dynamic modu-

lus were observed at all temperatures. This behaviour was also noted by Kiss et al.

(2004) who postulated them to be an electronic signal-to-noise ratio artefact in the

force measurement. It is likely that at high frequencies the DMA system cannot

distinguish between ambient system noise and the response due to the tissue.

The experimentally measured magnitude of the dynamic modulus averaged over

the five of samples is presented in Figure 5.4 over the frequency range 0.1-200 Hz

at temperatures from 21 to 80 ◦C. The corresponding phase values (i.e., tan δ) are

presented in Figure 5.5. The viscoelastic fitting parameters are shown in Table 5.2

for both models.

At 21 ◦C and 35 ◦C temperatures in Figure 5.4(a), the conventional Zener model

predicts the magnitude to increase from a initial value of 1.2-1.4 kPa up to approx-

imately 2.0 kPa for both temperatures. The high stiffness below 0.3 Hz at 21 ◦C is

most likely caused by low signal to noise ratio at these frequencies. The modulus is
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Figure 5.3: The magnitude of dynamic modulus measured in five ex vivo liver samples
at 35 ◦C.
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predicted to stabilise at frequencies above 10 Hz. The fractional model predicts the

magnitude to increase from a initial value of around 1.2 kPa to approximately 2.4

kPa at 200 Hz for both temperatures.

At 50 ◦C temperature in Figure 5.4(b), the conventional Zener model predicts

the magnitude to increase from a initial value of 5 kPa up to 15 kPa stabilising at

frequencies above 1 Hz. The fractional model follows the experimental data better at

higher frequencies reaching approximately 19 kPa at 200 Hz.

At 65 ◦C in Figure 5.4(c), the conventional Zener model starts from the initial

value around 40 kPa stabilising to approximately 100 kPa at frequencies above 1 Hz.

At 80 ◦C, the values increase from around 70 kPa up to 140 kPa. The fractional

model again follows the experimental data better reaching values of approximately

140 kPa and 200 kPa for 65 ◦C and 80 ◦C temperatures, respectively.

In general, the sum of squared errors (SSE) (see Table 5.2) of the fractional model

are two magnitudes lower compared to the conventional model for all temperatures.

This is because the fractional model better captures the continuous increase in the

magnitude and is not trying to stabilise the values at high frequencies.

Table 5.2: Conventional and fractional Zener model fitting parameters for thermally
ablated liver at different temperatures. The SSE is also shown in each case.

f (Hz) M∞ (kPa) M0 (Pa) τ (s) αZ SSE
Z 21 ◦C 0.6-31.6 2.1 1351.1 3.45E−02 1 0.008
Z 35 ◦C 0.1-17.8 2.0 1102.3 3.09E−01 1 0.044
Z 50 ◦C 0.1-31.6 15.0 8.0 4.62E−01 1 0.237
Z 65 ◦C 0.1-56.0 99.1 8.1 6.74E−01 1 0.349
Z 80 ◦C 0.1-100.0 138.0 8.1 9.32E−01 1 0.366
FZ 21 ◦C 0.6-31.6 3.0 855.2 1.23E−02 0.40 0.000
FZ 35 ◦C 0.1-17.8 2.5 8.0 7.52E−01 0.38 0.014
FZ 50 ◦C 0.1-31.6 20.2 8.1 2.24E−01 0.55 0.011
FZ 65 ◦C 0.1-56.0 171.2 8.1 9.99E−02 0.32 0.002
FZ 80 ◦C 0.1-100.0 335.5 8.1 5.20E−03 0.19 0.002

97



1.0
1.2
1.4
1.6
1.8
2.0
2.2
2.4
2.6
2.8
3.0

0.1 1 10 100

M
ag

ni
tu

de
 (k

P
a)

Frequency (Hz)

21 C
35 C
Z 21 C
Z 35 C
FZ 21 C
FZ 35 C

(a)

3

5

7

9

11

13

15

17

19

21

0.1 1 10 100
M

ag
ni

tu
de

 (k
P

a)
Frequency (Hz)

50 C
Z 50 C
FZ 50 C

(b)

30

50

70

90

110

130

150

170

190

210

0.1 1 10 100

M
ag

ni
tu

de
 (k

P
a)

Frequency (Hz)

65 C
80 C
Z 65 C
Z 80 C
FZ 65 C
FZ 80 C

(c)

Figure 5.4: The average (5 samples) magnitude of the compressional dynamic modulus
of ex vivo bovine liver samples during heating at temperatures of (a) 21 to 35 ◦C, (b)
50 ◦C and (c) 65 to 80 ◦C over the frequency range from 0.1 to 200 Hz. Conventional
and fractional Zener models of viscoelasticity were fit to the data.
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Figure 5.5: The average (5 samples) tan δ phase values of ex vivo bovine liver samples
during heating at temperatures of (a) 21 to 35 ◦C, (b) 50 ◦C and (c) 65 to 80 ◦C over
the frequency range from 0.1 to 200 Hz.
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5.2.2 Experimental displacements during thermal ablation

The HMI system and thermocouple were used to monitor the evolution of the ARF

induced displacements over 60-second sonications in ex vivo liver. Figure 5.6 shows

an example dataset of (a) recorded peak-to-peak displacement amplitudes and the

corresponding temperature values with time and (b) the two measurements combined.

The normalised (to 37 ◦C) and averaged peak-to-peak displacement data as a

function of temperature for three different sonications are presented in Figure 5.7.

The mean for the same data is also shown. For the first sonication, the peak-to-peak

amplitude decreases to a minimum value of 99% at approximately 45-50 ◦C after

which an increase to the peak value of 110% at around 70 ◦C is observed. After the

peak value, there is a relative slow decrease to 96% at the temperature of 84 ◦C.

Similar behaviour is observed in the case of the second sonication, where the peak-

to-peak displacement decreases to 99% at around 45 ◦C and the increases reaching

a peak value of 105% at approximately 60-65 ◦C. After the peak value, the curve

decreases to 65% at 84 ◦C. In the third sonication, the amplitude first decreases to

96% around 45 ◦C after which a peak value of 100% at 59 ◦C is reached. After the

peak, the minimum value of 65% at the temperature of 84 ◦C is measured.

It should be noted that the peak displacements occur at different temperatures in

different sonications. For example at around 70 ◦C the amplitude has risen approx-

imately to 110% in the first sonication whereas in the second and third sonications

the amplitudes have decreased to 95% and 85% respectively. This suggests that the
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Figure 5.6: (a) An example dataset of measured peak-to-peak displacement ampli-
tudes and the corresponding temperature data with time. (b) The two measurements
combined.
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Figure 5.7: Experimental HMI data showing the change in normalised (to 37 ◦C)
peak-to-peak displacement amplitude with temperature during three different 60-
second sonications in ex vivo canine liver.

time history of the displacements during HIFU therapy is an important indicator of

the state of the ablation as the decrease in amplitude does not occur at a constant

temperature. This effect can also been seen in the large deviation of the displacement

estimates after about 60 ◦C where the stiffness changes due to thermal ablation has

been shown to occur (Wu et al., 2001; Sapin-de Brosses et al., 2010).

5.2.3 Simulations of thermal ablation

The simulations of ARFI induced displacements during HIFU employed the tempera-

ture dependent models described in the simulation model section with the polynomial

constants for attenuation in Table 2.2 and the viscoelastic parameters in Table 5.3.

The Poisson’s ratio for both liver and lesion was set to 0.499.

The viscoelastic parameters for liver tissue were kept constant at all temperatures

while the parameters for lesion were changed at 60 ◦C and above when the lesion

Table 5.3: Temperature dependent viscoelastic parameters for background liver tissue
and lesion used in the FEM model.

Liver Lesion
T (◦C) 35-70 60 65 70
M0 (Pa) 1.1 8.1 8.1 8.1
M∞ −M0 (kPa) 0.9 34.7 52.6 79.6
τ (s) 0.309 0.626 0.699 0.772
Lesion length (mm) N/A 3.0 5.0 6.8
Lesion diameter (mm) N/A 0.6 1.2 1.7
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started to form. In addition to the average values presented in the tables, the atten-

uation and elastic modulus M∞ −M0 of the lesion were individually changed ±25%

to examine their effect on the displacements. The effect of temperature dependent

sound speed and attenuation power law coefficient were also studied by changing

the corresponding values in the lesion parameters by ±0.5% and ±25%, respectively.

However, no effect on the displacement was observed due to high stiffness of the lesion

at various temperatures, and hence, their temperature dependence was excluded from

the final simulations.

The simulated evolution of the normalised (to 35 ◦C) displacement amplitude

with temperature during HIFU therapy is presented in Figure 5.8. The average

displacement amplitude starts to decrease from the initial value of 100% at 35 ◦C down

to 95% at approximately 40-45 ◦C due to the changes in the polynomial attenuation of

liver. After the initial decrease, the amplitude starts to increase, due to the increase

in attenuation, peaking at 105% at 55 ◦C. At 60 ◦C, the amplitude rapidly decreases

down to 85% due to the lesion growth. Although the attenuation of the lesion is

still growing at this point, the effect is overshadowed by the large changes in lesion

stiffness. At higher temperatures, the lesion continues to grow in size and stiffness,

which brings the displacement amplitude down to 49% at the final temperature of

70 ◦C in the end of the sonication.

In addition to the average response, the displacement amplitudes are shown by

changing the attenuation and elastic modulus of the lesion by ±25%. Changing atten-
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Figure 5.8: Simulated data showing the change in normalised (to 35 ◦C) ARF displace-
ment amplitude with temperature during HIFU therapy in liver using the parameters
from Table 5.3. The values for attenuation and elastic modulus of the lesion were
changed ±25% to examine their effect with respect to the average response.
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uation by ±25% resulted in a negligible change in displacement amplitude (less than

0.1%). Changing elastic modulus of the lesion by ±25% resulted in a small change

in displacement for temperatures of 60 ◦C and above, but differences of approxi-

mately 2%-points were observed at 70 ◦C. This suggest that changes in attenuation

and displacement have very little effect on the displacement amplitude, and that

displacement is robust to these changes.

The growth of the lesion size with respect to the ARF field is shown in Figure 5.9.

At 55 ◦C (see Figure 5.9(a)), a lesion has not formed yet but the magnitude of the ARF

field has increased due to the increase in attenuation, which causes the displacement

amplitude to increase to 105% in Figure 5.8. At 60 ◦C (see Figure 5.9(b)), the lesion

has grown approximately the size of the ARF field, whose magnitude still keeps

increasing, however, the displacement decreases in Figure 5.8 due to the stronger

effect of stiffness growth compared to the attenuation. At 65 ◦C (see Figure 5.9(c)),

the size of the lesion has become larger than the ARF field and the displacement

in Figure 5.8 continues to decrease steeply as the increase in stiffness dominates the

response.

In the second part of the simulation study, a Monte-Carlo type approach was

undertaken to determine the effect of variations in changes in the attenuation and

elastic modulus M∞ − M0 over the range of values found in the literature. The

viscoelastic parameters were kept constant at M0 = 8.0 Pa and τ = 0.5 s. The values

for attenuation and elastic modulus were changed for the whole liver mimicking a

therapeutic situation where multiple lesions are created next to each other. The

FEM model was then used to predict the resulting ARFI induced displacement with

each combination of attenuation and elasticity.
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Figure 5.9: The evolution of the lesion size and the ARF field at (a) 55, (b) 60 and
(c) 65 ◦C, which can be related to changes in displacement in Figure 5.8.
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The isocontours at 5 µm intervals of the predicted displacement are shown in

Figure 5.10 as a function of attenuation and elasticity. The data show that if the

effective change in attenuation and elastic modulus is the same, the ablated and non-

ablated regions cannot be distinguished based on the amplitude of ARFI excitation.

For example, if tissue goes from the combination of 0.3 dB/cm/MHz and 20 kPa

to 0.6 dB/cm/MHz and 60 kPa, the displacement remains approximately at 5 µm.

Therefore, the typical regions before and after ablation based on the values found in

the literature are shown with blue (solid) and red (dashed) rectangles, respectively,

with average values are denoted by blue (cross) and red (circle) markers. The dis-

placement for the average values of unablated tissue was 9 µm which decreased by

30% to 6 µm when employing the average values for ablated tissue.
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Figure 5.10: Simulated data showing isocontours of displacement amplitude (µm)
when the attenuation and elastic modulus M∞ −M0 of the liver were varied. The
viscoelastic parameters were kept constant at M0 = 8.0 Pa and τ = 0.5 s. Blue
(solid) and red (dashed) rectangles are showing the range of literature values before
and after thermal ablation respectively. The blue (cross) and red (circle) markers
show the average literature values for both regions.
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5.3 Discussion

This study addressed the utility of ARF induced displacements as a means of monitor-

ing HIFU. Analysis of literature data indicated that changes in acoustic attenuation

and elasticity with temperature will dominate changes in the displacement. The

temperature dependence of the attenuation of liver reported in the literature was

modelled using a polynomial fit which was able to capture the initial decrease in the

attenuation and the subsequent rise (Damianou et al., 1997; Choi et al., 2011; Jackson

et al., 2014).

The viscoelastic properties have been reported to increase almost exponentially at

temperatures above about 50 ◦C (Sapin-de Brosses et al., 2010). DMA measurements

of bovine liver were carried out in order to determine changes to the viscoelastic

properties as a function of temperature. Both conventional and fractional Zener

model fits to the experimental data showed changes in the viscoelastic parameters with

temperature. The fractional model was found to fit the experimental data better with

up to two orders of magnitude lower SSE when compared to the conventional model,

which is consistent with Kiss et al. (2004) who found the fractional Kelvin-Voigt

model to predict the frequency response better when compared to the conventional

model. This is because the fractional model has a frequency dependence which better

reflects the characteristics of dynamic modulus in liver.

The motivation of this study was to investigate how these changes in acoustic and

viscoelastic tissue parameters affect the ARF induced displacements during HIFU

therapy. For this purpose, HMI was used to monitor thermal ablation with real-time

temperature data collected using an embedded thermocouple in ex vivo liver. The

temperature acquisition using this method has been shown to suffer from so-called

viscous heating artefact (Morris et al., 2008), which can potentially lead to an error in

the measured temperature value. However, this error has been shown to be significant

only during the initial few seconds of the sonication (Dasgupta et al., 2011), and with

the 60-second sonications employed here, the effect should be less than a few degrees

along the temperature axis.

During HIFU thermal ablation, the displacement amplitude was observed to de-

crease slightly with temperature up to 45-50 ◦C after which an increase to about 60-

70 ◦C was seen followed by a steep decrease due to thermal necrosis (Wall et al., 1999;

Wright and Humphrey, 2002). Similar observations were also reported by Heikkila

et al. (2010); Konofagou et al. (2012), who found the displacement amplitudes to

increase before thermal ablation. The initial slight decrease in the amplitude is not
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always reported, but has been found to occur in some cases (Konofagou et al., 2012).

The increase in displacement amplitude before necrosis could potentially be due to

tissue softening at low temperatures as observed by Wu et al. (2001) in ex vivo bovine

muscle, but this phenomenon has not been found in liver (Sapin-de Brosses et al.,

2010). Furthermore, the viscoelastic measurements conducted in this and other stud-

ies (Kiss et al., 2009) do not support this hypothesis. The slight decrease and following

increase in the displacement amplitude before thermal necrosis is therefore more likely

to be caused by the change in attenuation with temperature which exhibits a similar

trend (Damianou et al., 1997; Choi et al., 2011). The changes in viscoelasticity likely

do not have a significant effect until the lesion starts to grow, which will only occur

later in the sonication.

To better understand how these different tissue properties affect the ARF induced

displacements in liver, a linear viscoelastic FEM model together with nonlinear acous-

tic simulations were used. The simulation model took into account the temperature

dependent changes in attenuation, viscoelastic parameters and lesion growth. The

effect of temperature dependent sound speed and attenuation power law coefficient

on displacement amplitude were found to be minimal, and thus, they were left out

from the simulation model. Furthermore, the effect of thermal lensing (Connor and

Hynynen, 2002) was not taken into account which could potentially shift the focal

point of the ultrasound field with temperature. The magnitude of focal shift due to

thermal lensing is related to the ultrasound frequency and F-number of the transducer

which, for the configuration used here, should result in a few millimetre axial shift

of the ultrasound focal point towards the transducer during sonication. In practice,

this would mean that the lesion would slightly spread in size towards the transducer.

This could potentially lead to slightly lower displacement amplitudes than shown in

the simulation results due to the error in the lesion size.

The simulated ARFI displacement amplitudes in liver were seen to decrease up to

40-45 ◦C together with the attenuation, which is where it reached its local minimum.

The decrease in simulated displacement amplitude was observed to be approximately

5%, which is larger compared to experimentally observed ∼1% average decrease. This

is probably because the viscoelastic properties of liver were kept constant while only

the value of attenuation was changed. In reality, the heating of the liver in the

ultrasound focal point would cause slight changes in the viscoelasticity before the

ablation, which are likely to counteract the effect of attenuation changes.

After 45 ◦C, the attenuation started to increase which also caused the displacement

amplitude to increase up to 55 ◦C. Similar increasing amplitude was also seen in the

106



experimental data, where the peak occurred approximately at 60-70 ◦C. The differ-

ence in the peak location on temperature axis is probably due to different transducer

configuration and therapeutic geometry between the experiments and simulations,

which cause differences in the lesion size. However, the magnitude of the increase

was similar in both the experimental and simulation data with both showing approx-

imately 3-5% increase. There is a large deviation in the experimental displacement

values in the 60-70 ◦C temperature region, which indicates that the peak in displace-

ment amplitude (and hence thermal ablation) does not occur at constant temperature.

Therefore, it is important to record the whole time history of the displacement data

to ascertain when the ablation occurs. Furthermore, there is a threshold in the lesion

size (i.e., 240 CEM43◦C volume) which starts to cause the decrease in the displacement

amplitude, but its determination requires further research.

After 55 ◦C, the attenuation further increased but simultaneously a lesion started

to develop causing the displacement amplitude to rapidly decrease as the increasing

stiffness of the lesion outweighs the effect of increasing attenuation. The decrease in

amplitude was observed to be approximately 51% in the simulations, while experi-

mental data showed larger variation of 6-42% decrease.

The final simulation study considered how the ARFI displacement amplitudes be-

have in the situation after HIFU therapy, where one large lesion or multiple small

lesions are next to each other. For this purpose, the typical ranges in attenuation

and elastic modulus in liver were used. The regions before and after thermal ablation

were found to overlap slightly, although this was partly due to the relatively high

elastic modulus values found in the literature for normal liver (Righetti et al., 1999).

Furthermore, the large deviation in the attenuation coefficient also makes the two

regions to overlap. When looking at the average values, the simulations predicted a

30% decrease in displacement after ablation. However, the 5, 10 and 15 µm contours

traverse both regions of non-ablated and ablated tissue, i.e., the blue and the red rect-

angles. This suggests that looking only at the changes in ARF induced displacement

before and after thermal ablation is not enough to determine whether the tissue has

undergone ablation, but rather the whole time history of the displacement during the

ablation should be considered.
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5.4 Conclusions

The effect of temperature dependent acoustic and viscoelastic tissue parameters on

ARF induced displacements in liver was studied. The temperature dependent tissue

properties that will most strongly affect the magnitude of ARF induced displacements

were found to be attenuation and viscoelasticity. The effect of a representative tem-

perature dependent attenuation power law coefficient and sound speed were found to

be negligible.

Experimental HMI data during HIFU ablation in ex vivo liver showed an ini-

tial variable increase in the displacement amplitude at temperatures below 60-70 ◦C

followed by a robust decrease in amplitude due to thermal ablation. The viscoelas-

tic simulation model, employing temperature dependent tissue parameters, exhibited

similar behaviour with the increasing attenuation providing the initial increasing in

the displacement amplitude at lower temperatures before thermal ablation. At higher

temperatures, the lesion growth together with the exponentially increasing elastic

modulus overpowered the changes in attenuation and a decrease in amplitude was

predicted.

At temperatures above 60 ◦C, the experimental HMI data showed large deviation

in the displacement amplitude between the three measurements. Both experimental

data and numerical simulations indicate that monitoring displacement before and

after HIFU ablation is not sufficient to determine the state of ablation. Therefore, it

is concluded that monitoring ARF induced displacements continuously during thermal

ablation is necessary in order to ascertain when ablation occurs. Once displacement

amplitude reduces by 15% compared to its initial value at body temperature, then a

lesion approximately the size of the focal region should exist.
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Chapter 6

Simulations of therapeutic
ultrasound field

The aim of this chapter1 is to investigate how the combination of attenuation, refrac-

tion and reflection of different tissue layers in front of the kidney affect the intensity

and geometry of the ultrasound field. This is done by performing nonlinear HIFU

therapy simulations in segmented three-dimensional CT datasets of three different

patients. After the acoustic simulations, the heating efficacy of HIFU therapy in the

kidney is determined with thermal simulations. The acoustic and thermal parameters

as well as the perfusion of the kidney are varied within their physiological limits in

order to examine their effect on heating. In addition, an aberration study to examine

the effect of tissue layers on phase shifts at the transducer face is conducted. These

results provide a quantitative analysis of the factors affecting the overall efficacy of

HIFU therapy of the kidney.

6.1 Kidney cancer and current therapies

The incidence of kidney (renal) cancer has been growing at an annual rate of 2%

with the vast majority of the cases being renal cell carcinomas (RCC) (Luciani et al.,

2000; Ljungberg et al., 2011; Ferlay et al., 2012a). In 2012 it was the 13th most

common cancer in the world (Ferlay et al., 2012a) with approximately 338,000 new

cases diagnosed (214,000 in men and 124,000 in women), representing 2.4% of all

cancers. In the same year approximately 143,000 people died due to the disease.

The five-year survival rate of kidney cancer has been around 74% in recent years, but

1The contents of this chapter have been published in Suomi et al. (2016b) and Suomi et al.
(2017). The parallelised k-Wave ultrasound simulation code used in the simulations in this chapter
was developed by Jaros et al. (2015).
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patients with advanced RCC have five-year survival rates of only 11-12% (NCI, 2016).

Early diagnosis as well as safe and effective therapy methods are therefore crucial for

improving patient outcomes.

Improvements in diagnostic imaging modalities, such as ultrasound, MRI and CT,

have benefited the early detection of kidney cancer, but effective treatment of the

disease still remains a challenge. Typically kidney cancer is treated surgically, which

is currently the only curative option available (Van Poppel et al., 2011), but it can lead

to complications in as many as 19% of cases (Gill et al., 2003). Alternative, minimally

invasive therapies such as cryotherapy (Gill et al., 2005) and radiofrequency ablation

(Gervais et al., 2005) reduce the risk of complications and often result in shorter

hospital stays. However, neither of these methods is completely non-invasive and

therefore still present a risk of infection, seeding metastases and other complications.

HIFU therapy can be used clinically to treat cancerous tissue in kidney, but the

oncological outcomes have been variable (Wu et al., 2003b; Illing et al., 2005; Mar-

berger et al., 2005; Ritchie et al., 2010). Wu et al. (2003b) demonstrated the fea-

sibility of HIFU ablation of renal malignancies, all but one being RCC. A total of

13 patients were treated, of which 10 had partial ablation and three had complete

tumour ablation. Illing et al. (2005) also demonstrated the safety and feasibility of

HIFU renal ablation in eight patients. Four of the treated patients had surgical resec-

tion of the kidney after the treatment, of which only one showed features of ablation.

The remaining six had a MRI assessment of the response and ablation was demon-

strated in four. Marberger et al. (2005) presented a clinical phase II trial results of

extracorporeal ablation of renal tumours with 16 treated patients. They found acute

tissue necrosis (Susani et al., 1992) in nine tumours exposed to the highest dose of

ultrasound, but this only covered 15-35% of the targeted area. Other clinical studies

have shown successful ablation to occur only in less than two-thirds of the treatments

(Ritchie et al., 2010).

The variable degree of efficacy in HIFU ablation of the kidney could be due to

two reasons: limitations in the therapeutic HIFU system and the physical factors

related to the human body. With respect to the therapy system, the diameter of the

HIFU transducer has to be relatively large, typically above 10 cm in diameter, which

allows the pre-focal ultrasound beam energy to be spread over a wider area. This

reduces the pre-focal heating and the possible effect of shielding, particularly from

the rib cage. In addition, large diameter transducers allow for greater focal lengths

which are in the range of 5-15 cm, thus allowing the treatment of deep-lying organs

such as the kidney. Due to the location of the kidney, the ultrasound frequency also
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needs to be low enough that the attenuation from intervening tissue layers does not

remove much energy. Therefore, extracorporeal HIFU systems typically operate in

the frequency range of 0.5-1.5 MHz to maximise the ultrasound penetration depth

with high enough intensity (ter Haar and Coussios, 2007).

In addition to the requirements for the HIFU system, the structure and acoustic

properties of tissues in front of the transducer affect the efficacy of HIFU therapy.

Due to the deep location of the kidney, several tissue layers, including skin, fat, mus-

cle and soft tissue, lie in front the kidney. These layers might significantly reduce the

intensity of the ultrasound field due to attenuation. The effect of attenuation might

be particularly significant in the nonlinear case in which higher harmonic frequencies

generated during HIFU therapy are more strongly attenuated. In addition to attenua-

tion, the defocusing of ultrasound due to refraction and reflections at tissue interfaces

might result in significant loss of HIFU energy in the target location. Kidneys are also

highly perfused organs, which causes fast heat dissipation, and thus, reduced heating

efficacy. Therefore, all the factors discussed above should be considered in order to

achieve successful thermal ablation in the kidney.

6.2 Computational model

6.2.1 Parallelised nonlinear ultrasound simulation model

The acoustic simulations were performed using the open-source k-Wave Toolbox

(Treeby et al., 2012). This solves a set of coupled first-order partial difference equa-

tions, which are equivalent to a generalised version of the Westervelt equation (3.8)

from Chapter 3:

∇2P − 1

c2

∂2P

∂t2
+

b

c4

∂3P

∂t3
+

β

ρ0c4

∂2P 2

∂t2
= 0

The solution accounts for second-order acoustic nonlinearity, power law acoustic ab-

sorption and a heterogeneous distribution of material properties (sound speed, density,

nonlinearity and absorption coefficient).

The governing equations were solved using a k-space pseudospectral method,

where spatial gradients are calculated using the Fourier collocation spectral method,

and time integration is performed using an explicit dispersion-corrected finite-dif-

ference scheme (Tabei et al., 2002). The advantage of this method is that it only

requires two grid points per maximum supported frequency which allows smaller grid

sizes and larger time steps when compared to FEM and other finite difference meth-

ods. The model was implemented in C++ and optimised for distributed computing
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environments using the standard message passing interface (MPI) (Jaros et al., 2015).

The 3-D domain was distributed across multiple cores using 1-D slab decomposition,

and the MPI version of the FFTW library was used to perform the requisite Fourier

transforms (Frigo and Johnson, 1998).

6.2.2 Thermal simulation model

The thermal simulation model was constructed using the BHT equation (3.12) from

Chapter 3:

ρkcPk
∂Tk

∂t
= kk∇2Tk − wkcPb(Tk − Tb) +H

where the subscripts ‘k’ and ‘b’ refer to kidney and blood, respectively, Tk [◦C] is the

three-dimensional (x, y, z) temperature field in the kidney and Tb = 37 ◦C. Because

the simulated ultrasound fields were nonlinear, the heating rate was calculated using

the harmonic components of the acoustic field according to the equation (3.16) from

Chapter 3:

H =
1

ckρk

∑
h

αk(hf0)|Ph|2

where the number of harmonics h = 4. The pressure values of each harmonic compo-

nent were obtained using the DFT of the time-domain ultrasound waveforms at each

spatial location. The heat equation was solved using the ADI method (Ames, 1977)

presented in Appendix A.

6.3 Simulations

6.3.1 Therapeutic high-intensity focused ultrasound simula-
tions

The simulation geometries were derived using CT datasets of three different patients

(see Figure 6.1 for patient 1). Thresholds were used to automatically segment the

datasets into bone, fat and other soft tissue after which the kidneys were segmented

manually. The medium outside the patients was segmented as water. Typical values

reported by Mast (2000) for sound speed, attenuation, density and B/A were used

for each tissue type (see Table 6.1). The HIFU transducer was modelled on a clinical

system (Model JC200, Haifu, Chongqing, China) with an annular transmitting surface

of outer diameter 20 cm, inner hole diameter 6 cm, operating frequency 0.95 MHz

and focal length 14.5 cm (Ritchie et al., 2013). The transducer was positioned so that
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Figure 6.1: (a) Axial, (b) sagittal and (c) coronal slices of the CT scan in patient
1. The different gray levels in the CT data correspond to the density of each tissue
type: white - bone, gray - kidney/soft tissue, black - water/fat. The ultrasound focal
point target location is marked with a white cross. (d)-(e) 3-D visualisation of the
CT geometry in patient 1 showing the simulation geometry (without soft tissue, fat
and water). Similar geometries targeting the lower part of left kidney were used for
patients 2 and 3.
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Table 6.1: Acoustic simulation parameters for different tissue types. The simulations
without refraction effects were performed using the sound speed of water in all tissues.
In addition variability was considered by changing kidney sound speed ±10 m/s and
attenuation ±0.24 dB/MHz1.1/cm.

Density Sound speed Attenuation B/A
(kg/m3) (m/s) (dB/MHz1.1/cm)

Water 1000 1520 0.00217 5.2
Bone 1908 4080 20.00 7.4
Soft tissue 1055 1575 0.60 7.0
Fat 950 1478 0.48 10.0
Kidney 1050 1560 ± 10 1.00 ± 0.24 7.4

the geometric focal point of the transducer (the white cross in Figures 6.1(a)-(c)) was

located in the bottom part of the left kidney. This was done in order to avoid the

ribs which would otherwise cause significant pressure losses due to strong reflection.

A reference simulation was carried out in water and two additional simulations

for each patient: (i) with all tissue properties varying; and (ii) constant sound speed

in all tissues to remove refraction, but all other properties varying. Four additional

simulations for patient 1 were conducted by changing the attenuation and sound

speed of the kidney by ±0.24 dB/cm and ±10 m/s, respectively, which correspond to

±2 standard deviations (SD) based on 30 kidney samples in humans (Turnbull et al.,

1989).

Before performing the actual simulations, several convergence simulations were

conducted in order to find the optimal grid size and temporal resolution. The com-

putational grid consisted of 1200 × 1200 × 1200 grid points (i.e., 22.2 cm × 22.2 cm

× 22.2 cm) giving a spatial resolution of 185 µm which supported nonlinear harmonic

frequencies up to 4 MHz. Perfectly matched layers (PML) were used on the edges

of the grid. The simulation time duration was set to 260 µs with a temporal reso-

lution of 8.15 ns giving a total of 31876 time steps per simulation. The simulations

were run using 400 computing cores for approximately 50 hours per simulation and

requiring 200 GB of memory. The simulations were conducted using the computing

facilities provided by advanced research computing (ARC) at the University of Ox-

ford (Richards, 2016). For data analysis, the time-domain waveforms and the peak

pressures were saved in a three-dimensional grid around the focal point in each case.

In addition, axial, sagittal and coronal slices of the ultrasound field over the whole

spatial domain were saved.
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Table 6.2: Thermal simulation parameters for kidney and blood. In addition to the
values given in the table, the thermal conductivity and perfusion rate of the kidney
were changed ±0.04 W/m/K and ±8.3 kg/m3/s, respectively, to study the effect of
natural variability.

Thermal Specific Perfusion
conductivity heat capacity rate
(W/m/K) (J/kg/K) (kg/m3/s)

Kidney 0.53 ± 0.04 3763 9.2 ± 8.3
Blood N/A 3617 N/A

6.3.2 Thermal simulations

Thermal simulations were conducted in Matlab (R2015b, MathWorks Inc, Natick,

MA, USA) using the nonlinear ultrasound fields from the acoustic simulations. The

simulations were run for each patient in the kidney with the parameters presented in

Table 6.2. The thermal conductivity and perfusion rate of the kidney in patient 1 were

also changed by ±0.04 W/m/K and ±8.3 kg/m3/s, respectively, which correspond

to a ±2 SD change (Hasgall et al., 2015; Roberts et al., 1995). This was done in

addition to the acoustic simulations in patient 1 which already included changing the

attenuation and sound speed of the kidney. The simulations were conducted in a 2

cm × 2 cm × 2 cm spatial domain around the target focal point (i.e., in the kidney)

with a fixed temperature (Dirichlet) boundary condition of 37 ◦C on the edges. Each

sonication was conducted for 120 seconds which was followed by a 10-second cooling

period. The evolution of the maximum temperature was recorded throughout the

whole duration of the simulation. Furthermore, the temperature and CEM43◦C (i.e.,

a measure of thermal dose) over the whole domain at the end of the cooling period

were saved.
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6.4 Results

6.4.1 Ultrasound waveforms in time and frequency domain

Figure 6.2(a) shows the time domain waveforms at the location of the global peak

pressure in water and kidney for the three different patients including refraction. The

individual peak pressures and spatial peak-temporal average intensity ISPTA values

for each case are also listed in Table 6.3. In water the peak pressure was 14.49

MPa with a corresponding ISPTA of 4116 W/cm2. In all patients, the mean peak

pressure was 3.50 MPa which corresponds to an approximately 76% drop in pressure

amplitude. The range was from 3.33 to 3.66 MPa, which suggests that there is not

much difference in the outcome between the three different patients. Similarly, the

ISPTA in patients dropped to an average value of 318 W/cm2, which corresponds to a

92% or an 11.1 dB drop. The range varied from 283 to 346 W/cm2, which shows an

11% variation around the mean, suggesting that heating should not vary dramatically

across patients.

When no refraction effects were included in the simulations, the peak pressures and

ISPTA increased in all three patients, with an average value of 6.46 MPa (i.e., a 55%

drop in amplitude), which is approximately twice higher than that with refraction.

The range was from 6.25 to 6.67 MPa indicating 3% variation around the mean value.

The average ISPTA was 938 W/cm2 which corresponds to a 77% or a 6.4 dB drop in

intensity. In this case, patient 2 had the lowest ISPTA of 887 W/cm2 with patients

1 and 3 having 957 W/cm2 and 971 W/cm2, respectively. The small range suggests

that heating should be very similar in these three patients.
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Figure 6.2: (a) Time domain waveforms at the peak pressure location in water and
kidney in patients 1-3 with refraction effects. (b) Windowed (Hann) frequency spec-
trum of the same waveforms.
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Table 6.3: Acoustic simulation results in water and three different patients. Simula-
tions marked with (∗) are without refraction effects.

Peak ISPTA ISPTA Focal shift Parent focal size
pressure reduction Axial Radial Length Width
(MPa) (W/cm2) (dB) (mm) (mm)

Water 14.49 4116 0.0 0.0 0.0 6.5 1.3
Patient 1 3.51 324 −11.0 2.6 1.8 11.4 1.8
Patient 2 3.66 346 −10.8 0.6 1.2 9.5 1.4
Patient 3 3.33 283 −11.6 3.1 1.1 7.3 1.2
Average 3.50 318 −11.1 2.1 1.4 9.4 1.5
SD 0.13 26 0.4 1.1 0.3 1.7 0.2
Patient 1∗ 6.46 957 −6.3 1.3 0.4 7.4 1.5
Patient 2∗ 6.25 887 −6.7 1.3 0.3 7.4 1.4
Patient 3∗ 6.67 971 −6.3 0.9 0.3 7.2 1.3
Average 6.46 938 −6.4 1.2 0.3 7.3 1.4
SD 0.17 37 0.2 0.2 0.1 0.1 0.1

Figure 6.2(b) shows the frequency spectra of the same focal waveforms in water

and the three patients with refraction. A peak at the centre frequency of 0.95 MHz is

clearly visible in each case as are the nonlinearly generated harmonics. However, in

the case of tissue, the nonlinear effects are much less pronounced when compared to

water. In water the second harmonic is 25% of the fundamental component compared

to 7% in patients. All three patients show a low magnitude second harmonic while

the third and fourth harmonics are barely visible. These data suggest that for this

HIFU system nonlinearity does not play a major role in heating.

6.4.2 Ultrasound pressure fields

Figures 6.3(a), (c) and (e) show the axial, sagittal and coronal slices of the ultrasound

pressure field generated by the HIFU transducer in patient 1. The pressure fields are

displayed using a log-scale thresholded at −30 dB below the maximum pressure in

each slice. The annular nature of the ultrasound source results in the shadow region

in the centre of the beam. In the focal area, it can be seen that the region of high

pressure does not form the archetypical ellipse shape, but is more diffuse instead.

Furthermore, the areas of high pressure are offset from the focal point target location

(white cross marker) in all slices.

Figures 6.3(b), (d) and (f) show close-ups of the axial, sagittal and coronal slices

of the pressure field in the ultrasound focal area. It can be seen that the peak pressure

does not occur at the target location (the white cross). This effect was observed in
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Figure 6.3: (a) Axial, (c) sagittal and (e) coronal slices of the CT scan showing the
ultrasound pressure field in patient 1. The pressure field is displayed on a log-scale
with a dynamic range of 30 dB. The ultrasound focal point target location is marked
with a white cross. (b) Axial, (d) sagittal and (f) coronal slices of the same ultrasound
field in the focal area in the kidney.
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all three patients and the offsets are given in Table 6.3. On average the shifts were

observed to be 2.1 mm in the axial and 1.4 mm in the radial directions. By examining

the focal area in more detail in the coronal slice in Figure 6.3(f), it can be seen that

in addition to the focal shifting, a region of high pressure has split into a number of

less well-defined subvolumes.

The splitting of the focal point is more clearly visualised in Figures 6.4(a)-(c),

which show the isosurfaces of the focal pressure regions thresholded at −6 dB in the

three patients. The simulations with refraction are shown with blue isosurfaces while

the simulations without refraction are green and transparent. The target focal point

is marked with a black cross. For simulations with refraction, the largest −6 dB focal

volume was identified as the parent focal volume and the others as child volumes.

The parent focal volume lengths and widths are presented in Table 6.3 for all three

patients. In the case of patient 1 in Figure 6.4(a), it can be seen that the focal region

consists of five focal volumes with the largest (i.e., the parent) being approximately

11.4 mm in length and 1.8 mm in width. The corresponding values were observed

to be 9.5 and 1.4 mm in patient 2 and 7.3 and 1.2 mm in patient 3. On average

the parent focal size was 9.4 mm in length and 1.5 mm in width. Without refraction

there was no splitting of the focal volume and the focus coincided with the target.

The average values for length and width of the focal point without refraction were

7.3 mm and 1.4 mm which are 22% and 7% smaller, respectively. For comparison,

the size of the −6 dB focal point in water was approximately 6.5 mm in length and

1.3 mm in width. This indicates that it is refraction that dominates the shifts and

splitting of the focus.

The splitting of the focal region was quantified by comparing the size and pressure

distribution above −6 dB in the child volumes to those of the parent volume in each

patient. This was done in order to estimate the heating efficacy of the child volumes.

For a given pressure bin (defined between 50% and 100% of the global maximum

pressure with 10% bin width) the cumulative volume of the child voxels in the bin

was compared to the volume of all voxels in the parent focal point. Figure 6.5 shows

a histogram of the analysis for three different patients.

In the 50-60% pressure region, the cumulative size of child voxels was approxi-

mately 28% of the parent focal point in patient 1. In patient 2 the same value was

23% while in patient 3 a considerably higher value of 81% was observed. This is also

apparent from Figure 6.4(c), where the sizes of the child volumes are large compared

to the parent focal volume. In the 60-70% pressure bin, the cumulative size of the

child voxels was 13% in patient 1 and 9% in patient 3. However, patient 2 had no
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Figure 6.4: (a)-(c) The −6 dB focal point volumes in the kidney for patients 1-3,
respectively. The simulations with refraction are shown with blue isosurfaces while
the simulations without refraction are shown with transparent green isosurfaces. The
target focal point is marked with a black cross. The shifting and splitting of the focal
point into one parent and several child focal volumes due to refraction can be seen in
different patients.
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voxels in the child volumes above 60% of the global peak pressure, which can also

be seen as a lower degree of splitting in Figure 6.4(b). At even higher pressures at

70-80% of the global peak pressure, only patient 1 had voxels in the child volumes,

with a cumulative size of approximately 5% of the parent focal point. Above 80% of

the global peak pressure none of the patients had voxels in child regions. The total

volumes of the child regions with respect to the parent regions were 46%, 23% and

90% for patients 1-3, respectively. In other words, patient 3 had the highest degree

of focal splitting. These data suggest that undesired heating effects might occur at

child focal points due to focal point splitting.
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Figure 6.5: Histogram showing the pressure distribution in the child volumes with
respect to the parent focal volume (i.e., the largest blue volumes) with bins varying
from 50% to 80% of the global peak pressure in each case.

6.4.3 Temperature evolution and thermal dose

The evolution of the maximum temperature during a 120-second sonication in the

three patients with and without refraction are shown in Figures 6.6(a) and (b), re-

spectively. For the simulations with refraction (see Figure 6.6(a)), the temperature

evolution in patients 1 and 2 follow similar trends with respective peak temperatures

of 46.0 and 45.9 ◦C at the end of the sonication. In patient 3, however, the peak

temperature is 43.5 ◦C, a 28% decrease in temperature elevation compared to the

other two patients. This is most likely due to the higher degree of focal splitting as

observed earlier. On average the peak temperature at the end of the sonication was

45.1 ◦C when refraction effects were incorporated (see Table 6.4 for summary).

The simulations without refraction (see Figure 6.6(b)) show similar peak tempera-

tures (54.8, 54.0 and 55.2 ◦C) in all three patients. Here the peak temperatures at the

end of the sonication are significantly higher when compared to the sonications with
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Table 6.4: Thermal simulation results in three different patients after 120-second
sonications. Simulations marked with (∗) are without refraction effects.

Peak Peak temp. shift 240 CEM43◦C size
temperature Axial Radial Length Width Volume

(◦C) (mm) (mm) (mm3)
Patient 1 46.0 2.0 2.4 4.5 1.6 5.2
Patient 2 45.9 1.7 1.8 4.2 1.3 3.8
Patient 3 43.5 2.0 2.2 0.0 0.0 0.0
Average 45.1 1.9 2.1 2.9 1.0 3.0
SD 1.2 0.1 0.2 2.1 0.7 2.2
Patient 1∗ 54.8 1.7 0.6 9.8 4.2 95.8
Patient 2∗ 54.0 1.7 0.3 9.6 4.0 83.2
Patient 3∗ 55.2 0.9 0.3 9.7 4.3 94.5
Average 54.7 1.4 0.4 9.7 4.2 91.2
SD 0.5 0.4 0.2 0.1 0.1 5.7

refraction and the variation is small. This is consistent with the lack of focal splitting

and small fluctuations in ISPTA when refraction was neglected. On average the peak

temperature at the end of the sonication was 54.7 ◦C, which is approximately 10 ◦C

higher than with refraction, i.e., a doubling in the temperature rise.

The change in peak temperature, however, is not the complete story when it comes

to thermal ablation. The treatment is desired over a volume and the location and

the extent of the volume is important. Figures 6.7(a)-(c) show the 240 CEM43◦C

isosurfaces for each sonication both with (red) and without (yellow) refraction. It

can be seen that adding refraction decreased the treated volume significantly (to zero
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Figure 6.6: Evolution of maximum temperature with time during a 120-second sonica-
tion in the kidney of all three patients (a) with refraction; and (b) without refraction
(i.e., constant sound speed in all tissues).

122



(a) (b)

(c)

Figure 6.7: (a)-(c) Thermal dose volumes in the kidney after 120-second sonications
for patients 1-3, respectively. The 240 CEM43◦C thermal dose volumes with refraction
are shown with red isosurfaces and the volumes without refraction with transparent
yellow isosurfaces. The target focal point is marked with a black cross. No ther-
mal dose above 240 CEM43◦C was created in patient 3 when refraction effects were
incorporated.
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for patient 3) and resulted in shifts of the volume away from the target. Not only are

the volumes significantly larger when refraction is absent, they are also evenly located

around the target focal point. The size differences are also apparent when comparing

the values in Table 6.4. On average the thermal dose volume with refraction was 3.0

mm3. Without refraction the average volume was 91.2 mm3 which is 30 times larger.

Therefore, it is evident that focal point splitting is significantly affecting the creation

of thermal dose in the kidney.

Table 6.4 gives numerical data for the changes in temperature and location of the

thermal simulations. The average shifts in the peak temperature were 1.9 mm in

the axial and 2.1 mm in the radial directions with refraction. These are comparable

to the corresponding shifts in the peak pressure of 2.1 mm and 1.4 mm. Without

refraction the shifts were reduced to 1.4 mm and 0.4 mm again comparable to the 1.2

mm and 0.3 mm shifts in the peak pressure locations.

6.4.4 Tissue property variability study

The evolution of the maximum temperature, when changing the attenuation, sound

speed, perfusion and thermal conductivity of the kidney by ±2 SD in patient 1, are

shown in Figures 6.8(a)-(d), respectively. Increasing attenuation from 1.00 to 1.24

dB/MHz1.1/cm (see Figure 6.8(a)) results in a slightly lower heating with the peak

temperature of 45.5 ◦C at the end of the sonication when compared to the value of

46.0 ◦C with ‘normal’ attenuation. The decrease in attenuation results in slightly

higher peak temperature of 46.6 ◦C. When the sound speed is changed by ±10 m/s

(see Figure 6.8(b)), no significant differences in the peak temperature are seen. This

suggests that the changes in sound speed of the kidney do not result in significant

differences in focal splitting. The primary source of splitting is thus caused by the

compounded effects of refraction from all the tissue layers in front of the transducer.

Decreasing perfusion (see Figure 6.8(c)) resulted in a peak temperature of 48.0
◦C, which is 2.0 ◦C higher than with the normal perfusion value. Increasing perfusion

resulted in 1.3 ◦C lower peak temperature of 44.7 ◦C. This suggests that perfusion

is a significant tissue parameter affecting heating efficacy in the kidney. It has to

be noted that the perfusion values used in the thermal simulations were those of

renal medulla. The perfusion rate of renal cortex is approximately five-fold higher,

which would result in even lower temperature values (Roberts et al., 1995). The

decrease in thermal conductivity (see Figure 6.8(d)) resulted in a slightly higher peak

temperature of 46.5 ◦C when compared to the normal value of 46.0 ◦C and 45.6 ◦C

with increased thermal conductivity.
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Figure 6.8: Evolution of maximum temperature with time during a 120-second soni-
cation in the kidney of patient 1 with (a) attenuation, (b) sound speed, (c) perfusion
and (d) thermal conductivity of the kidney changing by ±2 standard deviations (SD).

6.4.5 Aberration study

The simulations suggest that refraction has a dramatic effect on the desired heating

in the kidney. The effects of refraction can be mitigated by adjusting the phase of

the source using the principle of time-reversal (Fink, 1992). Using this technique, the

aberration simulations were conducted with the same transducer positions, acoustic

parameters and tissue parameters as in the ultrasound pressure simulations, but in a

reverse manner. In this case, the therapeutic transducer was used as a receiver and

an acoustic point pressure source was placed at the geometric focus of the transducer

(i.e., inside the kidney of the patient). The acoustic point source was set to transmit

a continuous wave at 0.95 MHz. The simulations were run using a computational

grid of 640 × 640 × 640 grid points which supported harmonic frequencies up to

2 MHz. PMLs were used on the edges of the grid. The temporal resolution of the

simulations was set to 15.99 ns which gave 17329 time steps per simulation with 277

µs simulation duration. The simulations were run using 320 computing cores with an
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average simulation duration of 5.5 hours per simulation.

For data analysis, three cycles of the ultrasound pressure waveforms at the surface

of the therapeutic transducer were saved for each grid point. The phase shifts of these

ultrasound pressure waveforms were then calculated using the DFT at the fundamen-

tal frequency (0.95 MHz) and projected on the transducer plane for visualisation.

The phase shifts were then unwrapped using a two-dimensional phase unwrapping

algorithm (Goldstein et al., 1988; Ghiglia and Pritt, 1998) and the unwrapped values

were similarly projected on the transducer face.

The phase shifts obtained directly from the DFT are presented in Figures 6.9(a)-

(c) for patients 1-3, respectively. The phase shifts are presented using a cyclic colour

map (i.e., phase shifts of −π and π are the same colour) which allows visualisation of

the areas with similar magnitude phase shifts. Areas of similar magnitude phase shifts

are seen crossing the width of the transducer in the radial direction. Furthermore, a

‘wave-like’ behaviour is seen where the phase shifts increase and decrease subsequently

when moving towards the upper right corner of the transducer.

The unwrapped phase shifts are presented in Figures 6.9(d)-(f) for patients 1-3,

respectively. The phase shifts follow a trend which starts from the lower left part of

the transducer and increases towards the upper right corner in all three patients. The

areas with negative phase shifts are on the lower left section while the positive phase

shifts are located on the upper right section. Some artefacts appear as horizontal lines

in the areas where the algorithm was unable to resolve the underlying phase shift,

however, the behaviour suggest that a function representation of the spatial phase

shifts is possible due to the relatively smooth transition.

In order to quantify the phase shifts on the transducer face, a second order poly-

nomial function was fit to the unwrapped phase data in the form:

ϕ(x, z) (radians) = p00 + p10x+ p01z + p20x
2 + p11xz + p02z

2 (6.1)

where ϕ is the phase shift at the spatial location (x, z); and p00-p02 are the fitting

parameters with the corresponding subscripts. The second order polynomial fits to

the unwrapped phase data according to are shown in Figures 6.9(g)-(i) for patients

1-3, respectively. The polynomial fitting parameters together with the corresponding

coefficients of determination R2 are shown in Table 6.5. In all three patients, the

second order polynomial function represents the underlying spatial phase shifts with

R2 ≥ 0.83.
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Figure 6.9: (a)-(c) Wrapped, (d)-(f) unwrapped and (g)-(i) fitted second order poly-
nomial phase shifts for patients 1-3, respectively. The therapeutic transducer was
used as a receiver for an acoustic point source located at the geometric focus.
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Table 6.5: The second order polynomial surface fitting parameters on unwrapped
phase aberration data.

p00 p10 p01 p20 p11 p02 R2

Patient 1 −0.9749 0.3462 −0.4437 −0.0215 −0.0002 0.0147 0.831
Patient 2 1.0920 0.3599 −0.5993 −0.0198 −0.0140 0.0253 0.840
Patient 3 −0.5279 0.2506 −0.7787 −0.0291 0.0260 0.0131 0.872

6.5 Discussion

In this study acoustic and thermal simulations in kidney have been carried out in

realistic patient models. In the acoustic simulations in the body, the ISPTA in the

kidney dropped by 11.1 dB compared to simulations in water, which corresponds to

a 92% drop in intensity. This effect was due to a combination of attenuation and

refraction. By turning off refraction in the simulations the ISPTA drop was reduced

to 6.4 dB (77%). This suggests that attenuation and refraction have a similar impact

on the intensity loss at the focus, contributing about 5 to 6 dB each. In practice,

however, the energy loss could be even higher due to the attenuation properties of

kidney-surrounding peri-nephric fat. Ritchie et al. (2013) studied the attenuation of

peri-nephric fat tissue samples and found it to be significantly higher (1.36 dB/cm)

compared to typical fat tissue attenuation (0.48 dB/cm) (Mast, 2000). In the simu-

lations reported here, the segmentation was not able to distinguish different fat types

and the typical value of 0.48 dB/cm was applied everywhere. For the patient datasets

the thickness of peri-nephric fat was estimated to range between 0.4-1.6 cm, which

would contribute an extra 0.35-1.41 dB of loss. This would give the total loss of 12.5

dB, i.e., a 2%-point increase to 94%. The most significant attenuation losses were

caused by subcutaneous fat and soft tissue in front of the kidney whose thickness

were approximately 1.8-2.6 and 3.0-5.0 cm, respectively.

In the simulations with refraction, focal splitting was found to reduce the ultra-

sound intensity considerably. At interfaces, changes in sound speed result in refrac-

tion, and in addition, the phase accumulation will change in different tissues affecting

the constructive and destructive interference of the ultrasound waves. When focal

point splitting was present, the cumulative size of the child focal volumes were found

to be between 23-90% of the parent focal point. The pressure distribution analysis in

the child volumes also showed peak pressures reaching up to 80% of the global peak

pressure, which suggest that considerable heating might occur in the child regions.

The presence of refraction was also shown to result in focal shifts with average

axial and radial shifts of 2.1 and 1.4 mm, respectively. The axial shifts are relatively
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small compared to the average axial parent −6 dB focal length (9.4 mm). In the

radial direction the shifts are large in terms of the average −6 dB focal width (1.5

mm), and thus, they might result in an offset in the lesion creation. Focal shifting

due to subcutaneous and peri-nephric fat was studied by Ritchie et al. (2013) who

found the shift to be approximately 1 mm in both transverse directions. In reality,

the shifts are not only affected by the thickness of the tissue layers but also their

geometries. However, these shifts are still small compared typical renal tumour sizes

of several centimetres (Remzi et al., 2007).

In addition to attenuation and refraction, energy losses also occur due to reflections

and scattering at interfaces, such as, the rib cage, tissue interfaces and air pockets.

In the simulations the transducer was positioned so that reflections due to rib bones

and air pockets were not present. For the parameters used here, the normalised

intensity transmission coefficients for water-fat, fat-soft tissue, soft tissue-fat and fat-

kidney interfaces were 99.84%, 99.29%, 99.29% and 99.41%, respectively. For all the

interfaces the total transmission is 97.85% which corresponds to a loss of less than

0.1 dB. This is consistent with the findings by Damianou (2004), who studied the

penetration of HIFU in rabbit kidney in vivo. They found the ultrasound penetration

through muscle-kidney and fat-kidney interfaces to be excellent in a situation where no

air bubbles were present. However, in some cases air spaces existed in between these

interfaces which caused strong reflections and acted as possible sites for cavitation

during the HIFU therapy.

Thermal simulations were conducted with 120-second sonications in each patient.

The sonication times were long due to the relatively low ISPTA of the ultrasound

fields (on average 318 W/cm2 with refraction). Thermal simulations with refraction

showed the impact of patient variability. Patients 1 and 2 achieved similar heating

over the course of sonication, however, patient 3 showed significantly degraded heating

efficiency with a 28% drop in temperature rise. However, when the same simulations

were done without refraction, all three patients showed similar temperature increases

with patient 3 showing even slightly higher temperatures at the end of the sonication.

The pressure distribution analysis showed that patient 3 had the highest degree of

focal splitting with the cumulative size of child volumes being 90% of the parent focal

volume. The same values for patient 1 and 2 were 46% and 23%, respectively. This

suggest that focal splitting is a significant factor affecting the heating efficacy of the

ultrasound field and that the effect is patient-specific. This is consistent with the

variability observed in the clinical studies.
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Although focal splitting potentially provides larger total heating volume, the ef-

ficiency is reduced, because the acoustic energy is distributed over a larger volume,

which leads to longer therapy times, and more importantly, may result in undesired

heating in regions away from the target region. In the simulations, the lower degree

of focal splitting consequently lead to larger lesions, i.e., volumes of 240 CEM43◦C

thermal dose. When refraction effects were present, no lesion was created in patient

3, while small, off-target lesions were created in patients 1 and 2. All the lesions with

refraction were up to 2 mm offset from the target location. The thermal simulations

without refraction created lesions on average 30 times larger over the course of 120-

second sonication. Not only were the lesions larger, but they were also centred at the

target focal point.

The effect of variation in tissue parameters on the heating efficiency of HIFU

therapy was also studied by individually changing the values for attenuation, sound

speed, perfusion and thermal conductivity of the kidney within their physiological

variance (Roberts et al., 1995; Turnbull et al., 1989; Hasgall et al., 2015). Attenu-

ation was found to have a small effect on heating efficiency with lower attenuation

achieving slightly higher temperatures. Similar small changes were seen when thermal

conductivity was varied within its physiological variance. No visible changes in the

temperature were seen when the sound speed was varied, which indicates that the

changes in refraction in the kidney alone do not affect the degree of focal splitting,

but it is rather determined by the compound effect of all the tissue layers before the

focal point. Perfusion was found to have the biggest effect on temperature. Lower

perfusion lead to approximately a 2 ◦C higher peak temperatures at the end of the

sonication when compared to the average value. This is consistent with observations

made by Chang et al. (2004), who found the obstruction of the blood flow to increase

the size of the created thermal lesions in kidneys. The perfusion values used in the

thermal simulations were for renal medulla (i.e, the inner part of the kidney), which

are lower than those of renal cortex (Roberts et al., 1995). Therefore, sonication of

the renal cortex would result in even lower temperatures. The effect of perfusion,

and thermal diffusion thereof, can potentially be eliminated by using high intensities

with sonication durations less than few seconds (Billard et al., 1990; Chen et al.,

1993). However, due to high losses in the propagation to the kidney, this could lead

to significant pre-focal heating and possible skin damage (Watkin et al., 1996).

The effective source of focal splitting associated with refraction was evaluated by

back propagating a spherical wave from the target location to the transducer face.

The resulting phase was not uniform, but exhibited a relatively smooth transition
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with negative and positive phase shifts occurring on the lower left and upper right

corners of the transducer face, respectively. This behaviour is consistent with the

thickness of tissue, particularly subcutaneous fat, and supports the hypothesis that

it is the outer tissue layers that contribute to the splitting. What these simulations

further suggest is that by correcting the phase at the surface a specific patient, the

splitting effects could be minimal.

Another phenomenon that has been shown to reduce the efficacy of renal HIFU

therapy is respiratory movement (Schwartz et al., 1994; Marberger et al., 2005). The

respiration-induced movement of kidneys has been shown to be approximately 16-17

mm in the craniocaudal direction (i.e., from head to feet) (Bussels et al., 2003), which

is large compared to the radial size of the simulated focal points (∼1.5 mm). This

effect was not incorporated in the simulation model, but could potentially result in

significant reduction in heating efficiency and generation of unintended lesions caused

by overheating of adjacent healthy tissue. In practice, this effect can be controlled

using respiratory gating (Muller et al., 2013), but in this case the sonication durations

have to be significantly shorter than used here.
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6.6 Conclusions

The efficacy of HIFU therapy of the kidney was investigated with fully three-di-

mensional acoustic and thermal simulations in three different patients. The acoustic

simulations showed that the intensity of the ultrasound field dropped on average by

11.1 dB when all effects were present. It was found that the intensity loss could be

roughly divided equally between attenuation and refraction. Reflections due to the

rib cage could possibly cause significant losses, but in these simulations were avoided

by optimal positioning of the transducer. The reflections due to tissue interfaces were

found to be minimal with a total loss of less than 0.1 dB. Refraction also lead to

splitting of the focal zone and shifting of the position of the focus.

Thermal simulations showed the refraction effects to almost halve the heating

efficacy (i.e., the temperature rise) of the ultrasound field. Without refraction the

temperature increase at the end of the sonication was approximately two-fold when

compared to the simulations with refraction. This indicates the degree of focal split-

ting to be a significant factor affecting the efficacy of the treatment. The splitting

was patient-specific and may be responsible for variability in patient outcomes.

The effect of variation in kidney attenuation, sound speed, perfusion and thermal

conductivity on HIFU heating was also studied. Variations in perfusion were found

to be the biggest factor affecting the heating. Small changes in the temperature were

seen when the attenuation and thermal conductivity were changed, but no visible

changes were observed with sound speed.

Back-propagation simulations revealed an underlying trend in the phase shifts

with negative and positive values occurring at the lower left and upper right areas

of the transducer. Second order polynomial functions representing the spatial shifts

were determined, which could be used for aberration correction during the HIFU

therapy in the kidney by defining the spatial space shifts on the transducer face.

These results suggest that the delivery of HIFU therapy to the kidney results in

significant energy loss and is patient-specific. Two approaches to overcome this are:

(i) to increase the intensity of the ultrasound field and (ii) to reduce the degree of

focal splitting. The former method contains a risk of unpredictable pre-focal heating,

cavitation and skin burns. The latter can be achieved with aberration correction at

the source, but this requires a HIFU system with multiple transmitting elements in

the transducer. In either scenario patient-specific treatment planning would need to

be carried out in order to determine the appropriate source conditions.
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Chapter 7

Summary and conclusions

The goal of this thesis was to reduce barriers to the use of HIFU for ablation of soft

tissue, and more specifically, to identify methods to improve the monitoring of HIFU

therapy with ultrasound elastography and the delivery of HIFU energy to the kidney.

As stated in the first chapter, the three objectives for the thesis were:

(i) to quantify the temperature dependent tissue parameters affecting the ARF

(ii) to evaluate their effect on ARF induced displacements

(iii) to characterise therapeutic HIFU fields in the human body

All of these points were addressed in this thesis using a combination of experimental

methods and simulations.

7.1 Summary

The first chapter introduced the principles of HIFU therapy and gave a brief overview

of the history of HIFU. The history of HIFU started in the 1920s (Wood and Loomis,

1927) and has since evolved into a significant therapy method which has a wide

number of clinical applications with over 116,000 patients treated to date (Foley,

2016). The number of companies in the field of HIFU has also grown steadily in

the past 20 years is now standing at 32 (Foley, 2016). All the signs indicate that

HIFU therapy is a rapidly growing field with new clinical applications and hundreds of

research papers published every year. The new therapeutic applications also introduce

challenges for therapy monitoring, and therefore, alternative imaging modalities, such

as ultrasound elastography, are needed to achieve the desired clinical outcome.

In the second chapter, the relevant acoustic, thermal and mechanical tissue param-

eters were extensively reviewed using the published literature (Suomi and Cleveland,
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2017). The temperature dependence of each tissue property was quantified and poly-

nomial models were fit to the data. Quantification of the temperature dependence

of tissue parameters is important in HIFU monitoring, in which rapid temperature

rises cause tissue properties to change. The changes in tissue properties consequently

affect the displacements induced by ARF, and thus, the therapy monitoring capa-

bilities of ultrasound elastography applications. A priori knowledge of these tissue

property changes enables them to be taken into account in therapy monitoring and in-

crease its reliability. Furthermore, the derived numerical expressions for temperature

dependence can also be used in computational simulations of ARF excitation.

In the third chapter, the fundamental equations for acoustic, thermal and vis-

coelastic models used in the thesis were introduced. All the acoustic models were

nonlinear incorporating the generation of harmonic frequencies. This is an important

factor especially in HIFU, because the nonlinearly generated harmonics can poten-

tially cause higher heating rates and larger displacements during ARF excitation.

The thermal model was based on the BHT equation which took into account tissue

perfusion and heating rate due to nonlinear ultrasound pressure fields. The viscoelas-

tic models were used to accurately predict the displacements induced by ARF. All

the viscoelastic models were linear, which is a justifiable assumption in the case of

ARF, as only small magnitude deformations are induced.

The fourth chapter presented the published work (Suomi et al., 2015) on quanti-

fying ARF induced displacements in a tissue-mimicking phantom. An optical system

was employed to experimentally measure the characteristics of the harmonic ARF

deformations using both sine and square amplitude modulation. It was shown that

using square modulation results in higher peak-to-peak amplitudes and smaller phase

shifts. Furthermore, in the frequency domain, square modulated displacements had

lower second harmonic components when compared to sine modulated displacements.

The FEM simulation model using the measured acoustic and viscoelastic parameters

was able to quantitatively capture ARF induced displacements over a range of inten-

sities and modulation frequencies. The results show that numerical models can be

used to accurately predict displacements induced by ARF.

The fifth chapter expanded the study on quantifying ARF induced displacements

and took into account the effect of temperature - an important aspect in HIFU mon-

itoring. The study (Suomi et al., 2016a) utilised the temperature dependence of

acoustic and viscoelastic parameters determined in the second chapter, and applied

them to a FEM simulation model to examine their effect on ARF deformations. The

attenuation was shown to have a slight effect on displacement values before thermal
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ablation. The change in viscoelastic properties after thermal ablation was the dom-

inating effect rapidly reducing the displacement amplitude. This behaviour was also

observed in the HMI experiments in ex vivo liver. It was further shown that in some

cases the effects of increasing attenuation and stiffness might cancel each other out re-

sulting in similar measured displacement values before and after ablation. Therefore,

it is necessary to monitor ARF displacements continuously during thermal ablation

to ascertain when ablation occurs.

In the sixth chapter, the effect of different tissue layers of the human body on HIFU

therapy of the kidney was studied (Suomi et al., 2016b). The work was motivated

by clinical data from various studies showing that the outcomes of the treatment are

very variable. Therefore, nonlinear acoustic and thermal simulations were carried out

for three different clinical patients based on the CT data. The ultrasound intensity

reduction due to reflections at tissue interfaces was found to be negligible. The loss of

focal energy was shown to be due to the combined effect of attenuation and refraction.

Refraction caused the ultrasound focal point to split into several smaller subvolumes

reducing the overall heating efficacy of HIFU therapy. To overcome the refraction

effects, an aberration study was also conducted in order to determine the phase shifts

at the transducer face. These data could potentially be used to account for refraction

in order to achieve a more uniform single focal point. Furthermore, the acquired data

are useful for defining the transducer design for future studies in terms of the number

of elements and their sizes.

7.2 Research contributions

The work presented in this thesis has been published in two journal papers (Suomi

et al., 2015, 2016a), one conference paper (Suomi et al., 2016b) and one book chapter

(Suomi and Cleveland, 2017). In particular, new data was provided with the following

contributions:

• Harmonic ARF induced displacements were quantified with 50, 160 and 1000

Hz frequencies using both sine and square AM. These data showed that higher

displacement amplitudes, smaller phase shifts and lower second harmonic com-

ponents are achieved using square modulation.

• A viscoelastic FEM model was successfully employed to reproduce ARF induced

displacements in absolute values in contrast to most other studies which show
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normalised data. This shows that similar models can accurately be used to

predict µm-scale displacements induced by ARF.

• Quantitative data were provided on the temperature dependence of acoustic,

thermal and mechanical properties in several tissue types. Although the data

were collected from the published literature, they were extensively summarised

and provide a useful reference for future studies.

• Viscoelastic data for the temperature dependence of ex vivo liver tissue were

measured. This is also a contribution to the tissue characterisation literature.

Furthermore, a fractional Zener model was fit to the data to provide parameters

for viscoelastic simulation models.

• The effect of temperature dependent acoustic and viscoelastic changes on ARF

induced displacements was studied in liver. The data showed that attenua-

tion should be considered at temperatures below 60 ◦C, but after ablation the

changes in viscoelasticity are the dominant effect reducing the amplitude.

• Attenuation and refraction were shown to be the main effects reducing the

efficacy of HIFU therapy in the kidney. Both effects contributed to an approx-

imately 5-6 dB intensity loss.

• Patient-specific phase shifts at the transducer face were determined and second

order polynomial functions were fit to the data. These data can be used to

evaluate the aberration correction values to compensate the refraction effects.

7.3 Future work

Although the work presented in this thesis addressed several problems, it also iden-

tified gaps in the literature and aspects that should be considered in therapy moni-

toring and treatment planning. Looking at the published literature on temperature

dependence of different tissues, there exist several areas in which there is currently

insufficient data to draw reliable conclusions. The sound speed is well covered for

most relevant tissues, except brain and fat. This is especially evident at higher tem-

peratures above 60 ◦C. The same applies to attenuation data for brain, prostate and

fat tissue, which are lacking data in the temperature regime above 60 ◦C. Further-

more, the attenuation data measured before and after thermal ablation has been well

characterised for liver, but not for any other tissue. Liver and muscle are also the only
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organs for which there are measured data for the nonlinearity parameter B/A. How-

ever, in this case more data for all tissues are required to make conclusions. In terms

of mechanical properties, more elastic (Young’s and shear moduli) and viscoelastic

(dynamic modulus) measurements are needed for kidney and brain tissues.

The study on temperature dependence of ARF displacements could be expanded

to cover other organs as well. For example, kidney, prostate and brain tissue all exhibit

similar behaviour of increasing attenuation below ablative temperatures. Since these

tissues have different mechanical properties, the effect on ARF induced displacements

should be studied. With respect to therapy monitoring, ARF has not widely been

studied in brain tissue due to the strongly reflecting skull bone and aberration effects.

MR-ARFI has been used to measure the stiffness of brain tissue but only without

thermal ablation. Therefore, studying the possibility of using ultrasound elastography

(without MRI) to monitor HIFU treatment in brain is one future possibility. Since

therapeutic intensities have been produced inside the brain, the same ultrasound

fields could also be used to induce ARF. The problem to solve, however, is how to

compensate for the refraction and reflection effects of the pulses which are tracking

the ARF displacements through the skull. This seems like a tempting opportunity

especially now that new brain applications are emerging such as the treatment of

essential tremor and ultrasonic neuromodulation. Liver is well established as a target

for HIFU with excellent acoustic access and minimal aberration effects. However,

the movement of liver during the breathing cycle has to be compensated for before

effective ablation and monitoring of the therapy becomes feasible.

The simulations of HIFU therapy in the kidney showed the importance of aber-

ration correction in increasing heating efficacy. Since the patient-specific values for

aberration correction were determined, the next step would be to apply these val-

ues to a number of elements on the transducer face. A simulation study should be

run in order to determine the optimal number, location and size of these elements

to compensate for refraction in different patients. After this, experimental studies

using the obtained transducer geometries could be performed to validate the design.

Another possibility would be to utilise the phase shift data to create a patient-specific

acoustic lens, which could similarly be used to cancel out refraction. The effectiveness

of the design should also be validated with experimental studies. From the therapy

monitoring perspective, ultrasound elastography in the kidney is another largely un-

explored area. The feasibility of using ARF in the kidney could be studied using

the presented viscoelastic simulation models and experiments. In this case, patient

specific aberration correction should also be used.
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Appendix A

Numerical solution to heat
equation

The heat equation is a PDE which describes the change in temperature in a given

spatial domain over time. In general form the heat equation is defined as (Widder,

1976):

∂T

∂t
= D∇2T (A.1)

which in three spatial dimensions can be written as:

∂T

∂t
= D

(
∂2T

∂x2
+
∂2T

∂y2
+
∂2T

∂z2

)
(A.2)

where x, y and z [m] are the spatial coordinates. The three-dimensional heat equation

can be discretised as (Ames, 1977):

T new − T
∆t

= D

[(
T−x − 2T + T+x

2∆x2

)
+

(
T new
−x − 2T new + T new

+x

2∆x2

)
(A.3)

+

(
T−y − 2T + T+y

2∆y2

)
+

(
T new
−y − 2T new + T new

+y

2∆y2

)
+

(
T−z − 2T + T+z

2∆z2

)
+

(
T new
−z − 2T new + T new

+z

2∆z2

)]

where T and T new [K/◦C] are the current and new temperatures respectively; ∆t [s]

is the temporal resolution; ∆x, ∆y and ∆z [m] are the spatial resolutions; and the

subscripts −x, −y, −z, +x, +y, +z refer to one positive or negative step in each

spatial direction with respect to the location of T and T new.

In this form, the three-dimensional heat equation has a total of seven unknown

new temperature values for every location of T (two in each spatial direction plus
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the central point). The equation could potentially be solved in this form using the

Crank-Nicolson (CN) method (Crank and Nicolson, 1947), which combines explicit

and implicit form of the right-hand side and is unconditionally stable. CN method

works well with one-dimensional heat equations which can be solved in the tridiagonal

matrix form. However, in three dimensions, this would result in a sparse matrix with

seven diagonal matrix bands, which is computationally heavy to solve. This prob-

lem can be overcome by using so-called alternating direction implicit (ADI) method

(Ames, 1977) which applies the CN method one direction at a time using two inter-

mediate temperature fields T ∗ and T ∗∗ before obtaining the new temperature field

T new.

By applying the ADI method first in x-direction the equation (A.3) becomes:

T ∗ − T =

r1︷ ︸︸ ︷
D∆t

∆x2

[(
T−x − 2T + T+x

2

)
+

(
T ∗−x − 2T ∗ + T ∗+x

2

)]
(A.4)

+
D∆t

∆y2︸ ︷︷ ︸
r2

(T−y − 2T + T+y) +
D∆t

∆z2︸ ︷︷ ︸
r3

(T−z − 2T + T+z)

By sorting the new and current temperatures on the left and right sides, respectively,

the equation can then be written as:

−r1

2
T ∗−x + (1 + r1)T ∗ − r1

2
T ∗+x =

r1

2
T−x +

r1

2
T+x + r2T−y + r2T+y (A.5)

+ r3T−z + r3T+z + (1− r1 − 2r2 − 2r3)T

Now, on the left hand side, there are three unknown temperature values T ∗−x, T
∗

and T ∗+x while the right hand side is known. Solving the equation over the whole

spatial domain results in a tridiagonal matrix. This can be efficiently done by using a

tridiagonal matrix algorithm, such as the Thomas algorithm (Ames, 1977), to obtain

the unknown intermediate temperature values T ∗−x, T
∗ and T ∗+x for every x, y and z.

Next, by applying ADI method in y-direction, the equation (A.3) becomes:

T ∗∗ − T = r1

[(
T−x − 2T + T+x

2

)
+

(
T ∗−x − 2T ∗ + T ∗+x

2

)]
(A.6)

+ r2

[(
T−y − 2T + T+y

2

)
+

(
T ∗∗−y − 2T ∗∗ + T ∗∗+y

2

)]
+ r3(T−z − 2T + T+z)
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which again can be sorted by placing the unknown temperature values on the left and

the known values on the right:

−r2

2
T ∗∗−y + (1 + r2)T ∗∗ − r2

2
T ∗∗+y =

r1

2
T−x +

r1

2
T+x +

r1

2
T ∗−x +

r1

2
T ∗+x (A.7)

+
r2

2
T−y +

r2

2
T+y + r3T−z + r3T+z

+ (1− r1 − r2 − 2r3)T − r1T
∗

This can again be solved using the tridiagonal matrix algorithm to obtain T ∗∗−y, T
∗∗

and T ∗∗+y for every x, y and z. Finally, the z-direction values can be solved to obtain

the new temperature field as:

T new − T = r1

[(
T−x − 2T + T+x

2

)
+

(
T ∗−x − 2T ∗ + T ∗+x

2

)]
(A.8)

+ r2

[(
T−y − 2T + T+y

2

)
+

(
T ∗∗−y − 2T ∗∗ + T ∗∗+y

2

)]

+ r3

[(
T−z − 2T + T+z

2

)
+

(
T new
−z − 2T new + T new

+z

2

)]

which can be expressed as:

−r3

2
T new
−z + (1 + r3)T new − r3

2
T new

+z =
r1

2
T−x +

r1

2
T+x +

r1

2
T ∗−x +

r1

2
T ∗+x (A.9)

+
r2

2
T−y +

r2

2
T+y +

r2

2
T ∗∗−y +

r2

2
T ∗∗+y

+
r3

2
T−z +

r3

2
T+z + (1− r1 − r2 − r3)T

− r1T
∗ − r2T

∗∗

Solving this equation for every x, y and z gives the new temperature values T new
−z , T

new

and T new
+z over the whole spatial domain. All three iterations for x-, y- and z-directions

above have to done for each time step. However, because the solution is uncondition-

ally stable, the time step can be much larger than it would be in the explicit case.

The errors of ADI solution are in the order of O
(
(∆t)2

)
and O

(
(max[∆x,∆y,∆z])2

)
,

which gives it an advantage over the explicit methods, whose errors are typically

O(∆t) and O
(
(max[∆x,∆y,∆z])2

)
. A Matlab-code for the numerical solution of the

three-dimensional heat equation can be found from (Suomi, 2016).
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