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ABSTRACT
The ultimate purpose of this dissertation is the evaluation of the feasibility of
transesophageal cardiac surgery in arrhythmia treatment, using therapeutic ultrasound
energy without the requirement for surgical incisions or blood contact.
Atrial fibrillation (AF) is the most common cardiac arrhythmia, affecting over 2.2
million Americans. One effective treatment is cardiac ablation, which shows a high rate
of success in treating paroxysmal AF. As a prevailing modality for this treatment,
catheter ablation using radiofrequency has been effective, but there is measurable
morbidity and significant costs and time associated with this invasive procedure for
permanent or persistent AF. To address these issues, a transesophageal ultrasound
applicator for noninvasive cardiac ablations has been designed, developed and evaluated
in this dissertation. Focused ultrasound for thermal ablation has gained interest for
decades due to its noninvasive characteristics. Since the esophagus is close to the
posterior of the left atrium, its position makes it attractive for the incision-less surgery of
the selected area of the heart using ultrasound. The overall goal of this study is to bring
an applicator as closely as possible to the heart in order to effectively deliver ultrasound
energy, and create electrically isolating lesions in myocardial tissue, replicating the
currently used Maze procedure. The Maze procedure is a surgical operation that treats AF
by creating a grid of incisions resulting in non-conductive scar tissue in the atria.
The initial design of an ultrasound applicator capable of creating atrial lesions
from the esophagus, involved evaluating sound pressure fields within layers of the
esophagus and myocardium. Based on the multiple factors of the simulation results of
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transducer arrays, current transesophageal medical devices, and the throat anatomy, a
focused ultrasound transducer that can be inserted into the esophagus has been designed
and tested. In this study, a two-dimensional sparse phased array with flat tapered
elements was found to be adequate as a transesophageal ultrasound applicator. The
spatially sparse array uses 64 active elements operating at a frequency of 1.6 MHz
sampled from 195 (15 by 13) rectangular elements. With this applicator, the size and
position of the ablation targets can be controlled by changing the electrical power and
phase to the individual elements for ultrasound beam focusing and steering. The magnetic
resonance-compatible probe head housing is 19 mm in diameter and incorporates an
acoustic window. For the verification of the suggested design, a prototype array with an
acoustic impedance matching layer was constructed, and tested using exposimetry and ex
vivo experiments. Experimental results indicated that the array could focus and steer the
beam with an angle within ±10° inside the tissue. Also, the array can deliver sufficient
power to the focal point to produce ablation while not damaging nearby tissue outside the
target area. The results demonstrated a potential application of the ultrasound applicator
to transesophageal cardiac surgery in atrial fibrillation treatment.
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Chapter 1
Introduction

1.1 Background and motivations
Atrial fibrillation (AF) is the most common cardiac arrhythmia, affecting over 2.2
million Americans (Thom et al., 2006). It is one of the most serious public health
problems in the United States, but continues to be an unmet medical need. One effective
treatment is cardiac ablation, which shows a high rate of success in treating paroxysmal
AF. As a prevailing modality, catheter ablation using radiofrequency remains the
treatment of choice however there is measurable morbidity and significant costs and time
associated with this invasive procedure for permanent or persistent AF (Jais et al., 2003).
There is a demand for alternative improved treatment protocols to be made available and
so demands for noninvasive cardiac ablation have increased.
Ultrasound energy has gained interest for clinical applications for decades due to
its noninvasive characteristics. It is widely used in medicine for therapeutic purposes as
well as for diagnostics as it allows the imaging of the inside of the body without the
possible danger from radiation. Ultrasound is essentially different from many other forms
of energy, such as X-rays, radiofrequency or microwave, in its absorptive interactions
between the wave and the medium. Thus it penetrates through intervenient tissue to
deliver heat and mechanical energy to a targeted area without undesirable effects on that
tissue. The feasibility of using focused ultrasound for tissue ablation has been
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investigated since the early 1980s (Goss et al., 1996;Sanghvi et al., 1997;Smith and
Hynynen, 1998). Specifically for cardiac tissue, surgical studies using the catheter-based
ultrasound transducers for the treatment of arrhythmias have been reported (Zimmer et
al., 1995;Gentry and Smith, 2004;Wong et al., 2004).
Therapeutic ultrasound technology has continued to evolve as a potential
therapeutic tool since the first clinical experience with high intensity focused ultrasound
(HIFU) to treat tissue in the central nervous system was reported in the 1950s (Fry et al.,
1954). In this study, the researchers created lesions deep in brains of cats and monkeys
using ultrasound and demonstrated that absorption of the high intensity pressure waves
elevated local tissue temperature. In addition to the high-intensity ultrasound, the use of
low-intensity ultrasound to enhance the healing process of the tissue by improving
general physiological responses was also explored. Several studies have been reported
that use pulsed, lower-intensity ultrasound energy on bone and cartilage tissues to
produce a number of beneficial physiological effects including increased blood flow and
nutrient delivery to tissues around the target non-invasively (Dyson and Brookes,
1983;Heckman et al., 1994). Recently, the medical application of the therapeutic
ultrasound has been extended to the treatment of benign prostatic hyperplasia (Foster et
al., 1993), lithotripsy with capacity to precisely reach a target (Coleman et al., 1996),
noninvasive transdermal drug delivery (Smith et al., 2003), and focused ultrasound
hemostasis of injured, solid organs (Vaezy et al., 1998). Also recent clinical advances in
HIFU include focused ultrasound surgery (FUS) as a noninvasive alternative to open
surgery (Melodelima et al., 2005;Yin et al., 2006).

3
1.2 Specific aims and scope
The purpose of this dissertation is to evaluate the feasibility of transesophageal
cardiac surgery in atrial fibrillation treatment, using therapeutic ultrasound energy
without surgical incisions or blood contact. This work constitutes the design,
development, and evaluation of focused ultrasound applicators capable of creating
thermal lesions in myocardium from the location of the esophagus. Since the esophagus
is close to the posterior of the left atrium, this position makes it attractive for the incisionless surgery of the selected areas of the heart.
For the focused ultrasound ablation, the transducer design is a two-dimensional
phased array operating at a frequency of between 1~2 MHz. Either ultrasound pressure
fields or thermal distribution within tissues are numerically simulated for the design of
ultrasound arrays. With this applicator, the size and the position of the ablation targets
can be controlled by changing the electrical power and phase to suit the individual
elements for ultrasound beam focusing and steering. The magnetic resonance-compatible
probe head housing should protect the esophagus from any potential failure of the
transducers. Also the probe incorporates an acoustic window within the housing to ensure
the delivery of maximum acoustical power from the transducers to the ablation targets.
The overall goal is to bring an applicator as closely as possible to the heart in order to
effectively deliver ultrasound energy, and create electrically isolating lesions in
myocardial tissue and allow replication of the currently used Maze procedure.
Based on the multiple factors of numerical simulation results of transducer arrays,
current transesophageal medical devices, and throat anatomy, a focused ultrasound
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transducer that is insertable into the esophagus for cardiac ablation was designed and
fabricated. To verify the suggested design, a prototype array with an acoustic impedance
matching layer was constructed, and tested using exposimetry and ex vivo experiments.
The exposimetry was used to verify the capability of the ultrasound transducer for
focusing and steering. Also, ex vivo experiments using fresh tissue were used to ensure
that the array is capable of delivering sufficient acoustical power to create lesions in
tissue. Precise control of beam forming on- and off-axis was demonstrated without
significant near-field heating and grating lobes, which have the possibility of causing
undesirable side effects during treatment.

1.3 Dissertation outlines
The brief outline of this dissertation is as follows. Chapter 2 provides relevant
clinical background information such as cardiac arrhythmia, atrial fibrillation-related
treatment, fundamental anatomy and physiology studies on the heart and the esophagus,
and an example of the clinical application of a transesophageal device. Chapter 3 presents
the fundamentals of therapeutic ultrasound and its use for thermal treatment and
ultrasonic transducer array. Included in the discussions of therapeutic ultrasound are high
intensity focused ultrasound for clinical applications, various types of ultrasonic
transducer arrays, and bio-heat transfer model of tissue. Chapter 4 provides results of the
numerical simulations used for the acoustic pressure calculations, design of the
ultrasound phased array, and thermal distribution on the cardiac tissue model. Chapter 5
describes the array construction that includes dicing the piezoelectric ceramic, building
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the matching layers, wiring the elements and building the matching circuits. In addition,
it discusses the design and fabrication of probe head housing as well as acoustic windows
attached on the housing. Chapter 6 presents the instrumentation and the process used for
the exposimetry. The results from the preliminary tests are compared with the simulation
results and ex vivo experiments. The experimental results are used to evaluate the design
of the ultrasound applicator as well as the feasibility of creating lesions in tissues. Finally,
Chapter 7 provides the conclusions drawn from this research. It also discusses the
research in the context of current therapies and summarizes the findings concerning the
innovative design of a transesophageal ultrasound applicator for noninvasive cardiac
ablations. The chapter concludes with suggestions about possible future research
directions.

Chapter 2
Clinical background
This chapter describes the research rationale by examining the background
information on a cardiac disease and current treatment issues relevant to the scope of this
research. A brief review of atrial fibrillation, existing treatment methods and the need for
improvement are presented. The existing types of energy sources for tissue ablation are
discussed and the concept of thermal ablation using these energy sources is explained.
The basic anatomy and physiology of the heart and esophagus involved in the
transesophageal treatment are also presented.

2.1 Atrial Fibrillation (AF)
Atrial Fibrillation (AF) is a common arrhythmia, in which the atria (upper
chambers of the heart) beat extraordinarily fast and the rhythm disturbance is irregular
and somewhat chaotic. The heart has an electrical system, in which the electrical impulse
from a group of cells, called the Sinoatrial (SA) node, travels in an orderly way through
the heart to the Atrioventricular (AV) node causing the muscle of the heart to contract. In
atrial fibrillation, however, many irregular impulses arise from other parts of the atria and
spread through the atria to the AV node, causing a rapid and unexpected heartbeat.
Ultimately, this irregular condition of atrial contraction reduces the ability of the atria to
pump blood into the ventricles (lower chambers of the heart) and increases the chance of
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Left atrium

Sinus node
Right atrium

Left ventricle

AV node
Right ventricle
(a) Electric signal flow during the normal heartbeat

Atrial fibrillation impulses

Pulmonary veins

Left atrium
Sinus node
Right atrium

Left ventricle

AV node
Right ventricle
(b) Electric signal flow during the irregular heartbeat (atrial fibrillation)
Figure 2.1: Illustration of electric system of the heart during (a) normal state, and (b)
atrial fibrillation (Morady, 2005)
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getting cardiovascular diseases or lung diseases. Figure 2.1 shows the electrical systems
of the heart during the normal heartbeat and an atrial fibrillation (Morady, 2005).
AF is one of the most serious public health problems in the United States. Even
though most are not life threatening and arrhythmia can be more of an annoyance than
anything else, the biggest concern is that AF is responsible for about 15–20% of all
strokes and this may result in heart failure and death (Go et al., 2001). In the United
States, the number of people currently diagnosed with atrial fibrillation is approximately
2.2 million (Thom et al., 2006). Currently it is estimated that almost 6% of people over
65 years of age suffer from AF and the incidence of developing it increases with age
(Atrial Fibrillation Foundation, 2002). The prevalence and the cost for the treatment of
AF are expected to increase continuously over the next several decades, as the percent of
population aged 65 years and over increases.
For the medical treatment and prevention of AF, several approaches are used to
restore stable heart rhythm and to control of heart rate. Medications are the most common
initial treatment used to decrease the rapid heart rate associated with AF. Anti-arrhythmic
drugs delivered through a tube into a vein in the patient's arm can sometimes improve the
normal rhythm of the heart.
When medication doesn't improve symptom control other treatments such as
electrical cardioversion may be used. This approach delivers an electric shock to the chest
through electrodes to recover the fast and irregular heartbeat and has been shown to be
successful in managing some cases of AF. Similarly, atrial pacemakers can be implanted
internally to monitor and regulate the heart rhythm with electrical impulses. Currently the
pacemaker is widely used for the treatment of AF. Several drawbacks, however, have

9
been discovered with internal cardioversion. A clot in a vein, infection, or signals
delivered by the device in error can cause malfunction or failure in the management of
AF.
For the more permanent treatment of AF, cardiac ablation to interrupt abnormal
electrical pathways or abnormal electric signals, which induce AF, may be effective. In
this procedure, a thin and flexible catheter is introduced to the heart muscle through a
blood vessel. Generally radiofrequency (RF) energy has been used to destroy tissue
giving rise to the abnormality in the heart rhythm.

2.2 Pulmonary Vein Isolation (PVI)
One of the non-medication treatments of atrial fibrillation is the procedure of
Pulmonary Vein Isolation (PVI), also called pulmonary vein ablation. As blood vessels
that transport oxygenated blood from the lungs to the left atrium, the four pulmonary
veins (PV) may be important sources of the abnormal electric signals that cause AF. The
right and left superior and inferior pulmonary veins have narrow bands of muscle cells at
each opening to the left atrium. In AF, the bands may start to rapidly generate electric
impulses and this electric discharge may induce AF. The anatomical isolation of PV is an
option for the treatment of AF by confining electric triggers within PV. During PVI using
radiofrequency ablation, which is one well-known technique, the band of muscle cells is
ablated by the energy delivered through a catheter inserted into the blood vessels of the
atrium.
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The PVI technique is a relatively recently developed procedure. The first report of
successful ablation using radiofrequency energy for AF in humans was published by
Haissaguerre and his colleagues in 1994. They demonstrated the treatment of AF using
linear atrial lesions created by catheter-based radiofrequency energy. More recent studies
have suggested that most AF signals (< 90%) are generated in the four pulmonary veins
(Haissaguerre et al., 1998;Schmitt et al., 2002). Thus, this procedure may effectively
block and isolate the electric impulses fired from the band to the left atrium and hence
prevent the initiation of AF. Although there are several known risks of PVI, such as
narrowing of the openings of the PVs (Saksena and Madan, 2003) and damage to the
phrenic nerve (Cummings et al., 2005), PVI procedure for patients with AF is
recommended as the most effective treatment and is becoming more widely practiced and
accepted (Scheinman and Morady, 2001;Ellenbogen and Wood, 2003).

2.3 Maze procedure
The Maze procedure is a surgical operation that cures atrial fibrillation (AF) by
creating a grid of incisions resulting in non-conductive scar tissue in the atria (Cox et al.,
1991). Tactical arrangement of incisions not only interrupts the generation and the spread
of abnormal electrical impulses causing this arrhythmia but also guides the normal
impulse in proper pathways from the atria to the ventricle. Through the open-heart Maze
procedure, scar tissue is constructed by multiple cuts into the muscle of the atria through
ablation and then stitches. The lines of scar tissue effectively reduce the size of atrial
tissue sections responsible for AF. Thus, the Maze procedure restores a regular,
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coordinated heartbeat and protects the normal contraction of the heart. Figure 2.2 shows
abnormal electric system of the heart during atrial fibrillation (left) and blocked abnormal
pathways by the encircling lesions on the tissue at the left atrium (right).

Copyright © 2001-2006 Mayo Foundation for Medical Education and Research. All rights reserved.

Figure 2.2: Depiction of abnormal electric system of the heart during atrial fibrillation
(left) and blocked abnormal pathways by the encircling lesions on the tissue at the left
atrium.

Compared to pulmonary vein isolation (PVI), a non-surgical procedure using
catheters, the Maze procedure is usually performed by open-heart surgery requiring
cardiopulmonary bypass during the surgery and invasive method of ablation.
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Accordingly, it is therefore associated with a risk of surgical complications, such as
bleeding, stroke, kidney failure, other organ failure, and death. The risk of this procedure
is known to be low in general, but the risk will be affected by each individual’s specific
health conditions or age. Although PVI alone is much less effective, it has been
incorporated as an essential component of the Maze procedure.
Due to its complexity, unless the patient is undergoing open-heart surgery for
another condition, such as for repair or replacement of a diseased heart valve, a Maze
surgical procedure for the treatment of AF is not usually recommended. Instead, the
Maze procedure using catheters inside the heart that are introduced through a vein in the
groin without open-heart surgery is the preferred treatment regime. This less surgically
invasive intervention is termed the minimal access catheter Maze procedure, and is
modeled on the surgical Maze procedure. Unsatisfactorily, the success rate using the
catheter-based approach is below 50% and complications such as strokes may occur
(Gaita et al., 2001). Thus, new technologies of non-surgical and minimally invasive
treatment for the AF have been explored and applied with innovative use of various types
of energy source for cardiac ablation.

2.4 Energy sources for ablation
Besides the traditional method to create lesions on cardiac tissue with “cut and
sew”, there are several types of energy source available for surgical treatment by the
Maze procedure and PVI. A number of energy sources including cryoablation,
radiofrequency, microwave, laser, and focused ultrasound, have been introduced to
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expedite the creation of electrically isolating lesions or scarring localized to the atria.
Most of the energy sources complete the ablation by increasing tissue temperature to
around 50°C and necrosing tissue near the source of the arrhythmia. These advanced
technologies lead the rapid progress in the field of arrhythmia surgery. The fundamental
description and theory on currently available energy sources for ablation of cardiac tissue
are given in this section so as to compare the characteristics of each energy source and
seek better understanding of cardiac ablation for AF.

2.4.1 Radiofrequency (RF) ablation
Radiofrequency (RF) is a form of electrical energy in the frequency range of 500
kHz to 1 MHz. RF energy is absorbed in the body and yields heat, which can be utilized
to increase body temperature and create lesions at confined areas. Induction of
hyperthermia in tissue above 50°C causes protein to be permanently destroyed and cell
membranes to be dissolved. For several decades, RF energy has been used in various
clinical applications, such as vision correction, snoring relief, cancer treatment, and
surgical ablation including treatment of arrhythmia. RF ablation (RFA) is a minimally
invasive procedure that uses thermal energy to destroy cells or tissue. The high current
density of RF energy is transmitted from the needle-type electrode by virtue of its very
small area. This high current is discharged into the tissue, which acts as a resistor, and
generates heat energy. Ultimately the heat is conducted in a sphere of tissue surrounding
the electrode and creates lesions within less than 60 seconds (Williams et al., 2004). Due
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to an obvious boundary between the scar tissue and its surroundings, RF ablation enables
a surgical operation with a high level of precision.
Currently, RFA is widely used to treat some types of arrhythmia, such as AF. The
RF energy burns and necroses the atrial tissue that is responsible for generating or
delivering the signals responsible for the rapid and irregular heartbeats. With the RFA
signal, first the area that is suspected to produce the abnormal electrical impulses is
identified. Once the responsible tissue is mapped, a catheter-based electrode is placed at
the isolated tissue and RF energy is emitted to burn the tissue and block the source of the
impulses. However, like any invasive procedure, RFA carries some associated risks and
potential complications such as pulmonary vein stenosis and stroke. Since RF energy
gives rise to the heat that not only creates lesions on the tissue but can also lead to the
formation of clots, these may induce cerebral stroke by traveling to the brain.

2.4.2 Cryoablation
Cryoablation is a minimally invasive, non-surgical procedure that uses extremely
low temperatures to ablate the tissue and has been used in clinical applications for
instance, prostate cancer, breast cancer, liver tumor, as well as cardiac tissue responsible
to arrhythmia. The prefix “Cryo” derived from the Greek word “Kryos” means cold.
Cryoablation generally uses liquid nitrogen or compressed argon gas to freeze a particular
organ or tissue and create lesions on that area. Using a cryoablation probe, the potential
ablation spots are electrophysiologically examined by instantly freezing the tissue. This is
called cryomapping and is a potentially reversible process. This procedure enables the

15
precise tissue area to be located and targeted for treatment. In cryoablation the tissue
destruction is postponed until the tissue freezes for more than 30 seconds at a temperature
of around -30°C. Thus the lesions are mapped by applying cryoablation to the tissue for
less than 30 seconds and then created by lowering the temperature and maintaining it for
longer time. This is not available when using RF, due to RF’s immediate destruction of
tissue cell.
For the treatment of AF, a portion of the cardiac muscle, which is suspected to
generate or spread abnormal electrical impulses, is examined and frozen by the catheterbased cryoablation. The area is first tested by lowering the catheter tip to -30°C for
cryomapping, and then dropped the temperature to -75°C to make the cryoablation
permanent. A lesion able to block the abnormal electric signals can be created in
approximately 240 seconds (Friedman et al., 2004) and this treatment regime can be
continued until the arrhythmia disappears. The general commercial system has a variable
length catheter with a catheter tip inserted into the target sites in the left atrium. The other
advantages of using cryoablation include: no damage to the endocardium, the ability to
produce larger and deeper lesions, it is less painful than RF ablation.

2.4.3 High-Intensity Focused Ultrasound (HIFU)
High-intensity focused ultrasound (HIFU) is a noninvasive surgical treatment,
which is a relatively modern technology that seen rapid advancement in recent years (Fry
et al., 1954). HIFU is the clinical application of ultrasound to achieve either a surgical
procedure without an incision or hyperthermia for the treatment of cancers, such as breast
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cancer, prostate cancer, and renal tumors. Ultrasound energy is delivered to a discrete
area passing through an organ wall structure within the body. The energy absorbed in the
body is transferred to heat energy to create a rise in temperature. The intensive thermal
energy within a well-defined zone ablates the cancerous tissue or the tissue within the
focal area, creating highly localized lesions.
In thermal ablation, high intensity (generally 500 to 1500 W/cm2) ultrasound in
the frequency range of 0.5 to 10 MHz is focused on a targeted area to produce
irreversible tissue necrosis (ter Haar, 1995). Significant lesions are typically achieved at
an exposure of 5 to 15 seconds, and high temperatures up to 60 to100°C (Chen et al.,
1997). The focusing is accomplished by a lens, a concave transducer, or a phased array.
Therapeutic performance is greatly enhanced through an imaging modality, such as
ultrasound imaging and magnet resonance imaging (MRI), to guide and monitor the
procedure. The control of heating using HIFU is precise and effective. It defines the
ablative area in the order of 1–10 mm (Szabo, 2004) so as that HIFU energy enables
consistent and reliable treatment of a number of conditions.
Recent pre-clinical studies have reported the feasibility of HIFU for cardiac
ablation including the treatment of arrhythmia (Zimmer et al., 1995;Smith and Hynynen,
1998). These studies have evaluated the effectiveness of ultrasound for producing lesions
on the atria with the various exposure parameters, such as frequency, intensity amplitude,
focal depth, and exposure time respectively. The technology is evolving, and research is
currently being undertaken on the feasibility of cardiac treatment by a minimally invasive
approach that does not require open surgery. The main advantage of HIFU ablation is that
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HIFU damages the focused areas of tissue without affecting surrounding tissues or blood
vessels, and may permit treatment of AF without cardiopulmonary bypass.
Ultrasound in conjunction with thermal ablation (local hyperthermia) will be
discussed in more detail in the next chapter.
Other than the energy sources described above, there are additional alternative
sources for surgical atrial ablation including microwave sources and lasers, some of
which have already been approved for clinical use. Microwave ablation performed using
electromagnetic radiation with frequency at 2.5 GHz enables the creation of deeper
lesions than with RF in the same treatment time. Laser energy using a diode laser catheter
that is designed to perform precise microsurgery is currently utilized for Transmyocardial
Revascularization (TMR) and has been investigated as an innovative operation technique
reducing the risks associated with the conventional Maze procedure (Williams et al.,
2004).

2.5 Anatomy and physiology studies: Heart and esophagus
In order to better understand the transesophageal cardiac ablation relevant to this
thesis, it may be helpful to look into the anatomy and physiology of the heart and the
esophagus. Anatomy is the study of the makeup of the body and the relationships
between body structures, and physiology is related to the functions of the body parts. In
this thesis, only the fundamental knowledge of the structures and functions of the heart
and the esophagus is considered.
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2.5.1 Heart

2.5.1.1 Overview
The mammalian heart is a hollow, muscular organ with four chambers consisting
of the right and left atria and right and left ventricles. In the human body, the heart
normally lies slightly to the left of the middle of the thorax (chest), immediately below
the sternum (breastbone). In the average adult, the heart is about five inches long and
about two and one half inches thick, and weighs about nine to eleven ounces. The heart is
located in the portion of the chest cavity known as the mediastinum, which also includes
the great vessels, the esophagus and other structures. It is enclosed by a fibroserous sac
known as the pericardium and surrounded by loose connective tissue that is often used to
link the surface of the organ to other parts of the organ wall.
The primary function of the heart is to circulate blood through the body. The two
atria operate as collecting containers for blood returning to the heart while the two
ventricles operate as pumps to discharge the blood to the body. Deoxygenated blood
(from the body) is pumped through the right atrium and the right ventricle (to the lungs),
while oxygenated blood (from the lungs) is pumped through the left atrium and the left
ventricle (to the body). The oxygenated blood is carried to the left atrium via pulmonary
veins in which most of the abnormal electrical signals in atrial fibrillation are generated.
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2.5.1.2 Heart Wall
For cardiac ablation using ultrasound, it is very important to identify the
properties of the heart wall because the ultrasound energy is delivered to a targeted area
passing through the heart wall structure within the body. As shown in Figure 2.3, the
heart consists of three layers – endocardium, myocardium, and epicardium – and is
enwrapped in a fourth protective layer known as the pericardium.
The endocardium is the name given to the inside lining of the heart wall. Because
it directly contacts with the blood in the chambers, the diffusive effect on the thermal
distribution over the heart wall should be carefully considered during the ultrasonic
treatment.

Figure 2.3: Layer of the heart: the heart consists of three main layers – endocardium,
myocardium, and epicardium.
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The myocardium (heart muscle) varies in thickness and constitutes the bulk of the
heart, controlling its contraction and relaxation of the heart. Experimental studies have
suggested that an electrophysiological change of the atrial myocardium is one of the
underlying mechanisms responsible for the occurrence and maintenance of arrhythmia
(Wijffels et al., 1995).
The epicardium forms the inner section of the double walled sac enclosing the
heart as well as providing an outer protective layer for the heart. It is attached to the
myocardium by loose connective tissue. According to recent clinical update, the
epicardial ablation of AF using HIFU may be effectively performed without introducing
the potential risks of endocardial RF ablation, such as esophageal fistula and pulmonary
vein stenosis (Cox, 2005).
Lastly, the elastic tissue layer that constitutes the outer portion of the fluid filled
sac is called the pericardium. It keeps the heart contained in the chest cavity and prevents
the heart from over-expanding when blood volume increases. The pericardial cavity
between the epicardium and the pericardium is filled with pericardial fluid, which acts as
a shock absorber by moderating conflict between the pericardial membranes.

2.5.1.3 Heart chambers and veins
The heart is divided into two sides, the left and the right, by the septum and each
half of the heart is divided into an upper chamber and a lower chamber. The upper
chambers are called atria and the lower chambers are called ventricles. The left atrium
pumps oxygenated blood from the lungs into the left ventricle, which discharges the
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blood out of the heart to the body through the aorta. The right atrium receives
deoxygenated blood from the body and moves it to the right ventricle, which pumps the
blood out of the heart via the pulmonary arteries to the lungs for gas exchange. A special
cluster of cells (Sinoatrial node) regulating the heart rate is situated in the right atrium,
and the pulmonary veins (PVs) in which rapid rhythms often arise during AF are located
in the left atrium. The average thickness of the posterior left atrium is 2.2 ± 0.9 mm,
ranging from 0.9 to 7.4 mm (Lemola et al., 2004). The average distances between the
centers of the four PVs ostium and the anterior-posterior average diameters of each ostia,
which are electrically isolated for the treatment for AF, are illustrated in Figure 2.4,
respectively (Kato et al., 2003).

41.6±7.3 mm

Φ13.0±2.5 mm

LSPV

RSPV
10.5±2.1 mm

7.4±3.4 mm

RIPV
Φ14.1±2.1 mm

Φ12.4±3.1 mm

LIPV
47.2±5.8 mm

Φ9.9±2.6 mm

Left Atrium

Figure 2.4: Illustration of the anatomical relationship between the centers of four PVs
ostium and the anterior-posterior average diameters of each ostia, which are electrically
isolated for the treatment for AF. R=right, L=left, S=superior, and I=inferior
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2.5.2 Esophagus
In the human body, the esophagus is a muscular tube that connects the pharynx to
the stomach, located in the thorax behind the trachea and on the right side of the aorta
through the posterior mediastinum, around 25 cm long and 2.5 cm in diameter. The
average thickness of the anterior side of the esophageal wall adjacent to the posterior left
atrium is 3.6 ± 1.7 mm (Lemola et al., 2004). The wall of the esophagus has several
layers - muscular (external), areolar (middle), and mucous (internal) layer. The muscular
layer is constituted of two planes of fibers of considerable thickness, an external
longitudinal and an internal circular. The areolar layer connects loosely the mucous and
muscular layers. The mucous layer is thick and its surface is studded with tiny papillae,
and it is covered throughout with a thick layer of stratified pavement epithelium.
As one of the organs of digestion, the esophagus conveys food from the pharynx
to the stomach by peristalsis. In the relaxed state, the mucosa is deeply crinkled,
becoming stretched when food is transported. The esophageal mucosa produces large
amounts of mucus to lubricate and protect the esophagus. No digestive enzymes,
however, are produced by the esophagus.
During the evaluation on the feasibility of the transesophageal cardiac ablation,
the ultrasound transducer is positioned in the middle of the esophagus, which is close and
parallel to the left-sided pulmonary veins along the posterior left atrium without the
requirement for any incisions. Thus, the investigation of the acoustic properties of the
esophageal wall is crucial to ensure optimal performance for cardiac treatment using
ultrasound. The evaluation of the propagation speed of sound in the layers of the
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esophagus of the pigs has been reported. In the stretched state the median value of the
propagation speed in the muscular layer is 1673 (1666-1681) m/s while it is 1602 (16001607) m/s in mucosa (Assentoft et al., 2001). In this thesis, the propagation speed of
sound in the human esophagus wall is assumed constant through the layers and is
identical with the speed in the measurements of pigs.

2.5.3 Relationship between the Heart and Esophagus
In order to avoid the risks of open-heart surgery, alternative methods to create
lesions on cardiac tissue without surgical treatment have been developed. Recently the
use of ultrasound energy for thermal ablation on the targeted area from a point within the
body cavities has been investigated. The esophagus would be appropriate for noninvasive
cardiac ablation as well as cardiac imaging due to its close proximity (only a few
millimeters between them) to the atria. Thus the knowledge of the anatomic
interrelationship of the esophagus and the heart is an essential part of transesophageal
cardiac ablation.
Anatomically, the esophagus and the left atrium are separated by a fat pad and
connective tissue. . The thickness of the fat pad is around 0.9 ± 0.2 mm. The size of the
fat pad appears to be an important factor in the success of the procedure because in some
cases, complications following RF ablation due to the lack of the fat pad are reported
(Lemola et al., 2004). The average distance from the esophagus to the ostium of the left
superior pulmonary vein (LSPV) is 6.1 ± 8.8 mm, to the left inferior pulmonary vein
(LIPV) is 12.9 ± 13.6 mm, to the right superior pulmonary vein (RSPV) is 28.6 ± 8.2
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mm, and to the right inferior pulmonary vein (RIPV) is 28.3 ± 8.4 mm (Monnig et al.,
2005). Figure 2.5 shows the computed tomographic (CT) analysis of the anatomy of the
heart and the esophagus.

Figure 2.5: Computed Tomographic analysis of the anatomy of the left atrium and the
esophagus (Lemola et al., 2004). Eso=Esophagus; PV=Pulmonary vein.

One of the most serious risks in the ablative treatment of AF is atrial esophageal
fistula, where life-threatening openings are created between the heart and the esophagus
(Pappone et al., 2004). These complications of thermal ablation usually RF, have limited
its use to treat AF in only specific settings. Also, because the esophagus and posterior left
atrium wall may also be in contact with the AF ablation area, adjustment of the position
of the transesophageal transducer to reduce the risk of the damage on the esophageal wall
is required.
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2.6 Transesophageal devices: An example of transesophageal device in clinical
application
The information available on the transesophageal devices currently in clinical use
may be helpful to guide the design and development of the innovative transesophageal
transducer in this thesis. There are several types of transesophageal devices in clinical
application

that

reduce

the

need

for

invasive

procedures.

Transesophageal

echocardiography (TEE), an advanced configuration of echocardiography, is a noninvasive diagnostic test. The development of the TEE using ultrasound to produce a
cardiac image was explored in the 1970’s in order to transcend the limits of the
conventional transthoracic echocardiography (Side and Gosling, 1971;Frazin et al.,
1976). Since the esophagus is immediately adjacent to the heart, the TEE delivers a
distinct image of the heart without any interference from the lungs, skin, chest wall or rib
cage. A small transducer with an endoscope is guided through the throat into the
esophagus. The transducer emits ultrasound waves into the heart, and the reflected sound
waves received by the transducer are transformed into an image of the heart.
The purpose of the TEE is to assess the structure and function of the heart
including parameters such as the size of the heart, thickness of the myocardium, its
pumping strength, and the location and extent of any damage to its tissues. It is especially
useful in cases in which conventional transthoracic echocardiography cannot obtain clear
images, such as when the patient has a thick chest wall. The TEE is also used during
cardiac surgery to monitor the effects of surgical intervention to the heart.
The TEE can cause unease to the patient due to gagging. The transducer in a tube
about the diameter of 0.95 to 1.25 cm and 1.2 m long is inserted into the esophagus by
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swallowing when placed in the back of the patient’s throat. Patients may experience the
discomfort of a sore throat for a while but this usually disappears when the transducer is
in the correct position for imaging. The TEE also may have possible risks when the
transducer is passed down into the throat. In rare cases, the procedure may cause bleeding
or perforation of the esophagus or an inflammatory condition.
Other applications include the transesophageal endoscopic therapies and the
transesophageal electrical cardioversion (TEC). The transesophageal endoscopic therapy
is used to reduce the digestive capacity by lessening the small intestine. The TEC is a
method for the treatment of the atrial fibrillation (AF), in which a low electric current
through an esophageal catheter is used to reset the heart’s abnormal rhythm back to its
normal rhythm.

Chapter 3
Ultrasound for thermal treatment

3.1 Fundamentals of therapeutic ultrasound

3.1.1 Description, brief history, and applications of ultrasound in clinical field
Acoustics was originally defined as the study of slight pressure fluctuation in air,
which can be perceived by the human ear (sound.) The scope of acoustics has been
extended to higher (ultrasound, > 20 kHz) and lower (infrasound, < 20 Hz) frequencies,
as well as to the media other than air, in which the acoustic waves propagate - such as
solids, water, and the human body. In the research relevant to this thesis, acoustic waves
are limited to ultrasound with high intensity, which propagates through and interacts with
human/animal tissue or liquid such as water and blood. Ultrasound interacts differently
with different kinds of tissue or matter. The interactions primarily depend on the acoustic
properties of the tissue, including attenuation, absorption, impedance and sound velocity.
Ultrasound technology has rapidly evolved since the phenomenon of
piezoelectricity in certain crystals was discovered by Pierre Curie and his brother Jacques
Curie (Curie and Curie, 1880). The piezoelectric effect is the physical phenomenon that a
piezoelectric crystal, such as quartz, develops an electric charge upon the application of
stress or a change in dimension when placed in an alternating electric field. These
materials began to be used as high frequency oscillators, and for producing ultrasound
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generators. Following the development of the piezoelectric transducer, ultrasound waves
were used by the military for SONAR applications during World War II. Some of the
principles developed at that time have led to the clinical imaging applications of
ultrasound. The first clinical use of ultrasound was an investigation of brain tumors
reported by an Austrian psychiatrist (Dussik, 1942). Later, the development of practical
technology and applications has been successfully achieved by Professor Ian Donald and
his colleagues in Glasgow. In their work, the use of an ultrasound transducer to
distinguish cystic and solid masses in the abdomen was demonstrated, and this was a
major milestone in biomedical practice of the ultrasound (Donald et al., 1958).
Research in biomedical ultrasound has persistently investigated the potential use
of ultrasound technology in the field of clinical diagnosis as well as therapy. In the
medical area, these uses include the noninvasive examination of the body for diagnosis as
well as regional heating of parts of the body, the selective destruction of tissue, and the
delivery of drugs for therapy. Recently in the field of thermal therapies and ablation,
biomedical ultrasound has expanded its applications to include heating for muscle pain or
bone break healing, cancer treatment, and brain lesion treatment. Furthermore using
noninvasive ultrasound technology with a combination of specialized ultrasound
generation using focused arrays, signal processing, and visualization of the data (e.g.
Magnetic Resonance (MR) -guided), it is possible to provide more accurate treatment and
real time feedback and control.

29
3.1.2 Applications of therapeutic ultrasound
A therapeutic ultrasound system uses ultrasound to increase the temperature in a
targeted area or to enhance skin permeability for therapeutic purposes. Currently
physiotherapy, hyperthermia, cancer treatment using thermal ablation, and transdermal
drug delivery are typical applications either investigated or commercially developed in
the field of the therapeutic ultrasound. Ultrasound can achieve those by means of
attenuation and absorption of ultrasound waves as well as by the physiological effects of
the microcavitation due to pulsed ultrasound (Holland and Apfel, 1989). There is no
specific frequency of ultrasound waves required for therapy, but previous experiments
suggest that ranges from 0.75 to 3 MHz are appropriate for the effective treatment of
hyperthermia for physiotherapy (Szabo, 2004), 0.5 to 10 MHz for thermal ablation (ter
Haar, 1995), and 1 to 3 MHz for drug delivery (Mitragotri et al., 1995), respectively.
These are relatively low compared to the frequency range for diagnostic ultrasound
imaging, from 1 to 50 MHz (higher frequencies for intravascular imaging).
Therapeutic ultrasound is one of the most effective rehabilitative treatments for
soft tissue injuries (Nussbaum, 1997). Frequently, therapeutic ultrasound treatment is
prescribed as a means to improve healing of soft tissue injuries, as well as to offer pain
relief linked with such injuries. The treatment is achieved through generation of
excessive heat around injured tendons or muscle, which causes the molecules to collide,
resulting in a deep heating effect. The thermal effects of ultrasound promote healing by
increasing metabolism and blood flow and allowing more nutrients and oxygen to reach
the injured tissues while decreasing pain of the damaged area (Nybo et al., 2002).
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Currently many commercial systems for diathermy are approved for clinical use to treat
usually deeper tissue injuries (~ 4 cm) in physiotherapy.
Thermal ablation using ultrasound for cancer treatment is a relatively recent
technology, which is the therapeutic application of heat (temperatures above 50°C) to
destroy cancerous tissue (Zimmer et al., 1995). Local hyperthermia in the tissue induces
protein destruction and cell membrane dissolution to necrose the targeted tissue. There
are two main types of applications of ultrasound in which hyperthermia can be used. One
is an external application of high-energy waves that are aimed at a tumor near the body
surface from an applicator outside the body. Another type uses a thin probe that is
inserted directly into the tumor. The transducer of the probe delivers ultrasound energy,
which raises the temperature of the surrounding tissue. As an example of intracavitary
application of ultrasound thermal ablation, Figure 3.1 shows a commercial system
(SONOBLATE 500®, Focus Surgery Inc., Indianapolis, Indiana), used to treat the benign
prostatic hyperplasia (BPH). This system consists of a console, chiller, display, and
transrectal ultrasound applicator that combines a therapy probe with an ultrasound
imaging probe. Two focal length transducers of 3.0 cm and 4.0 cm are available for total
prostate ablation (Tan et al., 2001).
Another example of therapeutic ultrasound applications is ultrasound-mediated
noninvasive transdermal drug delivery. For more than a decade, transdermal drug
delivery has been explored as an alternative method of painless drug administration.
However, there was a restriction that high molecular weight proteins such as insulin
could not be delivered through the skin due to the very low permeability of human skin
(Scheuplein and Blank, 1971). The ultrasound-mediated method is an innovative
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technology to overcome this drawback. Using ultrasound at low frequencies (< 3 MHz),
the method can improve the penetration of large molecular weight substances through the
skin (Mitragotri et al., 1995). Even though the mechanisms are not yet fully understood,
the theory that acoustic cavitation combined with a thermal effect induced from
ultrasound energy can enhance skin permeability is an accepted concept (Smith et al.,
2003a). Currently there is no commercial product for transdermal drug delivery using
ultrasound approved for clinical use. In vivo transdermal delivery of insulin with lowprofile cymbal ultrasound arrays has been reported (Smith et al., 2003b).

Figure 3.1: A picture of Sonoblate 500® thermal ablation system (Focus Surgery Inc.,
Indianapolis, IN).
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3.1.3 Focused ultrasound surgery (FUS)
High Intensity Focused Ultrasound (HIFU) or Focused Ultrasound Surgery (FUS)
is an emerging ablation technique for localized cancer therapy or an alternative surgical
method using acoustic energy. FUS uses intersecting acoustic waves on a single location
to increase temperature and to selectively destroy the target tissue. Due to its noninvasive nature, FUS has been explored as an alternative energy source for new surgical
methods.

3.1.3.1 Mechanism of ultrasound surgery
The majority of energy sources create lesions via hyperthermic injury. In the case
of atrial injury, the goal of hyperthermic ablation is to obtain a tissue temperature of
50°C, the temperature at which electrophysiologic disruption occurs (Nath et al., 1993). It
is important that the tissue temperature does not exceed the boiling point of water
(100°C) in order to avoid cavitation and/or tissue disruption. The cellular mechanism for
hyperthermic ablation is not entirely understood but is likely to be related to injury of the
sarcoplasmic reticulum with resulting influx of calcium into the cytosol (Williams et al.,
2004).
In thermal ablation, the ultrasound with high-intensity is focused on a targeted
area to produce irreversible tissue necrosis (ter Haar, 1995). Significant lesions are
typically achieved at exposure of 5 to 15 seconds, and high temperatures of up to 60 to
100°C (Chen et al., 1997). Induction of hyperthermia in tissue above 50°C causes the
protein to be permanently destroyed and cell membranes to be dissolved.
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3.1.3.2 Clinical applications
The first commercially available HIFU system was the Ablatherm® (EDAP, Lyon,
France). This is a device used in prostate cancer treatment. A HIFU probe with a single
focal length of 40 mm is placed into the rectum after administration of spinal anesthesia.
The temperature inside the prostate is raised to 85°C using a focused ultrasound beam. It
is approved in the EU, Canada, Russia and South Korea, but it is not available yet in the
US where a clinical trial is ongoing.
Subsequently, a second-generation system called the Sonablate 500® for noninvasive prostate cancer therapy was developed by Focus Surgery (Indianapolis, IN). It
has a combined therapy and imaging transducer for an image-guided ultrasound ablation
and is available for multiple focal lengths to increase the resolution of the treatment plan.
Comparison between the results of both systems has been encouraging and the progress is
in development for HIFU systems as well as their clinical applications.

3.2 Ultrasound transducer array
This section discusses topics concerning modern ultrasound transducers in arrays
for either imaging or therapy. Generally there are three different types of multi-element
transducer arrays, which are linear, curved linear, and phased arrays as shown in
Figure 3.2 to Figure 3.4 (Jensen, 1999). Each type is suited to a different application and
each produces a different beam shape. Although array models presented in this section
are applications for imaging transducers, this information may also be helpful to
understand therapeutic ultrasound arrays.
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3.2.1 Types of array

3.2.1.1 Linear Array
Linear phased array analysis often assumes that the array elements are equally
spaced, and identical, which provide the simplifications that facilitate analytical solutions
to synthesis problems. A typical linear array ultrasound transducer is composed of a large
number of rectangular piezoelectric material elements. The beam radiated from a single
element will diverge quickly after it is emitted. The array overcomes this to result in
better resolution and higher sensitivity. This type of array is widely used in ultrasound
imaging devices. Linear arrays for imaging obtain and display a rectangular image, and
the maximum region of interest (ROI) will be the same as the lateral size of the whole
transducer array. Figure 3.2 depicts a linear array transducer generally used for imaging
transducers.

Figure 3.2: Sketch of linear array transducer (Jensen, 1999).
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With a linear phased array, an imaging line is formed by using a group of
elements, which emit and receive ultrasound monostatically. The ROI moves laterally by
firing sets of adjacent elements (Oakley, 1994;Jensen, 1999).

3.2.1.2 Curved Linear Array
Because curved linear array has a convex shape, it fits better in the body and
radiates the ultrasonic beam toward a wider field than a linear array transducer having the
same lateral extent. The beam region widens with distance from the array with angles
varying from 30° to over 90°. The method of beam-forming and focusing is the same as
that of the linear array. Figure 3.3 depicts a curved linear array transducer generally used
for imaging transducers.

Figure 3.3: Sketch of curved linear array transducer (Jensen, 1999).
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3.2.1.3 Phased Array
Because linear arrays and curved linear arrays are often too large for some cases
such as cardiac imaging during which beams pass through the ribs, a phased array is
appropriate for obtaining a large field of view with a small array size. All the array
elements are pulsed to form a beam for either imaging or therapeutic treatment, and each
beam has its own steering angle with respect to the transducer surface. The method of
element combination is the same for linear and curved linear arrays. The direction of the
beam, however, is steered by phasing or delaying individual elements. For focused
ultrasound ablation, a two-dimensional phased array has been generally used. By the
control of the phase and amplitude of the sound wave generated from each element of the
array, beams can be focused electronically at different depths and steered or shifted
automatically. Figure 3.4 shows a linear phased array transducer generally used for
imaging.

Figure 3.4: Sketch of phased array transducer (Jensen, 1999).
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3.2.2 Focusing
In order to either improve imaging quality for diagnostic ultrasound transducers
or to localize acoustic energy at an aimed point for the therapeutic ultrasound transducer,
focusing is commonly used. Focusing in the plane along the line of the aperture improves
the resolution as well as the sensitivity by increasing the amount of energy in the focal
area (Zagzebski, 1996). The acoustic pressures and intensities involved are much higher,
when the focal rezone is well defined. Focusing can be achieved by an electric delay
scheme, or using an acoustic lens at the face of the transducer as shown in Figure 3.5.

Focal point

(a)Electronic
Electric focusing
(a)
focusing

Focal point
Geo. center
(b)Acoustic
Acousticlens
lens
(b)

Figure 3.5: Ultrasound beam focusing technique by (a) electronic focusing and (b) an
acoustic lens.
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Electronic focusing is applied to individual ultrasound beams generated by a
group of elements. Focusing during transmission, as shown in Figure 3.5 (a), is obtained
by adding delays to the excitation pulse of each element in a group. A concave shaped
beam from the aperture is transmitted and focused at the focal point, which is determined
by the extent of delay. The time-delay (ti [s]) scheme within a beam depends on the
position of the focal point and can be expressed as:

ti =

1
c

(x

i

− xf

) + (y
2

i

− yf

) + (z
2

i

− zf

)

2

(3.1)

where c is the speed of sound [m/s], (xi , y i , z i ) is the center for the physical elements i
[m], and (x f , y f , z f ) is the position of the focal point [m] (Jensen, 1999). The depth of

the focal point for electronic focusing can be changed simply by changing the amount of
delay applied to the individual element.
Elevation focusing using an acoustic lens, as shown in Figure 3.5 (b), is also
achieved by ensuring the contributions of the pressure field from all elements of the
aperture arrive at the field point at the same time. The amount of continuous phase delay,

φ n [rad], along the elevation direction of the element depends on the thickness of the lens
and can be expressed as:

φn =

2πd lens (n )

λlens

(3.2)

where d lens (n ) is the thickness of the lens at the elevation position divided by the number
of rays [m], and λlens is the wavelength within the lens material [m]. The total ultrasound
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field (p [Pa]) is calculated by summing up the Green’s function of each sound field from
a simple virtual source of the elevation position with a corresponding phase delay as
e j (kRn +φn )
Rn
n =1
N

p=∑

(3.3)

where k is the wave number [m-1], Rn is the distance between the field point and the
position of a simple virtual source [m]. An acoustic lens has the major disadvantage that
the focal point cannot be adjusted.

3.2.3 Sparse array

To have full electronic control for focusing and steering, the distance between two
adjacent elements (pitch) should be half of the wavelength of the ultrasound in the
propagation medium (λ/2-pitch requirement). For instance, an array with a square
aperture that has a length of 11 mm at a frequency of 3.5 MHz will need of 50-by50=2500 elements with a pitch of 220 µm. Each of these elements should be connected to
a channel of the ultrasound driving system. Using existing technologies, the fabrication
and implementation of arrays with that large a number of elements is very difficult and
expensive. One possibility to reduce the number of channels is the use of sparse array
techniques (Lo, 1964;Goss et al., 1996;Holm et al., 1997). The fully sampled or dense
array, as it is called when containing all elements, is thinned by randomly removing
elements until a given order of reduction is reached. Past research has shown that the
main lobe of the radiation pattern is mostly unaffected by random removal but the
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average sidelobe level increases as the number of channels decreases (Turnbull and
Foster, 1991).
A sparse phased array has been modeled and constructed for focused ultrasound
surgery (Goss et al., 1996). This array consists of a hexagonally packed transducers
composed of 108 elements. All the elements, mounted on a spherical shell, were identical
in shape and size, with a circular shape and 8 mm diameter. This design used a subset of
64 elements driven at 2.1 MHz, which were randomly sampled from the overall 108 array
elements. The array has demonstrated that the sparse random array reduced the
periodicity of the elements and thus the grating lobe level. The results of this study have
highlighted the feasibility of using sparse random arrays for focal surgery. A sketch of
this array is shown in Figure 3.6.

Figure 3.6: A sketch of a sparse random array for focused ultrasound surgery (Goss et al.,
1996)
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The grating lobe problem of a sparse array can be viewed as a problem of
reconstructing a continuous signal from discrete samples. Roughly, the sampling density
of the sparse array is not sufficient to reconstruct the signal without aliasing.

3.3 Thermal distribution on tissue

3.3.1 Bio-heat transfer model of tissue

The prediction of heat distribution in the targeted area is crucial in deciding the
input power and the required sonication time for thermal ablations. Many heat transfer
models for tissues have been described to date. Pennes (1998) was the first to develop a
heat transfer model for perfusion. His model was simple and considered the effect of
perfusion as a source-sink relationship between the vessels and the tissue. The model was
characterized by the following equation often referred to as “the Bio-Heat Transfer
Equation (BHTE)”:

ρC t

∂T
= ∇ ⋅ κ∇T + C b w(T − Ta ) + q
∂t

(3.4)

where ρ is the density of the tissue [kg·m-3], Ct is the specific heat of the tissue [J·kg-1·°C1

], T is the temperature at time t at the point x, y, z in °C, κ is the thermal conductivity

[W·m-1·°C-1], Cb is the specific heat of the blood [J·kg-1·°C-1], w is the blood perfusion
rate in tissue [kg·m-3·s-1], Ta is the arterial blood temperature [°C], and q is the power
deposited at the point x, y, z in Watts.
In Equation 3.4, the first term on the right-hand side is the heat diffusion due to
conduction. The second term is the heat transfer due to the perfusion of blood. The blood
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perfusion rate in tissue models the effect of blood flow on the temperature distribution in
the tissue. The main assumption behind the model was that the vessel temperature was
constant and the heat transfer took place predominantly in the capillaries. The model
assumes that the arterial blood enters the capillary bed at a certain temperature (Ta) and
then instantaneously equilibrates with the tissue temperature, leaving the tissue at the
temperature, T. In this study, the metabolic heat generation term is ignored due to its
small effect on the temperature distribution. The last term on the right-hand side is the
heat generated in the tissue due to the power deposition from the focused ultrasound
energy expressed as
q ( x, y, z ) = 2αI =

αPnet2 ( x, y, z )
ρc

(3.5)

where, α is the attenuation coefficient in the medium [dB·cm-1·MHz-1], and Pnet is the net
sound pressure at a given point in Pa. Figure 3.7 shows some attenuation coefficients for
mammalian tendon, heart, and liver.
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Figure 3.7: Graph of the attenuation coefficient versus frequency (0.5-7 MHz) for
mammalian tendon, heart and liver. (Goss et al., 1979)

3.3.2 Thermal dose

It was found that a mass of cancer cells is destroyed when the temperature is
raised to 113°F (45°C) and maintained for ten minutes (Percy, 1916). This discovery has
drawn attention to the beneficial effects of thermal therapy upon cancerous growths.
Recent in vitro studies of the effects of heat on Chinese hamster ovary cells has revealed
that the shape of survival curves appear similar to those representing cell survival as a
function of a dose of ionizing radiation (Dewey et al., 1977). This information indicates
that mechanisms for killing cells are different for heat treatment below 43°C as compared
to above 43°C. To compare the heat accumulation “dose” by different tissues subject to a
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complex heating regime, an equivalent time (teq) is calculated to have the same biological
effect if the temperature has been held at 43°C (Sapareto and Dewey, 1984). Thirty
minutes of constant thermal exposure at 43°C (t43) has been found to be sufficient to
cause the required biological effect for hyperthermia treatments.
The most commonly used model for describing tissue damage mathematically is
the Arrhenius model (Sapareto and Dewey, 1984). It has been shown for many tissue
types, that there is an exponential relationship between necessary treatment time and
temperature to cause tissue damage. In most cases, the following law applies above 43°C:
with every increase in tissue temperature by one °C, treatment time to cause tissue
damage is cut in half. The relationship stated above can be mathematically described by
the isoeffect equation:
t1 = t 2 ⋅ R (T1 −T2 )

(3.6)

where t1 and t2 are the treatment durations at treatment temperatures T1 and T2,
respectively. R can be assumed a constant with a value of 0.5 above 43°C, and 0.25
below 43°C (Sapareto and Dewey, 1984). Because the onset of appreciable tissue damage
occurs at around 43°C, it has been suggested by Sapareto and Dewey (1984) to quantify
tissue damage by a thermal dose at 43°C. This thermal dose is expressed as cumulative
equivalent minutes at 43°C (CEM43); i.e. a certain thermal treatment has the same effect
as keeping the tissue at 43°C for CEM43 minutes. If we set T1 = 43°C in the (1) and
allow the temperature to be changed during the treatment, we obtain:

CEM 43 = ∫ R (43−T (t )) dt

(3.7)
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Once CEM43 exceeds a certain critical value we can consider the tissue to be
damaged (i.e. ablated). The critical value of CEM43 has been measured for many tissues,
and is around 340 min for liver (Graham et al., 1999); i.e. tissue with CEM43 > 340 min
we considered ablated.

Chapter 4
Array design and numerical analysis

This chapter presents the numerical simulations used for acoustic pressure field
calculations, the design of the ultrasound phased array, and thermal distribution within
the cardiac tissue model, as well as a discussion of the underlying assumptions and some
background information. Efforts were made to model both single element and transducer
arrays by integral equation formulations using MATLAB® (MathWorks, Inc., Natick,
MA). The far field properties of the transducer element and arrays were then calculated.
Lastly thermal distribution generated by the ultrasound energy within the myocardium
(atrial wall) and the thermal dose required for tissue ablation were simulated with a finite
difference scheme in MATLAB® v7.0. The numerical methods, the procedures for
analysis using the commercial programs and the overall findings will be discussed.

4.1 Acoustic pressure calculations

Acoustic pressure calculations are required to determine the size and the number
of array elements in addition to predicting the ultrasound beam fields and temperature
distribution produced from the applicator. For the calculation of pressure fields from the
transducer array, an ultrasound beam model for a rectangular transducer has to be defined
since each element of the ultrasound array used in the current research has a rectangular
shape. In this study, two numerical models, one based on the Rayleigh-Sommerfeld
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integral and the other based on the Tupholme-Stepanishen method, are used for the
calculation of the ultrasound beam field radiating from a baffled rectangular piston
transducer as well as from a phased transducer array. The fundamental idea of these
approaches is that pressure field radiating from the transducer can be calculated by
summing up the resultant fields from small segments over the transducer face. All the
calculations follow the rigid-baffle assumption. The results from each model are
compared to verify the validity of the numerical method for the pressure calculations.

4.1.1 Rayleigh-Sommerfeld integral

The Rayleigh-Sommerfeld integral gives the pressure field produced in a medium
at x from a planar piston source (Zemanek, 1971):
jωρU 0
r
p(x , ω ) =
2π

∫

S

exp(− jkr )
dS ,
r

(4.1)

where ω is the angular frequency [rad], ρ is the density of the medium [kg·m-3], U0 is the
particle speed on the aperture surface e[m/s], r is the distance from a point on the aperture
r
surface to field point x [m] and S is total transducer surface area in m2.

Based on the single element beam model, the focused ultrasound field radiating
from the phased array will be predicted by superposition of the pressure field of each
element with appropriate phase delays of the driving signals. The phase of ith element, φi
[rad] is given by:

φi =

2π

λ

(d i − d 0 ) ,

(4.2)
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where λ is the wavelength in the interrogated medium [m], di is the distance from the
center of ith element to the focal point [m], and d0 is the distance from the center of the
r
array to the focal point [m]. Therefore, the total acoustic pressure at any field point, x ,

produced by an array with n number of elements can be written as:
n
jωρU 0
r
p(x , ω ) = ∑
2π
i =1

∫

Si

exp[− j (kri − φi )]
dS i .
ri

(4.3)

The Rayleigh-Sommerfeld approach has been used fairly extensively to treat the
problem of ultrasound transducer designs due to its simplicity. It can calculate ultrasound
beam patterns propagated through a planar interface from the linear phased array.
However, because Rayleigh-Sommerfeld method requires long calculation times, a more
efficient numerical method for beam models is desired.

4.1.2 Tupholme-Stepanishen method

Because of its simple expression, the spatial impulse response method is
frequently utilized to calculate the pressure field generated from pistons in an infinite
rigid baffle, radiating into a homogeneous medium (Wu and Stepinski, 1999). The
method counts on a linear systems theory to find the ultrasound field. One such approach
was developed by Tupholme (1969) and Stepanishen (1971). The calculation for the
ultrasound beam field radiating from the aperture can be achieved in a simple form using
the spatial impulse response:
∂u (t )
r
r
p (r1 , t ) = ρ n ∗ h(r1 , t ) ,
∂t

(4.4)
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where * denotes the time convolution, u n is the normal velocity to the aperture surface
r
r
[m·s-1], and r1 denotes the field point. Here, spatial impulse response, h(r1 , t ) relates

aperture geometry to the spatial extent of the field and depends on the difference between
r
r
r1 and r2 :

r r
⎛
r1 − r2
⎜
δ ⎜t −
c
r
h(r1 , t ) = ∫ ⎝ r r
S
2π r1 − r2

⎞
⎟
⎟
⎠ dS ,

(4.5)

r
where r2 denotes the aperture. In order to find the spatial impulse response, one can

consider the geometrical information between the field point and the aperture, as well as,
the shape of the aperture. Mathematical manipulations give the simplified general
expression for the spatial impulse response as:
r
c
h(r1 , t ) =
2π

N (t )

∑ [Θ (t ) − Θ (t )],
i =1

2

1

(4.6)

where N(t) denotes the number of arc segments that are intersected by the projected
spherical wave onto the aperture, and [Θ 2 (t ) − Θ1 (t )] is the corresponding angle
differences of the arc [rad].
If the spatial impulse response is found, the sound pressure field can be simply
identified using the geometrical information of the transducers as shown in Equation 4.4.
The spatial impulse response method devised by the Tupholme-Stepanishen can calculate
the ultrasound pressure field with a particular geometry of the aperture. More detail of the
Tupholme-Stepanishen method is given in Appendix A.
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4.1.3 Calculation of radiation beam fields

For calculations of pressure fields, simulation programs using the RayleighSommerfeld integral (Equation 4.1) were written with MATLAB® while programs using
the Tupholme-Stepanishen approach (Equation 4.4) were implemented using the FIELD
II programs that are MATLAB® functions developed for calculating ultrasound fields
(Jensen, 1996). The results from the calculation of radiation beam fields from a single
rectangular transducer and a linear phased array using the two numerical models are
presented and compared to each other for the validation of the developed programs. The
MATLAB® program code can be found in Appendix B.

4.1.3.1 Single rectangular transducer

Using the numerical approaches introduced in the previous sections, the pressure
fields in water (speed of sound: 1500 m/s) from a planar square element (5 × 5 mm) were
simulated. Figure 4.1 describes the definition of the coordinate axes and a plane
rectangular piston for sound pressure calculations. In this coordinate system, the element
is divided into 900 rectangular sub-elements required for superposition calculations. As
shown in Figure 4.2 and Figure 4.3, predictions using the two approaches of both on-axis
(axial response) and off-axis (lateral response) pressure fields in addition to the xz-plane
pressure fields agree very well. Lateral responses (Figure 4.2, 4.3 (a)) were calculated at
the field point, z = 10 mm, close to the axial distances of the near-field/far-field transition
distance, z ≈ 7 mm (d2 / 4λ, where d is the length of a side of the element.) Axial
responses and the near-field/far-field transition distance are shown in Figure 4.2, 4.3 (b).
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When the speed of transducer surface is assumed to be U0 = 0.019 m/s at 1.6 MHz, the
calculated values at the maximum pressure field were 5.0840×104 Pa (Figure 4.2 (c))
using the Tupholme-Stepanishen method and 5.1046×104 Pa (Figure 4.3 (c)) using the
Rayleigh-Sommerfeld integral, respectively. Figure 4.2, 4.3 (d) show the normalized
sound intensity maps as indicated from the intensity color bar. Also, Figure 4.4 shows the
angular responses that represent the far field properties of the transducer element. As
expected, the results of the simulated pressure fields show close agreement between the
two calculation models. Thus, either the Rayleigh-Sommerfeld integral or the TupholmeStepanishen method can be adopted for a rectangular transducer.

sub-element

y
x

height

(x0, y0, z0)

z
width

Figure 4.1: Definition of the coordinate axes and a plane rectangular piston for sound
pressure calculations. The center of the element defines the origin of the coordinate
system and the pressure is calculated at field point, (x0, y0, z0). The z-axis is coincident
with the element normal.
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(a) Lateral response of the transducer
at z = 10 mm

(b) Axial response of the transducer

(c) Sound pressure field on axis plane
at y = 0 mm

(d) Normalized sound intensity map

Figure 4.2: Numerical results of the ultrasound pressure field of a planar rectangular
transducer with 5 × 5 mm2 in size at 1.6 MHz using the Tupholme-Stepanishen method.
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(a) Lateral response of the transducer
at z = 10 mm

(b) Axial response of the transducer

(c) Sound pressure field on axis plane
at y = 0 mm

(d) Normalized sound intensity map

Figure 4.3: Numerical results of the ultrasound pressure field of a planar rectangular
transducer with 5 × 5 mm2 in size at 1.6 MHz using the Rayleigh-Sommerfeld integral.
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Rayleigh-Sommerfeld integral
Tupholme-Stepanishen method

Figure 4.4: Numerical results of the angular response at the far-field of a planar
rectangular transducer with 5 × 5 mm2 in size at 1.6 MHz.

For validation of the algorithms for the linear phased arrays, the following section
will demonstrate the simulation of the angular response and the sound pressure field
generated from a multi-element transducer.

4.1.3.2 Multi-element transducer

The methods used for single elements in the previous section were adapted and
modified to calculate the acoustic field in a lossless medium for a multi-element
transducer. The pressure fields in water were simulated from a 1-D linear phased array
composed of 32 elements with a pitch equal to the wavelength and with an element width
equal to 0.9 times the wavelength. Electrical focusing on axis at (0, 0, 40) mm and beam
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steering to the off-axis focal points of (20, 0, 40) mm are applied with appropriate phase
delays of the driving signals to each element. The sound intensities were calculated for
longitudinal sections in the y = 0 plane (zx-plane) with the values normalized. The results
are shown in Figure 4.5 using contour plots of dB levels, as indicated from the intensity
color bar. The results from both the numerical models for the pressure field appear in
close agreement for either on-axis focusing or off-axis focusing. In Figure 4.5 (c) and (d),
though the patterns of grating lobes induced from steering with arrays show slight
differences, the main beam patterns reveal the focusing for thermal ablations. Finally,
radiation patterns with the two numerical models were calculated and compared with an
analytical solution using the product theorem given as P(r ,θ , φ ) = Pax (r )H e (θ , φ )H (θ , φ ) ,
where H is the directional factor for the array with simple sources at the position of each
element and He is the directional factor for a single element (Kinsler et al., 2000).
Figure 4.6 shows that the results of the calculation using the RayleighSommerfeld integral agree well with available analytical results. However, the results
from the Tupholme-Stepanishen method do not agree in the levels of grating lobes. As
shown in results of off-axis focusing, large grating lobes at θ =50° occur with a beam
steering toward θ =14° even thought there were no grating lobes in the non-steered beam
fields. Because grating lobes are a source of unwanted heating in tissue, these must be
carefully considered for the array designs.
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(a) Focusing at (0, 0, 40) mm
using the Rayleigh-Sommerfeld integral

Grating lobe

(c) Focusing at (20, 0, 40) mm
using the Rayleigh-Sommerfeld integral

(b) Focusing at (0, 0, 40) mm
using the Tupholme-Stepanishen method

Grating lobe

(d) Focusing at (20, 0, 40) mm
using the Tupholme-Stepanishen method

Figure 4.5: Numerical results of a normalized sound intensity map of a linear focused
phased array with 32-elements and a wavelength in pitch size at 1.6 MHz using the
Rayleigh-Sommerfeld integral ((a) and (c)) and the Tupholme-Stepanishen method ((b)
and (d)). (a) and (b) show contours of on-axis focusing at (0, 0, 40) mm and (c) and (d)
shows off-axis focusing at (20, 0, 40) mm.
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Grating lobe

(a) and (b) used the Rayleigh-Sommerfeld integral

Grating lobe

(c) and (d) used the Tupholme-Stepanishen method

Grating lobe

(e) and (f) used the analytical solution
Figure 4.6: Numerical and analytical results of the sound radiation pattern at far-field
from a linear non-focused phased array with 32-elements and a wavelength in pitch size.
(a), (c), and (e) are non-steered. (b), (d), and (f) are steered toward θ =14°.
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Preliminary simulations with both the single planar rectangular transducer and a
linear phased array transducer verified the validity of the numerical models as well as
demonstrated the predicted acoustic behavior. The programs developed for the ultrasound
field with a linear phased array are available for proper prediction of the sound pressure
at a certain area. The pressure fields for this study were calculated for the array designs
based on these numerical models. The Rayleigh-Sommerfeld integral required more
calculation time than the Tupholme-Stepanishen method for the identical transducer
model. However, because the FIELD II program, which uses the Tupholme-Stepanishen
method, cannot model a random sparse array, and the Tupholme-Stepanishen method
dose not agree as well with analytical solutions, the Rayleigh-Sommerfeld integral was
used as the main numerical model for the calculations of the pressure fields in this study.

4.2 Ultrasound transducer array design and simulations

The esophagus is close to the posterior of the left atrium. This position makes it
particularly attractive for the incision-less surgery of selected areas of the heart. For the
focused ultrasound ablation through the esophagus, a transducer design based on details
of human anatomy and physiology is required. Ultrasound pressure fields within tissues
are numerically simulated to evaluate the designs of ultrasound arrays. With the
transesophageal applicator, the size and the position of the ablation targets can be
controlled by changing the electrical power and phase to the individual elements for
ultrasound beam focusing and steering. For the verification of the suggested design, the
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phased array with an acoustic impedance matching layer was built (Chapter 5), and then
evaluated using exposimetry and ex vivo experiments (Chapter 6).

4.2.1 Array designs

4.2.1.1 Overview

The basic principles of transducer array design for the therapeutic ultrasound
applicator are described from both theoretical and practical perspectives. For focused
ultrasound ablation, the transducer design is a two-dimensional phased array operating at
a frequency between 1~2 MHz. Phased arrays use multiple small transducer elements to
produce a focal area that is capable of heating a large volume of tissue in a single
exposure. By the control of the phase and amplitude of the sound wave generated from
each element of the array, beams can be focused electronically at different depths and
steered or shifted automatically. Also, the axial/lateral resolution and the beam pattern
can be changed through adjustment of the scheme of the active aperture. Since focused
ultrasound transducer arrays rely on array layouts to deliver maximum power to the focal
area, a careful choice of array design is essential.
The ultimate design goal of the current research is that the ultrasound applicator is
located within the esophagus as close as possible to the heart in order to effectively
deliver ultrasound energy, and create electrically isolating lesions in myocardial tissue
replicating the Maze procedure. A transesophageal ultrasound applicator must be small to
allow insertion into the esophagus. It must avoid possible damage to the esophagus while
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being inserted. According to a clinical study, the mean diameter of the esophagus is 18.6
± 1.6 mm (range 15.4-22.0) (Tsao et al., 2006). Also, the applicator must be able to
generate sufficient high sound intensity and have the capability of beam steering.
For the design of the transesophageal ultrasound transducer, various layouts of
transducer arrays and the corresponding ultrasound pressure fields were modeled. The
total acoustic intensity at any point in the sound field was calculated using the
MATLAB® implementation of the Rayleigh-Sommerfeld equation. The aperture size for
array design was 20.70 × 10.24 mm2, which is based on the dimensions of the human
esophagus as well as the housing of the array. Two types of sparse phased array design
have been examined in this dissertation and one of them was constructed using
piezoelectric ceramic (PZT-8) elements. Because of the small array element sizes, and
subsequent low capacitance and high impedances, a ceramic with a very high relative
dielectric constant and high coupling factor was considered.

4.2.1.2 Array profile with radiation pattern

For evaluation of the simulations of the phased ultrasound array, grating lobes and
f-number of the beam shaping are important output parameters. Grating lobes are the
additional beams resulting from multi-element structures. In this study, the magnitude of
the first grating lobe is observed as an output parameter for array design. Because grating
lobes might induce thermal damage on normal tissue outside the targeted area, these
unwanted beams must be minimized during the array design. Angles of grating lobes can
be calculated with
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sin θ g =

nλ
d

n = 1,2,3,...

(4.7)

where d is the distance between the center of elements. If λ is larger than d, there are no
grating lobes (Jensen, 1999).
Another important output parameter is f-number, which is defined as the ratio of
focal length to the total aperture size, given as
f-number = f / D

(4.8)

where f is the focal length of the phased array [m] and D is the aperture size of the total
array [m]. Although it is known that the smaller f-numbers provide better axial resolution,
the simulation results showed that better lateral resolution as well as better controllability
of focusing and steering were achieved with the smaller f-numbers. Thus, when the
targeted focal length is given, larger apertures allow better performance in beam focusing.
However, there are limitations that prevent transducer arrays from using smaller fnumbers in order to achieve improvements in beam forming. The channel count limit on
f-number is straightforward. In order to design arrays with larger apertures, more
elements or larger elements are required.

4.2.2 Periodic sparse phased array

Linear phased arrays have been intensively studied for many years. Conventional
analytical and numerical methods of linear phased array synthesis are well developed and
documented in many textbooks and papers. The phased array has been widely used in
medical ultrasound applications since its beams can be focused at different depths and
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steered by the control of electric signals into each element of the array. Also, the linear
phased array with identically spaced elements is easier to analyze and forms the basis for
most array designs. However, a linear phased array with a compact structure may
produce large grating lobes or low acoustic power delivery due to poor focusing.
Figure 4.7 - Figure 4.9 show the simulation results of the ultrasound field of normalized
intensity using a linear phased array, as indicated from the intensity color bar. Three
different types of designs of the linear phased array, which have different aperture size or
different number of elements, were modeled and the ultrasound fields from the each array
were calculated and compared to each other. The anatomical information of the
esophagus and economical aspect concerning the production of the array were considered
in determining the specifications of the model. The sound fields for on-axis focusing with
the focal point aimed at (0, 0, 40) mm and off-axis focusing at (10, 10, 40) mm were
calculated respectively. First, a simple design (#1) of the array for focused ultrasound
transducer, with an aperture size of 20.70 × 10.24 mm2, 64-elements (8-by-8) in same
size, and kerfs of 105 µm, was modeled (Figure 4.7 (a).) In order to quantitatively
evaluate the focusing, the focal zone is generally defined by the half-maximum intensity
(-3dB) contour. However, it is not necessary for the volume of the focal zone to agree
with lesion size created in targeted tissue, since thermal dose for ablation can be
controlled by the ultrasound exposure time.
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(a) Design #1 – Aperture size: 20.70 × 10.24 mm2 (8-by-8 array)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.7: (a) Scheme of the linear phased array (Design #1) and simulation results of
the ultrasound field of the normalized intensity for (b) on-axis focusing and (c) off-axis
focusing plotted as a contour with levels indicated at 0, -1, -2, -3, -6, -9 and -12 dB,

The simulation results of on-axis focusing in Figure 4.7 (b) show that the
suggested linear phased array achieved a focal zone length of about 25 mm at the aimed
point (0, 0, 40) mm, and the grating lobe level kept below -9 dB toward θ=22° in the xzplane from the main lobe. The results seem to be acceptable for ultrasound ablation of the
myocardium for on-axis focusing. However, since the existence of the grating lobe may
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possibly result in unwanted heating within the tissue when using long ultrasound
exposure time, this needs to be suppressed with design modifications.
For off-axis focusing (Figure 4.7 (c)), the plot shows that the unwanted focal zone
due to the grating lobe at (-6, 10, 42) mm is greater than that due to the main lobe. The
greater focal zone of the grating lobe can be attributed to the violation of the design
criteria for phased array. Practically, phased array should have a pitch size less than one
half-wavelength in order to avoid raising significant grating lobes, especially when the
beam is steered. Equation 4.7 explains how the pitch size (d) of the array, when the
operating frequency is given, can be chosen to eliminate grating lobes. The array (Design
#1), however, has a pitch of 2.5 mm in the x-direction and 1.2 mm in the y-direction,
which is much larger than the wavelength of 0.94 mm. For this reason, a new design must
have a smaller pitch. In order to see the effect of small pitch size on the beam formation,
a linear phased array with an aperture size of 14.48 × 7.16 mm2 (about 70 % length of
each side of the aperture), 64-elements (8-by-8) in same size, and kerfs of 105 µm, was
modeled as array Design #2 (Figure 4.8 (a).) and the sound fields for on-axis focusing
and off-axis focusing were calculated.
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(a) Design #2 – Aperture size: 14.48 × 7.16 mm2 (8-by-8 array)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.8: (a) Scheme of the linear phased array (Design #2) and simulation results of
the ultrasound field of the normalized intensity for (b) on-axis focusing and (c) off-axis
focusing plotted as a contour with levels indicated at 0, -1, -2, -3, -6, -9 and -12 dB

In the case where the array element size was decreased, i.e., the pitch size was
decreased from 2.5 mm (Design #1) to 1.7 mm (Design #2) in the x-direction and from
1.2 mm (Design #1) to 0.8 mm (Design #2) in the y-direction, the ultrasound fields of the
normalized intensity were also calculated and plotted in Figure 4.8. On-axis focusing
with the smaller pitch resulted in an improved grating lobe level below -12 dB toward
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θ=34° from the main lobe, compared to that from the array of Design #1, which can be
shown in Figure 4.8 (b). Even though the level of the grating lobe was significantly
suppressed, the focal zone length was conversely increased to about 30 mm at the point
(0, 0, 30) mm instead of the aimed point (0, 0, 40) mm. This is caused by high beam
forming f-number at (0, 0, 40) mm, which resulted from the decreased aperture size of the
total array with decreased element size. According to the Equation 4.8, a smaller aperture
size (D) of an array increases the f-number when the targeted focal length is given. This
means that the array with Design #2 cannot control beam formation at the distance of the
focal point (0, 0, 40) mm for a given frequency. From the sound fields simulations with
various f-numbers and from previous studies, the f-number should be kept below two (2)
to ensure that the transducer array generates concentrated focal zones in a tissue volume.
Designs with very small f-number are restricted due to the dimensional limits of the
esophagus.
For off-axis focusing shown in Figure 4.8 (c), an unwanted focal zone, due to the
grating lobe at (-11, 10, 36) mm, also exist in the same manner as in Design #1. There is
still considerable concern about the level and size of the grating lobe. It is imperative that
it is suppressed for the design of ultrasound ablation transducer.
To improve the focusing problem with Design #2, a new design of the linear
phased array with small pitch and large aperture size was suggested by increasing the
number of elements in the aperture size used in Design #1. A linear phased array, which
has an aperture size of 20.70 × 10.24 mm2, 15-by-13 195-elements in same size of 1.3
mm in the x-direction and 0.7 mm in the y-direction, and kerfs of 105 µm, was modeled
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as array Design #3 (Figure 4.9 (a).) and the sound fields for on-axis focusing and off-axis
focusing were calculated.

(a) Design #3 – Aperture size: 20.70 × 10.24 mm2 (15-by-13 array)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.9: (a) Scheme of the linear phased array (Design #3) and simulation results of
the ultrasound field of the normalized intensity for (b) on-axis focusing and (c) off-axis
focusing plotted as a contour with levels indicated at 0, -1, -2, -3, -6, -9 and -12 dB

The simulation results of both on- and off- axis focusing in Figure 4.9 (b), (c)
show that the linear phased array with the relative large number of elements achieved
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good performances in focusing at the aimed points, as well as in depressing grating lobes.
A length of the focal zone was about 20 mm at the aimed point (0, 0, 40) mm, and the
grating lobe level was kept below -12 dB toward θ=46° in the xz-plane from the main
lobe during on-axis focusing. Also, off-axis focusing did not show any significant
unwanted focal zone due to the grating lobe in the simulation result. The grating lobe at (20, 10, 40) mm was kept below -6 dB. The design parameters of linear phased array
Design #1~3 and the outputs from the sound field simulations are summarized for
comparison (Table 4.1.)

Table 4.1: A summary of the design parameters of linear phased array designs and the
outputs from the sound field simulations.
Design #1

Design #2

Design #3

Pitch size (x, y) [mm]

2.5, 1.2

1.7, 0.8

1.3, 0.7

Aperture size [mm2]

20.70 × 10.24

14.48 × 7.16

20.70 × 10.24

Number of elements

64

64

195

f-number at (0, 0, 40) mm

1.93

2.76

1.93

Length of focal zone [mm]

~ 25

~ 30

~ 20

Resulting focal point [mm]

~ 40

~ 30

~ 40

First grating lobe [Deg, dB]

22, -9

34, -12

46, -12

The results show that Design #3 generates the most reliable and accurate focusing
and beam steering for delivery of sufficiently high intensity to create lesions in targeted
tissue. However, Design #3 still has a problem from an engineering point of view. The
number of elements will increase the cost and time associated with the production. For
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this reason, the current research suggests the design of the phased array with a reduced
number of transducer elements but the same sizes of pitch and aperture as in Design #3 to
focus ultrasound energy at targeted tissue as well as to enable beam steering. A periodic
sparse array can benefit from the reduction of the number of elements compared to the
full matrix of the array. Also, it will have a layout with a small pitch but large aperture
size. Ultrasound fields within myocardial tissue generated from the periodic sparse
phased array were numerically examined for an on- and off- axis focusing.
For the current research, 64 active elements operating at a frequency of 1.6 MHz
were spatially sampled from 195 equally spaced rectangular elements. The active
elements were sampled from every third element in a row, and then in the adjacent rows
the location of each active element was shifted so that the elements were diagonally
periodic. The design of the sparse phased array shown in Figure 4.10 (a) is that active
elements are periodically distributed within the 15-by-13 array used in Design #3. The
way to sample elements enables the array to maintain both an aperture size of 20.70 ×
10.24 mm2 and pitch sizes of 1.3 mm in the x-direction and 0.7 mm in the y-direction in
the same manner as in Design #3. In consequence, the array of Design #4 can have an fnumber of 1.93 at (0, 0, 40) mm with fewer elements, which is the same as the f-number
of the linear phased array (Design #3).
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(a) Design #4 – Aperture size: 20.70 × 10.24 mm2 (15-by-13 array)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.10: (a) Scheme of the periodic sparse phased array (Design #4) and simulation
results of the ultrasound field of the normalized intensity for (b) on-axis focusing and (c)
off-axis focusing plotted as a contour with levels indicated at 0, -1, -2, -3, -6, -9 and -12
dB, as indicated from the intensity color bar.

Figure 4.10 (b), (c) shows the simulation results of the ultrasound field of the
normalized intensity, as indicated from the intensity color bar, for on-axis focusing with
the focal point aimed at (0, 0, 40) mm and off-axis focusing at (10, 10, 40) mm,
respectively. According to the simulation results, the periodic sparse array model
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produced well-defined focal zones for both on-axis and off-axis focusing and reduced the
grating lobes, which are similar results to those obtained using the linear phased array of
Design #3. Recognizable differences between the results of the sound fields from the two
designs are near-field heating in front of the focal zone from the sparse array. It is
assumed that the pitch in each column (y-direction), which is larger than a wavelength,
affects the near field of the sound fields in the xz-plane. When the pitch in each column
was reduced, it was found that the near field heating was suppressed. Also, it is known
that the larger the inter-element distance, the higher the amplitude of the grating lobe.
However, as mentioned above, an array with smaller piezoelectric ceramic requires more
effort to be fabricated, but also more electric power to produce sufficient acoustic energy
to create lesions in soft tissue. Thus, a water circulation system to cool the near-field
region was devised instead of an additional design modification to resolve the near-field
heating problem. More details about the water circulation system will be explained in
Chapter 5.
In the following two sections, two more array designs will be introduced,
designed to attempt to suppress the grating lobe in the sparse array. Ultrasound fields
within myocardial tissue generated from the arrays will be numerically examined to
evaluate the improvements.

4.2.3 Random sparse phased array

One alternative design is the random sparse phased array, which is intended to
control grating lobes by eliminating the periodicity in sparse arrays as well as improve
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efficiency of the ultrasound ablation by increasing the size of elements. Designs with
larger elements for improvement of both the power transfer and acoustical efficiency
were examined. The sparse array with randomly distributed elements can simultaneously
enhance focusing and reduce grating lobes. Note that the meaning of “sparse” for random
sparse array is little bit different with that used for the periodic sparse array. For periodic
sparse phased array, it was used to describe the thinly sampled elements instead of full
matrix of the elements as shown in Figure 4.10 (a). However, for the random sparse array,
sparse refers to the larger pitch size than λ/2 as shown in Design #5 (Figure 4.11 (a)).
Various layouts for the random sparse array were modeled and numerical
simulations for the ultrasound field calculations were performed using the same
methodology as for the previous models. The most reliable design for the array and the
resulting sound fields are shown in Figure 4.11.
The random sparse array, which has 64 active elements among 66 rectangular
elements (11-by-6, two elements are surplus and inactivated), was designed based on the
results of the numerical simulation using random variables (positions of geometrical
centerlines of elements in rows). The dimensions of each element are 1.8 mm in the xdirection and 1.6 mm in the y-direction, which are both greater than the wavelength of
0.94 mm. In order to furnish the array with randomness, 11 elements were aligned and
equally spaced in a row (x-direction), and then geometrical centerlines of 6 rows with 11
elements were randomly arranged in the y-direction. The random offset of the element in
only the x-direction was achieved with the mean of 0.274 mm deviated from zero in the
x-direction and the standard deviation of 0.48 mm for final design of the array.
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Figure 4.11 (a) shows the two-dimensional 64-element random sparse phased array with
total size of ~ 20.70 × 10.24 mm2.

(a) Design #5 – Aperture size: ~20.70 × 10.24 mm2 (11 by 6)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.11: (a) Scheme of the random sparse phased array (Design #5) and simulation
results of the ultrasound field of the normalized intensity for (b) on-axis focusing and (c)
off-axis focusing plotted as a contour with levels indicated at 0, -1, -2, -3, -6, -9 and -12
dB, as indicated from the intensity color bar.

The simulation results of both on- and off- axis focusing in Figure 4.11 (b) and (c)
show that the random sparse phased array achieved good performances in focusing at the
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aimed points, as well as in depressing grating lobes although it has elements larger than
one wavelength. It was also found that near-field heating arising from the periodic sparse
array disappeared. For on-axis focusing, the well-confined focal zone ranges axially from
30 to 50 mm around the aimed point (0, 0, 40) mm, and grating lobes are almost
suppressed in the xz-plane. For off-axis focusing, the grating lobe at (-10, 10, 25) mm
was kept below -9 dB. The grating lobe problem is inevitable for a sparse array. The
reason is that the sampling density of the sparse array is not sufficient to construct the
pattern without aliasing. However, it is known that aperiodic array design can reduce the
magnitude of grating lobes and improve the beamforming performance in the sparse array
designs.

4.2.4 Tapered array

Numerical simulations have indicated that sparse phased arrays (Design #4 and 5)
are likely to achieve better acoustical performance in thermal ablation using ultrasound
rather than the linear phased arrays (Design #1, 2, and 3), when the array structures
require much smaller sizes. The random sparse array showed excellence in both the
focusing at the targeted area and controlling grating lobes in the calculated ultrasound
fields. The periodic sparse phased array, however, has the advantage of easy construction
compared to the random sparse array even though it may generate grating lobes and nearfield heating. Since grating lobes are a result of the periodic spacing of the array
elements, they may be suppressed once the elements are spaced unequally. Also, as
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suggested in the previous section, near-field heating can be avoided by employing the
water circulation system.
The final layout considered for fabrication involved tapering the array elements
according to a Hamming window. The enhanced design with a tapered array started by
dividing the aperture of 20.70 × 10.24 mm2 into a 15-by-13 full matrix array with 195
individual elements with lengths (x-direction) of 1.04, 1.11, 1.19, 1.26, 1.34, 1.41, 1.49,
1.55, 1.49, 1.41, 1.34, 1.26, 1.19, 1.11, and 1.04 mm for elements in a row, respectively,
and heights (y-direction) of 0.57, 0.61, 0.65, 0.70, 0.75, 0.79, 0.84, 0.79, 0.75, 0.70, 0.65,
0.61, and 0.57 mm for elements in a column, respectively (Figure 4.12 (a)). Then, 64
elements were activated in the same manner for the equal size sparse array (Design #5).
The improvement of tapering the array elements was demonstrated by numerical
simulations for sound field shown in Figure 4.12 (b) and (c).
As shown in the plots in Figure 4.12 (b), on-axis focusing applicable for thermal
ablation using ultrasound can be achieved by tapering the array elements, while keeping
an acceptable level of grating lobes. When the focus was aimed at (0, 0, 40) mm with fnumber of 1.93, the focal zone length was about 20 mm, with the grating lobe kept below
-15 dB. Off-axis focusing at (10, 10, 40) mm resulted in a grating lobe level below -12
dB, which can be shown in Figure 4.12 (c). From the comparison between the results of
the simulations for the sparse arrays with equal size elements and the tapered sparse array,
an improvement in acoustical performance is observed, when the latter array was used,
by the attempt to space the array elements unequally.
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(a) Design #6 – Aperture size: 20.70 × 10.24 mm2 (15-by-13)

Grating lobe

(b) Focal point aimed at (0, 0, 40) mm

(c) Focal point aimed at (10, 10, 40) mm

Figure 4.12: (a) Scheme of the tapered phased array with periodically sparsed elements
(Design #6) and simulation results of the ultrasound field of the normalized intensity for
(b) on-axis focusing and (c) off-axis focusing plotted as a contour with levels indicated at
0, -1, -2, -3, -6, -9 and -12 dB, as indicated from the intensity color bar.

The distribution of the reduced number of elements in the sparse array can be
optimized by using different methods to achieve acceptable properties for the radiation
pattern. However, further investigation along these lines is beyond the scope of the
current research. Among the suggested array models for this research, the layout (Design
#6) shown in Figure 4.12 (a) is expected to provide the most reliable model that can both
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assure the accurate ultrasound focusing for heart ablations, and permit straightforward
fabrication. Based on the numerical simulation results of transducer arrays, the
fabrication of the transducer array with an acoustic matching layer is discussed in
Chapter 5.

4.3 Temperature distribution computations

The purpose of this section is to discuss the bio-heat transfer model, the
computational methods and the numerical issues that have been observed in the
development, and the application of these processes to the design of the ultrasound
applicator. The calculations used to simulate heating from the focused ultrasound arrays
were developed using a numerical solution to the bio-heat transfer equation (BHTE)
(Pennes, 1998), which is shown in the previous chapter (Equation 3.4.) An explicit, threedimensional finite-difference solution to the BHTE was implemented in MATLAB®.

4.3.1 Numerical methods for bio-heat transfer equation

4.3.1.1 Finite Difference Method (FDM)

The ultrasound pressure field radiating from the transducer array was calculated
using analytical methods while the bio-heat transfer equation (BHTE) was solved using a
numerical method with initial conditions and boundary conditions. The finite difference
method translates the differential equation into a difference equation that can be analyzed
numerically. The generation of a mesh is required to define local coordinate surfaces.
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Then the unknown function values are found from the difference equations for each mesh
node. For the implementation of the method using MATLAB®, a well-known
computational technique, the finite-difference time-domain (FDTD), is adopted. It can
solve the heat transfer equations using an explicit finite difference method in a leapfrog
manner. The FDTD has been used in much geometry to accurately simulate heat transfer
processes in thermal analysis. Numerical modeling of heat transfer in the myocardium
was carried out with first order differences in time and second order differences in space.
For a finite difference scheme, a grid in the (x, t) plane is laid out with grid points
x j = j∆x and t n = n∆t , where ∆x, ∆t > 0 are small enough to avoid grid dispersion

(computational artifact) and j and n are integer.
The simplest parabolic partial differential equation is the 1-D heat equation
u t = c 2 u xx .

(4.9)

In order to apply the FDTD to the BHTE in tissue ablation models, Equation 4.9 must be
written with the blood perfusion term and thermal source term in 3-D. Substituting
difference approximations into the BHTE, and solving this for Tn+1, the temperature at
time level n+1 leads to an explicit finite difference method:
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κ
,
ρC t

where, T = T ( x, y, z; t ) is the temperature [°C] at time t [s], Ct is the specific heat of the
tissue [J·kg-1·°C-1], Cb is the specific heat of the blood [J·kg-1·°C-1], κ is the thermal
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conductivity [W·m-1·°C-1], Ta is the blood temperature [°C], and r is a constant related to
the numerical stability.

4.3.1.2 Initial and boundary conditions

Because the heat transfer equation involves both a time and a space solution to
Equation 4.10, boundary conditions at x = 0 and x = d, for instance, and initial conditions
at t = 0 must be specified. Since the PDE involves a first-order time derivative, the initial
condition at one time-step is required. The initial temperature is taken to be T1j = 37 °C
which is normal body temperature. With regard to the boundary conditions in onedimensional problems, there are several common possibilities that are simply expressed
in mathematical form. The simplest boundary condition is the Dirichlet boundary
condition or the boundary condition of the first kind:
T

boundary

= T0 .

(4.11)

The temperature is held fixed at a constant temperature (e.g. Tn1 = T0 = 37°C ) at the
boundaries. The second condition corresponds to the existence of a fixed or constant heat
flux at the boundaries. It is called as Neumann boundary condition or the boundary
condition of the second kind, which is mathematically expressed as
∂T
∂n

= 0,

(4.12)

boundary

where n represents the coordinate that is normal to the boundary. The Neumann condition
is implemented by setting the endpoint value equal to the point next to it: Tn 2 = Tn1 ,
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which implements the thermal insulation conditions. Implementing this boundary
condition on the finite difference grid using a forward difference approximation for the
derivative leads to the relationship x1 = x2, where x1 is a point on the grid boundary.
Lastly, the Robin condition or the boundary condition of the third kind represents the
case where the heat flows out of the control volume. For the myocardial ablations, a
convection surface condition should be considered at the endocardium because of the
convective cooling due to the flowing blood in the chamber of the heart. Mathematically
this condition can be expressed as
h(Ta − Tboundary ) = − k b

∂T
∂n

,

(4.13)

boundary

where h is called the heat-exchange coefficient and is largely dependent on the velocity
of the blood flow in that region. The values of h = 4000 W/m2·K and h = 100 W/m2·K are
typical of the heat-exchange coefficient at the endocardial surface and the epicardial
surface, respectively (Bhavaraju, 2000). Figure 4.13 shows boundary conditions for the
heat transfer equation in soft tissue at various types of boundaries.
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T(0, t)

T0

Ta, h
T(x, t)

T(x, t)

x
(a) First kind

x
(b) Second kind

T(x, t)
x
(c) Third kind

Figure 4.13: Boundary conditions for the heat transfer equation in soft tissue at various
types of boundaries. (Incropera and De Witt, 1990)

4.3.1.3 Stability requirement

The solutions to the three-dimensional bio-heat transfer equation (Equation 4.10)
subject to the initial and boundary conditions are all bounded. For the FDTD method
using forward time, centered space (FTCS) scheme, if ∆t is too large, unstable solutions
that oscillate and grow can be obtained. The FTCS scheme yields stable solutions only if
the constants related to the numerical stability in each direction satisfy a simple criterion
that sets a limit on the calculation time step. The constant in the x-direction with a
criterion for the stability of explicit FDTD method is expressed as Equation 4.14.

rx =

κ ∆t 1
<
ρCt ∆x 2 2

(4.14)
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4.3.2 Simulations of thermal distribution: Thermal ablation

4.3.2.1 Introduction

As reviewed in Chapter 3, the convective heat transfer caused by the blood
perfusion dominates the heat dissipation in tissue. However, the heat convection between
myocardium and blood within the atrium occurs as direct energy transfer rather than by
blood perfusion. The blood flow is a heat sink at the endocardium (inner wall of the
heart) in the treated volume. Therefore, the boundary conditions for convection term in
the bio-heat equation have to be considered. The thermal model of the myocardium along
with further consideration of the calculation of the thermal distribution as well as thermal
dose requirements for the cardiac tissue ablations are discussed in this section.

4.3.2.2 Thermal model of the tissues

The level of blood perfusion used in this study (5.3 kg·m-3·s-1) was kept constant
until the critical temperature was reached (50°C). Above this temperature, the perfusion
was dropped to zero for the remainder of the treatment (Tyreus and Diederich, 2002),
thus simulating the cessation of blood flow in coagulated tissue due to the destruction of
blood vessels. The ultrasound power deposited in tissue was obtained from the acoustic
pressure distribution, which is shown in Equation 3.5. The assumption was made in the
acoustic calculations that the attenuation and absorption of ultrasound were constant
throughout the treatment. Other relevant physical parameters used in the calculations are
listed (Table 4.2.)
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Table 4.2: Physical parameters used in acoustic calculations and biothermal simulations
Parameter

Value

Reference

Density (ρ)

1000 kg·m-3

Specific heat capacity (Ct)

3700 J·kg-1·°C-1

Perfusion (w)

5.3 kg·m-3·s-1

Thermal conductivity (κ)

0.5W·m-1·°C-1

Attenuation (µ)

1.5 dB·cm-1·MHz-1

(Worthington et al., 2002)

Speed of sound (c)

1500 m·s-1

(Worthington et al., 2002)

(Xu et al., 1998)

4.3.2.3 Computational results and analysis

Temperature simulations were used to verify the potential to increase the tissue
temperature to about 50°C with ultrasound energy. Simulation results of the thermal
distribution, as indicated from the temperature color bar, in the cardiac tissue and the
temperature rise estimation near the focal region are shown in Figure 4.14 and
Figure 4.15 for ex vivo and in vivo, respectively. Ex vivo analysis without blood perfusion
was performed according to Equation 3.4, but assumed that the blood perfusion rate in
tissue was zero, since explanted tissue was used the blood flow could not be recreated.
Any effect of blood flow on the temperature distribution in the tissue was therefore
ignored.
Figure 4.14 (a) illustrates that the temperature changed more rapidly in the ex vivo
conditions rather than for the in vivo conditions shown in Figure 4.15 (a). The trend
demonstrated that with higher maximum temperature was achieved with lower sound
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intensity. During the exposure period, the calculated temperature rose from 37.0 to 56°C
for ex vivo condition and from 37.0 to 55°C for in vivo condition, respectively in 280
seconds. The lesion size of achieved in explanted tissue (Figure 4.14 (b)) was expected to
be bigger than Figure 4.15 (b) due to the removal of the heat dissipation effects of blood
flow found in the body. This illustrates the effect of blood perfusion on lesion size. Using
Equation 3.4, the blood perfusion rate in tissue was calculated as 5.3 kg·m-3·s-1. On-axis
focusing at (0, 0, 30) mm from the geometrical center of the array and a peak sound
intensity at the focal point of 70 W/cm2 was required to achieve similar results to those
from ex vivo simulation (50 W/cm2) in addition to a slightly higher intensity at focal point.
With these simulations, lesion size (described with dotted lines in Figure 4.14,
4.15 (b), which are the isothermal lines at 50°C) and required sonication time can be

calculated. More reliable prediction of thermal distribution in the myocardium can be
performed with proper boundary conditions at epicardium and endocardium.

Array turned off

(a) Temperature history at the focal point

(b) Thermal distribution within the cardiac tissue
Figure 4.14: Simulation results of (a) temperature as a function of time calculated at the
location of the focal point and (b) the thermal distribution within the cardiac tissue (ex
vivo with peak sound intensity at the focal point of 50 W/cm2).
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Array turned off

(a) Temperature history at the focal point

(b) Thermal distribution within the cardiac tissue
Figure 4.15: Simulation results of (a) temperature as a function of time calculated at the
location of the focal point and (b) the thermal distribution within the cardiac tissue (in
vivo with peak sound intensity at the focal point of 70 W/cm2).

Chapter 5
Transducer probe fabrication

As discussed in previous chapters, a transesophageal ultrasound applicator must
be small enough to fit into the esophagus. It must also avoid damage to the esophagus
while being inserted. In order to reduce the size of the transducer, piezoelectric ceramics
(PZT-8, Navy Type III) able to handle the large electric power needed for tissue ablation
were designed to operate at a frequency of 1.6 MHz. The current research suggests a
design of a sparse phased array to deliver sufficiently high intensity to create lesions in
tissue as well as to enable the ultrasound beam to be steered without moving the
applicator in the esophagus. To verify the array design with either the exposimetry
measurements or the ex vivo tests, it is necessary to build and assemble the array with an
appropriate housing.
In order to ensure the required maximum power transfer from each array element
to the ablation target, an acoustic impedance matching layer with a quarter wavelength
thickness was designed and constructed. Also, LC (L: inductor; C: capacitor) circuits for
electric impedance matching to the value of 50 Ω∠0° between the ultrasound driving
system and each element were constructed. A water circulation system was installed in
the applicator to cool down the high temperature in the acoustic near field to reduce
unwanted heating to the esophagus and surrounding tissues. An acoustic window was
devised to minimize the loss of the acoustic energy passing through the housing as well
as to keep cooling water in the applicator system during the circulation. The effect of the
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acoustic window on the array performance was simulated by calculating the ultrasound
field from the transducer array.
In this chapter, design and development issues, the fabrication process, and the
results and analyses of the sparse phased ultrasound array are presented in detail.

5.1 Transducer array construction

Based on the simulation results of the ultrasound field from the transducer array, a
prototype of the array was designed and built in-house. The fabrication of the transducer
array and its related issues such as acoustic impedance matching and wiring of the
elements are presented in this section. Also, phase matching for precision beam forming
is demonstrated.

5.1.1 Materials for the array

Since the properties of the material are crucial factors affecting the performance
of the ultrasound treatment, choosing an appropriate material for the ultrasound
transducer array was carefully considered. A family of ceramics made from lead
zirconate and lead titanate (PZT) have been used in medical ultrasonic transducer design
for the past three decades. The major advantages of PZT are the high electromechanical
coupling coefficient in thickness mode, high relative dielectric constant, and low
mechanical and dielectric loss tangents. Table 5.1 shows some of the properties,
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considered as important factors for transducer design, of piezoelectric ceramics used in
medical ultrasonic transducer.

Table 5.1: Comparison of the properties between piezoelectric ceramics.

PZT-4

Material Type
PZT-5A

PZT-8

Thickness coupling factor, kt

0.573

0.486

0.480

Dielectric constant

1150

1800

1000

Mechanical dissipation factor, tanδ

0.002

0.013

0.002

Mechanical quality factor, Q

500

75

1000

Density [kg/m3]

7500

7750

7500

Parameter

PZT-5A is recommended for diagnostic (imaging) transducers due to its high
sensitivity and high time stability. PZT-4 and PZT-8, however, are recommended for
high intensity ultrasound transducers with an advantage of a higher mechanical quality
factor. Thus, PZT-8 was chosen as the material of the transducer array, since it can
handle the high electric power required for tissue ablation.
One disadvantage of a piezoelectric ceramics is its high acoustic impedance (34
MRayls) compared to human tissue/water (1.5 MRayls). Because of the acoustic
impedance mismatch, sound waves radiating from the ceramic transducer and entering
the tissue/water may be strongly reflected. If so, only a small amount of the acoustic
energy would be delivered into the tissue. In order to improve the efficiency of the
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transducer, a matching layer(s) having an intermediate impedance can be placed between
the ceramic and tissue/water.

5.1.2 Array construction

The periodic sparse and phased array design for cardiac ablation has 64 active
elements operating at a frequency of 1.6 MHz. The active elements selected from a total
195-element (15 × 13) rectangular grid are spatially sparse. The tapered plane elements
consist of a thin piezoelectric ceramic, operated at a resonance that is determined by the
thickness resonance frequency (λ/2) of the ceramic.
A series of array fabrication procedures have been completed in-house. These
include lapping the ceramic, sputtering the chromium and gold, building the acoustic
matching layer, and dicing and cabling the elements. First, a lead zirconate titanate
ceramic (PZT-8, TRS Ceramics, State College, PA) was diced to 20.70 × 10.24 mm2 and
lapped to a thickness of 1.4 mm corresponding to the resonance frequency of 1.6 MHz.
The ceramic has electrode surfaces coated with chromium and gold sputtering. An
acoustic impedance matching layer was coated on the surface that radiates ultrasound into
the tissue/water. Then, the ceramic was completely diced through its thickness to form a
64-element sparse phased array and attached securely to the frame using silicone with a
primer. A sketch representing a back view of the 15-by-13 linear tapered array is shown
in Figure 5.1. All the cuts were accomplished by dicing the ceramic with a kerf (having
distance between the adjacent elements, which represents the thickness of the cutting
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blade) of 105 µm using a dicing saw (Model 982-6, Kulick and Soffa Industries, Willow
Grove, PA.)

20.70
1.040 1.189
.570
.653

1.337

1.486

1.486

1.337 1.189 1.040
.607
.700

.747
.793

10.24

.840
.793
.747
.700

.653

.607

.570
1.114

1.263

1.411

1.550

1.411

Kerf

1.263 1.114

Unit: mm

0.105

Element
0.105

Figure 5.1: A diagram showing a back view of the 15-by-13 linear tapered array with
total size of 20.70 × 10.24 mm2. The diced face of the ceramic was completely cut
through its thickness. An enlarged representation of the elements shows that the distance
between the adjacent elements is 105 µm, which represents the thickness of the cutting
blade.

92
Figure 5.2 shows the prototype array after dicing but before soldering wires to the
ceramic elements. It includes 64 active elements selected based on the simulation results.

Kerf
10.24 mm
20.70 mm

Figure 5.2: The photograph of the prototype array after dicing into 15-by-13 elements
including 64 active elements periodically sparse.

5.1.3 Acoustic impedance matching

In spite of the ability of the piezoelectric ceramic to handle the high power, its
high acoustic impedance (34 MRayls) compared to human tissue/water (1.5 MRayls)
decreased the efficiency of delivering the high power into soft tissue. The impedance
mismatch at the interface of the transducer and human body/water results in a decreased
transmission and an increased internal reflection of the sound waves from the transducer.
By introducing an intervening material with an appropriate thickness as a matching layer,
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higher transmission of ultrasound energy from the ceramic through the intermediate layer
and into the tissue/water increased the output pressure of the array compared to the output
without an intermediate layer. An acoustic quarter-wavelength matching layer, acting as a
mechanical transformer, was interposed between the ceramic and the tissue/water. The
thickness and material of the matching layer were chosen based on a solution to a threelayer (ceramic, matching layer, and tissue) problem.
A single impedance matching layer was built on top of the array for improved
transmission of ultrasound energy for the thermal ablation of the cardiac tissue. First a
frame for casting the matching layer on the surface of the transducer face was fixed onto
the PZT-8 piece with an adhesive primer. Thin oxidized silver (Powder, 2-3.5 µm, 99.9+
%, Aldrich, Milwaukee, WI), which has an acoustic impedance of 7.3 Mrayls, was
poured on the surface. The matching layer was a 2:1, mixture of Insulcast 501 epoxy
(Insulcast, Roseland, NJ) and silver powder. In order to separate the epoxy layer from the
silver-conducting layer, the whole assembly was centrifuged for 10 minutes (the
orientation of the array surface was parallel to the axis of rotation) and cured overnight.
Then, the upper layer of cured epoxy was sanded out, and the surface of the silver layer
lapped to the designed quarter-wavelength thickness of 0.297 mm.

5.1.4 Cables

The specifications of the cables for connecting the array elements and the
ultrasound driving/amplifier system were determined by the capacitance of the ceramic
element in the array. This capacitance depends on the thickness, electric permittivity, and
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the area of the radiating surface of the element. Since the element surface area of the
medical ultrasound transducer is generally small, coaxial cables with low capacitance
have been widely used in medical ultrasound transducer arrays.
The 64 active elements were soldered to MRI compatible, 42 AWG, 30 pF/ft
miniature coaxial cables (Precision Interconnect, Portland, OR) 2.5 m long. The
connector between the other ends of the cables and the driving/amplifier system used a
ZIF (Zero insertion force) connector (ITT Industries, Cannon, Santa Ana, CA). As
described in previous sections, the transducer array for the current study has extremely
small elements, which makes soldering the coaxial cables to the individual elements
difficult. Thus, the cables were soldered to the ceramic elements using a micro-tip
soldering pin at low temperature (less than the Curie temperature of PZT-8) with the
assistance of a microscope. Figure 5.3 shows the prototype array after soldering wires to
the ceramic elements. It includes 64 active elements selected based on the simulation
results. Note that the mass of solder on the element’s rear side was ignored in the
calculations. The soldering temperature was kept below 500°F to prevent any damage to
the piezoelectric ceramic.
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Figure 5.3: The photograph showing the back view of transducer array with coaxial
cables.

5.1.5 Phasing for focusing

For this study, a two-dimensional ultrasound phased array was designed and
fabricated in-house. The ultrasound beam generated from a phased array can be
controlled by electrically steering the focal point from one location to another by
changing the phase and power of the individual elements of the array. For precision
setting of focal points from the prototype array, manual phasing for four different focal
points, (0, 0, 30), (0, 0, 25), (0, 0, 20), and (0, 5, 30) mm, from the geometrical center of
the array were arranged.
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5.2 Electrical matching

The transducer array was driven by an ultrasound pulse generator with an
amplifier system (UDS 2050PA, Advanced Surgical Systems Inc., Tucson, AZ) that has
50 Ω impedance output. The ultrasound driving system is capable of delivering up to 12.5
W per channel with a ±1° phase resolution each. The driving system is controllable
through software, by which the amplitude and phase of the driving signal from each
channel can be set. When the array is connected to the driving system, each ceramic
element acts principally like a capacitor. To obtain maximum power transfer from the
transducer to the ultrasound driving system is necessary to match the electrical
impedance of the array elements to the output impedance of each channel of the driving
system.
To match the electric impedance of the array elements in water to the driving
system, individual LC (inductive-capacitive) circuits, that allow the transducer driving
system to achieve a 50Ω∠0° input impedance, was built for each of the 64 elements. The
impedance of the matching circuit was adjusted by varying the value of the capacitance
and the number of turns of coils. To find the necessary values for an inductor (L) and
capacitors (C), the impedances of the array elements at the operating frequency were
measured using a network analyzer (E5100A, Agilent Technologies, Englewood, CO).
Then the tuning capacitance and inductance for each element can be determined using a
Smith chart or a commercial program for RF circuit design. By changing either the
number of turns of a toroidal inductor or the value of the capacitor, it is possible to adjust
the magnitude and phase of the impedance. A series of trials were made to find the
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inductance and capacitance values to achieve an impedance of the array of 50Ω∠0°.
Figure 5.4 shows the impedance matching circuit board used for the current research. 64
matching circuits were built, one for each element.

Figure 5.4: Photograph of one of 16 matching circuit boards for the prototype array. One
circuit board includes 4 channel matching circuits.

5.3 Probe housing

5.3.1 Housing

The probe head must be strong enough to avoid failure of the probe and to
provide a secure and stable housing for the array. The probe housing is composed of a
main housing body, an acoustic window, cooling pipes, connectors, and a flexible
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insertion tube. Listed below are the materials used for the probe head housing and
cooling system.
Probe head housing materials
-

Housing body, ceramic frame, nose-cone, and connectors: Delrin®

-

Acoustic window (acoustically transparent): Polyurethane

-

Cooling tubing: Copper (within the probe head) and Rubber (within the
insertion tubing)

-

Insertion tubing: Silicone

-

Sealing: Polyurethane form (spray) and sealing tape

All the parts of the housing were built in the machine shop in The Bioengineering
Department of PSU using material compatible with magnetic resonance imaging (MRI.)
Since the current applicator may be used with an MRI for imaging-guided focused
ultrasound surgery, Delrin® and copper were chosen for the housing. The housing holds
the ultrasound array in a rectangular frame and includes water circulation for the cooling
system. An acoustic window for the probe head housing was constructed in-house using
polyurethane. The acoustic window is attached to the housing shown in Figure 5.5. As an
alternative, a latex membrane, which forms a bolus of water surrounding the array, could
be used instead of an acoustic window.
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(a) The probe head housing that is connected to flexible insertion tube

N o s e c o rn

Ceramic supporter

Cooling pipe

Acoustic window
Main body

Connector

(b) View of the separated components
(Length of the main body = 53mm, Outer diameter = 19mm)
Figure 5.5: 3-D CAD SolidWorks® drawing of the housing prototype
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5.3.2 Acoustic window

Even though a latex membrane, intended to create a bolus of water around the
transducer array, would provide good coupling for the esophageal wall, a solid acoustic
window for the probe head was used to provide a more secure and stable housing for
sonication in the esophagus. The window material should have a specific acoustic
impedance close to that of water (Z = 1.5 MRayls, c = 1500 m/s), so as to be acoustically
transparent. Also, it should be designed to avoid extreme refraction of the ultrasound
beam due to the different acoustical properties between the cooling water and the
window, and the window and the esophageal wall.

Thickness
of the
window

Array

Ultrasound ray from
an element

Cooling
water

Acoustic
window

Refracted rays due to
the different speed of
sound between mediums

Tissue

Ablation
target

Figure 5.6: Illustrations of the refraction of the ultrasound ray due to the acoustic window
(Water: Z = 1.5 MRayls, c = 1500 m/s; TPX®: Z = 1.78 MRayls, c = 2170 m/s; Tissue: Z
= 1.5 MRayls, c = 1500 m/s)
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If the propagation speed in the window is different than that in the cooling water
or in the esophageal wall, acoustic waves will refract and may generate unwanted
focusing. Currently TPX® is one of the most popular materials for the acoustic windows
for medical ultrasound applicators. To simulate refraction of the ultrasound beam due to
the acoustic window, a half-cylindrical window of TPX® (Z = 1.78 MRayls, c = 2170
m/s) was modeled (see Figure 5.6.) Then, the refraction angles were calculated according
to the height of each array element and compared to two different thickness of the
window. The simulation results are shown in Figure 5.7.

Figure 5.7: Simulation results of the refracted angle at the outer surface of the housing
according to the heights (h1) of the transducer array elements.

The resulting ultrasound rays are illustrated in Figure 5.8 for the cases of 1 mm
and 2 mm thick windows.
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Unwanted focus due
to acoustic window

.
.
.
.

h1

(a) Thickness of the window, t = 2 mm

.
.
.
.
(b) Thickness of the window, t = 1 mm
Figure 5.8: Illustration of the resulting ultrasound rays due to the refracted ultrasound
beam for the different thickness of the windows.

As shown in Figure 5.7 and Figure 5.8, the thicker windows lead to greater
refraction. The extreme refraction shown in Figure 5.8 (a) could lead to heating and
damage of the esophageal wall. Consequently, the thickness of the cylindrical window
should be selected carefully. There are many suitable materials for the acoustic window.
Polyurethane (RP-6410) is one of the acceptable choices because it has properties (Z =
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1.49 MRayls, c = 1550 m/s) very similar to those of water. Although an acoustic window
made of polyurethane may be too soft to maintain secure and stable housing compared to
TPX®, polyurethane was chosen because it is more easily formed into the shape required.

5.4 Water circulation system

A water circulation system was installed in the ultrasound applicator. This
continuous water-flow cooling system was designed to reduce the transducer surface
temperature in order to minimize local heating of tissue. In addition, degassed water
filled the empty space between the array and esophagus for a better impedance matching.

53 mm

Water tube

Φ 19 mm

Figure 5.9: Photograph of the assembled probe head with water circulation tubes

The water circulation system consists of water tubes embedded in the probe
housing, a gear pump driver (Model 75211-21 and 75211-22, Cole-Parmer Instrument
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Company, Vernon Hill, IL), and a bubble trap chamber. Two types of tubing, copper
(within the probe head) and rubber (outside of the probe head), are MRI compatible and
used to circulate water over the array. Figure 5.9 shows the assembled probe head with
water circulation tubes.
Lastly, Figure 5.10 shows the completed transesophageal ultrasound applicator
with the insertion tube including cables inside, the ZIF connector that connects to the
amplifier system, and water circulation tubes. The ultrasound applicator fabricated inhouse was tested for the verification of the suggested design of the sparse phased array
using exposimetry and ex vivo experiments. Through these experiments, the feasibility of
using the transesophageal applicator for the cardiac ablation by ultrasound array was
evaluated.

Probe head
Insertion tube
Water
Connector

circulation tube

Figure 5.10: Photograph of the constructed transesophageal ultrasound applicator with
the insertion tube including cables inside, the ZIF connector, and water circulation tubes.

Chapter 6
Experiments for ex vivo evaluation

For the verification of the suggested design, the sparse phased array with an
acoustic impedance matching layer was constructed, and evaluated using exposimetry
and ex vivo experiments. As a preliminary experiment, ultrasonic exposimetry was
performed to determine the focusing and steering characteristics of the array.
Furthermore, these measurements show that the experimental results correlate well with
theory. Also, ex vivo experiments using fresh tissue were used to ensure that the array is
capable of delivering sufficient acoustical power to create lesions in tissue. Through the
experiments, the feasibility of transesophageal treatment of arrhythmia by ultrasound
array was evaluated.

6.1 Preliminary experiments: Exposimetry

6.1.1 Introduction

Ultrasound is a propagated wave of mechanical energy. Exposure to this acoustic
energy can generate thermal lesions in soft tissue for treatment or it can produce harmful
physical effects in tissue. Therefore, there is a great demand for methods to examine the
generation and detection of the energy introduced into the body from ultrasound
equipment. For the current research, calibration of the ultrasound field generated by the
transducer array is necessary in order to ascertain that there is no damage to the tissue in
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the acoustic near field. Moreover, the beam focusing and beam steering to a target point
should be evaluated with common exposure parameters such as acoustic pressure,
intensity, and power to ensure thermal ablation.
One method of measuring the acoustic pressure field generated from an
ultrasound transducer array using an exposimetry system is the precision calibration of
the probes. Ultrasonic exposimetry refers to quantitative and accurate measurements of
the spatial and temporal distributions of the exposure parameters, usually propagation in
water. Exposimetry measurements are useful in determining where the focal point is, how
the acoustic intensity is distributed spatially, and how the acoustic energy is distributed in
the area near the array face. Figure 6.1 shows the photograph of the experimental
apparatus for exposimetry.

Figure 6.1: Experimental apparatus for exposimetry. The array and hydrophone are held
in a water tank.
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6.1.2 Experimental setup

To determine the acoustic field generated by the phased array prototype, an
exposimetry system (Figure 6.1) was equipped with an automated computer-controlled
scanning and data acquisition system. The scanning system (Velmex Inc., Bloomfield,
NY) can position a hydrophone throughout the 1D/2D acoustic field in a water tank. As
shown in Figure 6.2, a PC was connected to a four-motor positioning system via an
RS232 serial port. A needle type PVDF hydrophone (SN: 679, Precision Acoustic Ltd,
Dorchester, UK) was submerged in an anechoic tank (120 × 50 × 52 cm3) containing
degassed distilled water (room temperature, approximately 20°C) instead of regular tap
water. To minimize cavitation, a customized degasser, built in-house, was utilized to
reduce the dissolved oxygen content of the distilled water to 1-2 ppm.
Using the hydrophone and the digital oscilloscope, the ultrasound fields from a
transducer array were measured and characterized. The hydrophone was connected
through a pre-amplifier to the digital oscilloscope. The PC also interfaced via a GPIB
card with the oscilloscope (54622A, Agilent Technologies, Palo Alto, CA), which
captured the voltage amplitudes detected by the hydrophone. Programs for automated
control of the motors and data acquisition from the oscilloscope were written using Quick
Basic (Microsoft Corporation, Redmond, WA). The phased array submerged in the water
tank was connected to a 64-channel amplifier with LC (inductive-capacitive) electrical
matching circuits for each channel. Another PC controlled the parameters of each channel
of the amplifier and an ultrasound pulse generator varying the frequency, phase, and
input driving power.
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Figure 6.2: Schematic diagram of the experiment setup used in exposimetry measurement
of the sound pressure field from the ultrasound array.
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6.1.3 Results and analysis

The input power to the transducer elements for the exposimetry measurement was
0.5 - 2 W for each channel at 1.6 MHz. Note that during the exposimetry, the level of the
input power was carefully controlled to avoid damage to the measurement hydrophone
and pre-amplifier due to excessive high sound pressure. The hydrophone (receiver) was
located at three pre-selected focal points in the acoustic field, (0, 0, 30), (0, 0, 20), and (0,
5, 30) mm, from the geometrical center of the transmitter array. Then sound pressure data
was acquired and stored using the digital oscilloscope. The one-dimensional pressure
measurements were made in either the x-direction (dir-1, lateral) or the y-direction (dir-2,
longitudinal) between -30 and +30 mm as well as in the z-direction (dir-3, axial) between
10 and 50 mm from the surface of the array (step size = 0.5 mm). Meanwhile, the twodimensional sound pressure data at either the xy-plane between -20 mm and +20 mm of
each direction or the xz-plane between -20 mm and +20 mm of the x-direction and
between 10 mm and 50 mm of the z-direction from the maximum pressure point was
acquired and stored (step size = 2.0 mm). The exposimetry results are shown in
Figure 6.3 through Figure 6.9.
First, the capability of focusing and beam steering at a target point was evaluated
using the exposimetry. The plots of axial or lateral responses are shown in Figure 6.3 and
Figure 6.4 and demonstrate the ultrasound field in the vicinity of the peak intensity. For
on-axis focusing, the center of the focus was measured at the aimed point (0, 0, 30) mm
for both axial and lateral responses. An axial focal zone length (defined as the -3 dB
contour of the peak intensity) of about 16 mm was achieved.
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(a) Axial response, z-direction

(b) Lateral response, x-direction
Figure 6.3: Exposimetry results of the ultrasound field of the temporal peak intensity for
on-axis focusing with the focal point aimed at (0, 0, 30) mm with the prototype array
(n=1).
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Figure 6.4: Exposimetry results of the ultrasound field of the temporal peak intensity for
off-axis focusing with the focal point aimed at (-5, 0, 30) mm with the prototype array
(n=1).

Since the thermal distribution in the axial direction depends on the length of the focal
zone, this length is one of the important outputs for the current research. This length can
provide a prediction of lesion sizes with various lengths of sonication time. By changing
the ultrasound exposure time at a given acoustic intensity level in the targeted tissue, a
measure of the volume of lesion subject to thermal ablation can be determined. The
lateral response in the vicinity of the peak intensity shows a well-confined sound profile
around the aimed point without significant grating lobes. Thus through exposimetry, the
performance of the suggested prototype array was verified for focusing and steering
(toward maximum angle of ±10°) with high intensity ultrasound.
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(a) Axial response, z-direction

(b) Lateral response, x-direction
Figure 6.5: Exposimetry results of the ultrasound field of the temporal peak intensity for
on-axis focusing either with or without the acoustic window attached to the probe
housing (n=1).
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Further measurements were made to examine the effect of the acoustic window
between the array and targeted tissue (Figure 6.5). The axial and lateral responses of the
peak intensity for on-axis focusing, with (solid line) or without (dashed line) the acoustic
window are shown in (a) and (b), respectively. The sound intensity is slightly lower
around the focal zone when the window is in place. This may be simply due to energy
absorption of the window material. An increase in sonication time or input driving power
can be used to compensate for the loss of the acoustic energy delivered to the targeted
tissue.
Figure 6.6 shows the lateral responses for on-axis focusing with the focal point
aimed at (0, 0, 30) mm with three different driving input powers, 0.5, 1.0, and 2.0 W per
active element. The sound intensities measured at the maximum pressure point were
varied almost linearly with the input driving power. More measurements with greater
levels of input driving power are required to determine the acoustic power for thermal
ablation of tissue. However, sound field measurements with higher input driving power
were not attempted to avoid damage to the hydrophone. A different technique for sound
power measurement, such as the radiation force balance (RFB) principle, should enable
the measurement of focused ultrasound fields driven with higher power (Beissner, 1993).
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Figure 6.6: Exposimetry results of the lateral responses for on-axis focusing with the
focal point aimed at (0, 0, 30) mm with the prototype array. The input driving powers are
0.5-2.0 W/channel and the sound intensities were measured at the maximum pressure
point (n=1).

In Figure 6.7 and Figure 6.8, the exposimetry measurements (dashed line) and the
simulation (solid line) of the ultrasound field are compared. For on-axis focusing at (0, 0,
30) mm (Figure 6.7), and off-axis focusing at (-5, 0, 30) mm (Figure 6.8), the maximum
normalized intensity differences between the measurements and the simulations were -10
and -7 dB, respectively. The experimental and theoretical values were matched at their
peak values to make these plots. For both plots, the averaged experimental results show
agreement with the theoretical results.
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Figure 6.7: Comparison of the results between exposimetry and numerical simulation of
the ultrasound field of the temporal peak intensity for on-axis focusing with the focal
point aimed at (0, 0, 30) mm with the prototype array (n=4).

Figure 6.8: Comparison of the results between exposimetry and numerical simulation of
the ultrasound field of the temporal peak intensity for off-axis focusing with the focal
point aimed at (-5, 0, 30) mm with the prototype array (n=4).
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Lastly, Figure 6.9 shows the experimental results of the two-dimensional
ultrasound fields. The peak intensities for on-axis focusing with the focal point aimed at
(0, 0, 30) mm as well as off-axis focusing with the focal point aimed at (-5, 0, 30) mm
with the prototype array are shown in the xy- and xz-planes, as indicated from the
intensity color bar.
Both on- and off- axis focusing show a cigar shaped focal zone (sound intensity
contour at -3 dB) with a length of 20 mm along either the z-axis or steered axis. Unlike
the one-dimensional sound fields, the two-dimensional result shows grating lobes in the

xy-plane (Figure 6.9 (a)). Since they are located diagonally from the z-axis, they are not
shown in the one-dimensional displays (e.g. Figure 6.3 (b)). The measurements show that
the grating lobe levels are at least 6 dB below the intensity at the focus; serious damage
on normal tissue is not expected.
This section described preliminary experiments to verify and characterize the
developed transducer array. A description of the ex vivo experiments with excised fresh
tissue for thermal ablation will be presented in the following section.
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(a) xy-plane, z=30mm, on-axis focusing

(b) xz-plane, y=0mm, on-axis focusing

(c) xz-plane, y=0mm, off-axis focusing

Figure 6.9: Exposimetry results of the ultrasound field of the temporal peak intensity, as
indicated from the intensity color bar, for on-axis focusing with (b) the focal point aimed
at (0, 0, 30) mm in xy-plane, (c) in xz-plane, and (d) for off-axis focusing with the focal
point aimed at (-5, 0, 30) mm in xy-plane with the prototype array.
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6.2 Ex vivo experiments

6.2.1 Introduction

In science, ex vivo (Latin: out of the living) experiments are performed in or on
living tissue in an artificial environment outside the organism. For therapeutic ultrasound
studies in living animals, ex vivo tests are usually performed first on isolated soft tissue.
To evaluate the feasibility of using the sparse phased array for cardiac ablation, ex vivo
experiments were performed with extracted fresh tissue. The array and the fresh tissue
were submerged in the degassed phosphate buffered saline (PBS) solution. Then the
ultrasound beam was directed perpendicular to the surface of the tissue. Because the PBS
solution is isotonic and non-toxic to tissue, it can provide the tissue with the same salt
concentration as the normal cells in the body and the blood. The temperature profile in
the focal region of the tissue was measured to ensure that the array can generate the
thermal energy required to create lesions.
Localized thermal ablation of cardiac tissue requires elevating the temperature of
the tissue from the normal body temperature to 50°C. According to a previous study on
the electrophysiologic effect of hyperthermia on cellular excitability, irreversible tissue
injury was observed only at temperatures at or above 50°C. This injury causes loss of
cellular excitability of tissue, which is defined as lack of pacing of the cardiac muscle at
the stimulus level used for regular heartbeat condition. Figure 6.10 shows the distribution
of the median temperature associated with excitability and tissue injury (Nath et al.,
1993). This study predicted that the minimum target area temperature to achieve
permanent blockage of the irregular signal causing AF would be 50°C. For ultrasound
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sonication, each active element of the sparse array was driven at an average electrical
power of 4 -5 W for both on- and off axis focusing.

Figure 6.10: Distribution plot of the median temperature associated with excitability and
tissue injury (Nath et al., 1993)

6.2.2 Experimental setup

In order to determine the effectiveness of the prototype array for thermal ablation,

ex vivo experiments were performed. Porcine heart obtained from the Meats Laboratory
and rat liver from The Bioengineering Department in The Pennsylvania State University
were used for these experiments. Total time from death to experiments varied between 25 hours.
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Figure 6.11 displays the experimental setup for the thermal ablation
measurements. The array and the fresh tissue were submerged and held in position using
metal clamps. The ultrasound beam was directed perpendicular to the surface of the
tissue. Each element of the sparse phased array was connected to an electrical power
source with a continuous wave (CW) signal at the resonance frequency to achieve the
highest mechanical amplitudes in order to ablate the target tissue in relatively short
periods. An ultrasound driving system (UDS 2050PA, Advanced Surgical Systems, Inc.,
Tucson, AZ) was set to generate the continuous wave at 1.6 MHz for all the experiments.
To measure the temperature in the focal region of the tissue, a thermocouple was
implanted into the tissue at the target point using a 16G 1½ needle (Precision Glide,
Becton Dickinson and Co, Franklin Lakes, NJ). A PC controlling the transducer array
also acquired temperature data from the thermocouple via a data acquisition module
(8018, SuperLogics, Inc, Waltham, MA) and an RS-232 to RS-485 converter.
For on-axis focusing at (0, 0, 30) mm from the center of the array surface, the
array was driven with an average electrical power of 4 - 5 W per element for five
minutes. Water temperature was maintained at 37 ± 1°C using a circulator (Polystat®
12112-00, Cole Parmer, Vernon Hills, IL). The temperature rose from 37°C to 50°C for
two minutes and then remained over 50°C for three minutes. The temperature history at
the focal point is plotted in Figure 6.12 as a function of time. After sonication, the tissue
was dissected at the target area to assess lesion formation. Digital photographs were used
to record the results.
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Figure 6.11: Schematic diagram of the experimental setup for ex vivo thermal ablation
using the ultrasound phased array.
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6.2.3 Results and analysis

Figure 6.12 shows the temperature measurement at the focal point in the rat liver.
During the exposure period, the temperature rose from 37.0 to 50.6°C in 120 seconds and
remained between 50.6 and 53.4°C for 160 seconds, causing irreversible tissue injury.
After the transducer array was turned off, the temperature remained over 50°C for 20
seconds due to the heat transfer within the tissue. In order to control the size of the
ablated volume, the temperature distribution in the tissue both during and after ultrasound
application must be considered.

Turned off

Figure 6.12: Temperature as a function of time recorded at the location of the focal point.
The temperature rose from 37 °C to 50 °C for two minutes and then remained over 50°C
for three minutes.
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(a) Schematic diagram of ex vivo thermal ablation

Lesion

(b) Lesion in rat tissue
Figure 6.13: (a) Schematic diagram of ex vivo thermal ablation by the ultrasound array
for on-axis focusing in the rat liver. (b) Photograph of the rat liver showing a lesion
generated by on-axis focusing at (0, 0, 30) mm. The lesion (arrow) had dimensions of 6 ×
3 × 3 mm3 and was generated by five-minute exposure.
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After the rat liver had been exposed to sonication, it was removed from the clamp
and sliced with a scalpel to examine the necrosed region. Lesions were measured several
times using a ruler and a digital photograph was taken. Figure 6.13 shows an ablation
volume created by the sparse phased array in a rat liver sample. The lesion in the tissue
was 6 × 3 × 3 mm3in size. The border between the ablated tissue and the surrounding
tissue can be identified in the photograph taken after five minutes of sonication. This
indicates that the prototype array can deliver sufficient power to the focal point deep
inside the tissue to produce the thermal lesions required for cardiac ablation.
Lastly, in order to evaluate the feasibility of using the developed transducer array
for cardiac ablation, an ex vivo thermal ablation experiment using porcine heart tissue
was conducted. The procedure was the same as for the rat liver tissue.
During the exposure period for ex vivo thermal ablation, the temperature rose
from approximately 37 to over 50°C where irreversible tissue damage was observed
about 160 seconds. Figure 6.14 shows an ablation volume created by the array in a
porcine heart (large photograph: side view; small photograph: top view). A lesion having
dimensions of 6 × 5 × 5 mm3 was created after eight minutes of sonication. The border
between the ablated tissue and the surrounding tissue can be identified in the photograph.
Since myocardial tissue has a more complex structure than liver tissue, a longer exposure
time to complete the thermal ablation is expected. This indicates that the prototype array
can deliver sufficient power to the focal point 30 mm deep inside the tissue to produce
thermal lesions for cardiac ablation. A non-ablated tissue measuring 1.5 mm in diameter
was observed within the lesion, seemingly due to an air gap located front of this volume,
which reflects and scatters the sound from its original path (Smith and Hynynen, 1998).

125

Lesion

Figure 6.14: Photograph of an ex vivo experimental result showing a lesion generated by
on-axis focusing at (0, 0, 30) mm. The lesion (arrow) in porcine heart has dimensions of
6 × 5 × 5 mm3 and was generated by eight minutes exposure (small photograph: top
view).

Also, Figure 6.15 shows an ablation area generated by on-axis focusing at (0, 0,
25) mm. The lesion having dimensions of 4 × 3 mm2 in the endocardium was created
after eight minutes of sonication.
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Lesion

Figure 6.15: Photograph of an ex vivo experimental result showing a lesion generated by
on-axis focusing at (0, 0, 25) mm. The lesion in the endocardium has dimensions of 4 × 3
mm2 and was generated by eight minutes exposure.

Chapter 7
Conclusions

7.1 Summary and conclusions

In this dissertation, a detailed design, development, and evaluation of twodimensional focused ultrasound arrays for use in noninvasive cardiac thermal ablation
have been presented. The evaluation of the feasibility of a transesophageal applicator was
the final goal for this dissertation. Relevant background theory and relevant issues of both
medicine and acoustics were reviewed in Chapter 2 and Chapter 3, respectively. The
designs of the arrays, numerical simulations of ultrasound fields and temperature
distribution were presented in Chapter 4. Based on the simulation results, the twodimensional sparse phased array was constructed using a piezoelectric ceramic with an
acoustic matching layer. The process of the fabrication of the array and the required
supplementary design for the entire ablation system, including the probe housing, electric
matching, and water circulation system, were explained in Chapter 5. Finally, in Chapter
6, the phased array was tested in an automated exposimetry system to verify the design.
In addition, the feasibility of cardiac ablation using a transesophageal ultrasound
applicator was evaluated through ex vivo experiments using excised fresh tissue samples.
This work, in general, has achieved three main goals. The design of a focused
two-dimensional ultrasound phased array for use in cardiac ablation, the fabrication of a
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transesophageal probe for thermal treatment of arrhythmia, and testing of the probe for
focusing, steering and thermal ablation have been successful.
First of all, numerical simulation methods for ultrasound field calculations were
introduced and compared to verify the validity of the methods and the program developed
using MATLAB®. Two different methods, the Rayleigh-Sommerfeld integral and the
Tupholme-Stepanishen method, were employed to calculate the ultrasound pressure
fields. The Rayleigh-Sommerfeld integral method required more calculation time.The
Tupholme-Stepanishen method was implemented in the FIELD II program for the
identical transducer model however, because the FIELD II program could not model the
random sparse array, and the Tupholme-Stepanishen method does not agree as well with
analytical solutions for the far-field properties of the array. The Rayleigh-Sommerfeld
integral is therefore used for numerical modeling of transducer arrays and the calculations
of the pressure fields in this study. The simulation program using MATLAB® was shown
to be valid for ultrasound field simulations by comparing the numerical results with
exposimetry measurements. The Rayleigh-Sommerfeld integral also provided some basic
insight into the understanding of transducer behavior and array interaction.
For the design of the transesophageal ultrasound transducer, various types of
transducer arrays and their ultrasound pressure fields were modeled. The total acoustic
intensity at any point in the sound field was calculated using the developed simulation
program. The design specifications required for the array were obtained based on the
information of human anatomy and physiology presented in Chapter 2 and the
mathematical basis of array modeling in Chapter 3.
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An aperture with dimensions of 20.70 × 10.24 mm was used in the final design.
This size was acceptable for a probe that must fit into the esophagus. It also enabled the
array to maintain an f-number below two (2), which resulted in satisfactory focusing at a
target focal point with a distance of about 40 mm within a miniature array. The large
number of elements needed for the desired pitch (distance between the centers of adjacent
elements) within the given aperture size, can be reduced by using a sparse array with 64
active elements spatially sampled from a 195-element dense array. Because the number
of elements will increase the cost and time associated with the production, the reduction
in the number of elements is important from an engineering point of view. Lastly, the
array was tapered so that the elements ranged from 1.04 to 1.55 mm in width and from
0.57 to 0.84 mm in height. The tapered array design in conjunction with the periodic
sparse array suppresses grating lobes which can cause unwanted heating in tissue outside
the desired target area.
In conclusion, it was found that the aperture size, the pitch size, and the number of
elements are the most crucial parameters in determining the acoustical response of the
two-dimensional phased array, and the best results can be obtained by a trade-off between
those parameters. It has been shown theoretically that the two-dimensional sparse phased
array can focus and steer the beam to deliver the required energy deep inside the tissue.
In this study, the sparse phased array was found to be adequate as an esophageal
ultrasound applicator for cardiac ablation.
The ultrasound applicator including the transducer array was fabricated and its
acoustical properties measured in water to verify its design. A phased array with 64
active elements sparsely sampled in the 15 by 13 layout and an appropriate housing for
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intracavitary (esophagus) were successfully constructed in-house and tested by
exposimetry. The suggested design of the array was verified by comparisons between the
theoretical results and experimental results of the ultrasound field generated from the
transducer array. The results of the exposimetry were in agreement with the ultrasound
field simulations. Both simulation and exposimetry results indicate that the array
achieved the power required for thermal ablation. Furthermore, the program developed
for array design is adequate for the design of ultrasound phased arrays.
An acoustic window made of polyurethane attached to the housing body was
employed to provide a low-loss path out of the housing. The exposimetry results show a
slight intensity drop when the window was applied compared to when it was removed. A
slight change in sonication time or input driving power can be used to compensate for the
loss of acoustic energy through the window. Also, an electric matching circuit, an
acoustic matching layer, and a water circulation system were devised to increase the
efficiency of energy delivery for the ablation.

Ex vivo experiments were also performed employing a thermocouple to measure
the temperature rise in tissue samples. For on-axis focusing, the array can be driven with
an average electrical power of 4 - 5 W per element. With ultrasound exposure over
several minutes, the temperature in the target region rose from 37°C (normal body
temperature) to over 50°C. 50°C is the minimum temperature required to achieve a
permanent block to the flow of the irregular signal causing AF. Also, lesions in tissue
were successfully generated by an ex vivo experiment in fresh cardiac tissue. It is
concluded that this design for an esophageal ultrasound array can deliver sufficient power
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to the focal point to produce ablation while not damaging nearby tissue outside the target
area.
The transesophageal ultrasound applicator is likely to provide an effective means
of focused ultrasound surgery for cardiac ablation with advantages over other treatment
methods. The relatively short treatment time and its noninvasive nature should reduce
complications of traditional surgery.

7.2 Suggested future works

Possible improvements concern both the design of the ultrasound applicator and
further evaluation of the design presented in this work. Although the suggested design of
a sparse phased array provided thermal ablation, this design should benefit from
improvements in the future. Also, the design of more sophisticated methodology using
animal tissue will lead to more elaborate evaluation of the feasibility of esophageal
cardiac ablation by ultrasound, which will finally improve the performance in the
treatment of arrhythmia. Three main directions can be identified: array design
refinements, in vivo experiments, and imaging-guided surgery for esophageal treatment.
The main goal of this dissertation was to design and evaluate two-dimensional
ultrasound phased arrays to be used for the cardiac ablation. However, the maximum
number of available channels of the ultrasound driving system limited the designs
suggested in this dissertation. In addition, the small size of the elements of the periodic
sparse array required a somewhat greater amount of electric power to drive the transducer
array to create lesions in tissue, resulting in low energy efficiency. These constraints
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forced tradeoffs between the design parameters for the arrays. Up to now, the sparse
arrays introduced in Chapter 4 were considered as the most realistic design options
having potential to be improved. Although they can introduce difficulties in fabrications,
the results from numerical simulations indicate that the improvement in the design of the
sparse phased arrays will increase the feasibility of an esophageal ultrasound transducer.
Therefore, the next stage should involve the incorporation of the optimization technique
for the transducer array design. To determine the optimized value of the important design
parameters of transducer arrays, a sensitivity analysis, which calculates the absolute or
relative sensitivity of a variable related to a change of a parameter, will allow the best
performance of the array the be determined. A sensitivity analysis is a method commonly
used in production engineering to find critical system tolerances in early stages of design,
to identify the critical components of the design (Dorf, 1999).
Also, the key point in the ultrasound transducer design is to match the acoustic
impedance between the acoustical load and transducer material so that any loss of energy
is kept to a minimum. According to a recent study on the narrowband impedance
matching layer, a single-layered acoustical matching layer for a transducer driven with
resonance mode can suppress the maximum power transfer (Toda, 2002). Because the
mechanical impedance (ρVs/Q) of the transducer material can be much lower than the
acoustical impedance of water at resonance, where ρ is density [kg/m3], Vs is sound speed
[m/s], and Q is the mechanical quality factor, materials having lower impedance than that
of water are required for the matching layer. However, there are few materials
appropriate for the low impedance matching layer. Thus, to provide better efficiency in
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transfer of power from each array element to the ablation target, a double-layered
acoustical matching layer should be considered for future designs (Toda, 2002).
As a continuation to the work described in this dissertation, an in vivo experiment
is the imperative stage that should be involved. In general, ex vivo experiments are
carried out with excised fresh tissue samples. Thus, when testing the array for in vivo
animal experiments under inhomogeneous and variable perfusion tissues, the exposure
parameters for tissue ablation, such as sonication time and input driving power, should be
modified. In addition, the isolated tissue samples are securely fixed at targeted position
during ex vivo experiments. In vivo experiments, on the other hand, will let the targeted
area be free from a fixed position when the sonication starts due to the heart beating
combined with respiration and animal movement during the ablation. Thus, an ultrasound
energy delivery portfolio including real-time motion correction techniques with in vivo
tests should be form the basis of follow up research (Pernot et al., 2004).
Finally, living animal tests with image-guided surgery are strongly recommended.
The precise determination of energy deposition and temperature in tissue volume during
the thermal treatment is very important in positioning of the target points for ablations.
Methods for monitoring temperature changes in ex vivo experiments for this dissertation
used thermocouples, which are a type of invasive probe. Although the temperature
monitoring with thermocouples has been shown to be effective, the process including
invasive probes are not suitable for experiments with living animals. Also, installing
invasive probes in the ablation target area without the assistance of imaging is almost
impossible. Techniques for temperature monitoring during hyperthermia have been
developed during recent decades. Recent advances in non-invasive MR thermometry
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techniques have promoted imaging-guided thermal treatment. The technique uses the
temperature dependence of the proton resonance frequency. Many studies have
demonstrated the use of MR thermometry to successfully monitor ultrasound
hyperthermia (Smith et al., 1999). MRI-guided surgery will promise precise location of
the heating device and in turn will ensure precise targeting of the desired area with
quantitative temperature measurements.
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Appendix A
Tupholme-Stepanishen method

The basic concept of the Tupholme-Stepanishen method can be explained by
dividing the transducer into small segments, using far-field approximation and summing
up the resulted fields from each segment. Figure A.1 shows the basic setup for derivation
of the expression for the spatial impulse response.
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r
r1
r
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Figure A.1: Positions of aperture, field point, and coordinate system (Jensen, 1999).

r
r
r1 and r2 denote the field point and the aperture, respectively. The arbitrary shaped

aperture is located in an infinite rigid baffle whose normal velocity is zero except at the
aperture. Calculation of the ultrasound field radiating from the aperture can be initiated
with the Rayleigh integral as in Equation A.1 (Pierce, 1989;Jensen, 1999).
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r
where p (r1 , t ) is sound pressure in Pa; v n is the normal velocity to the aperture surface in

m/s; ρ 0 is the mean density of the media in kg/m3, and c is the speed of sound in m/s.
The Rayleigh integral method, integrating the contribution from the infinitely
small elements that constitute the aperture, is useful in computing the acoustic properties
of a flat piston radiating into a half space (Jensen, 1999). Equation A.1 can be rewritten
by modifying the partial derivative and the integration as:
r r
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(A.2)
.

With the assumption that surface velocity is uniform over the aperture, using
Equation A.2 and equations for the relation between velocity potential and velocity or
sound pressure:
r r
r
v (r , t ) = −∇ψ (r , t ) ,

(A.3)

r
r
∂ψ (r , t )
,
p(r , t ) = ρ 0
∂t

(A.4)

where ψ is the velocity potential,

then, sound pressure can be derived by introducing a time convolution,
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where * denotes the time convolution.
r
Here, the surface integral can be defined as spatial impulse response, h(r1 , t ) as in

Equation A.6, which relates aperture geometry to the spatial extent of the field and
r
r
depends on the difference between r1 and r2 :
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According to Equation A.4, ultrasound pressure for the incident field at the field point
can be derived in a simple form with the spatial impulse response as:
∂v (t )
r
r
p (r1 , t ) = ρ 0 n ∗ h(r1 , t ) .
∂t

(A.7)

This response gives the emitted ultrasound field at a specific point in space as a
function of time, when the transducer is excited by a Dirac delta function. The field for
any kind of excitation can then be found by just convolving the spatial impulse response
with the excitation function. The spatial impulse response will vary as a function of
position relative to the transducer, and the continuous wave field can be easily calculated
by applying Fourier transform of Equation A.7 (Jensen, 1999).
In order to find the spatial impulse response, one can consider the geometrical
information between field point and aperture, as well as, the shape of the aperture.
Figure A.2 shows the definitions used in calculating the spatial impulse response.
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Figure A.2: Definition of distances and angles in the aperture plane for calculating the
spatial impulse response (Jensen, 1999).

Projecting the field point onto the aperture plane (xy-plane) reveals the intersections of
the projected spherical wave with the aperture activated at a given instance as shown in
Figure A.2. Equation A.6 can be rewritten in polar coordinate as:

Θ2 d 2
r
h(r1 , t ) = ∫ ∫
Θ1

d1
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R⎞
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c⎠
rdrdΘ
2πR
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where R = r 2 + z 2p is the distance between the field point and the aperture; r is the
radius of the projected spherical wave (the circle), and z p is the height of the field point
above the aperture plane. The distances d 1 , d 2 denote the nearest and the farthest
distance from the aperture to the field point, and Θ1 , Θ 2 indicate the angles at which the
circle intersects the active aperture for a given instant.
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Assuming the aperture is intersected only once with the circle for a given time instance, t,
and using the substitution, t ' = R c , mathematical manipulations give the simplified form
of impulse response as:
Θ − Θ1
r
h(r1 , t ) = 2
c
2π

(A.9)

A more general expression for the spatial impulse response can be shown as:
r
c
h(r1 , t ) =
2π

N (t )

∑ [Θ (t ) − Θ (t )]
2

i =1

1

(A.10)

where N(t) denotes the number of arc segments that are intersected by the projected
spherical wave onto the aperture, and [Θ 2 (t ) − Θ1 (t )] is the corresponding angle
differences of the arc.
If the spatial impulse response is found, the sound field can be simply identified
with the geometry information of the transducers as shown in Equation A.7 (Jensen,
1999;Wu and Stepinski, 1999). Further, the pulse-echo field received by the emitting
transducer without attenuation effects can be calculated by:

r
r
r
p pe (r , t ) = v pe (t )∗ f m (r )∗ h pe (r , t )

(A.11)

∂ 3 v(t )
v pe (t ) = 2 E m (t )∗
t ∂t 3
2c0

(A.12)

t

r

where

ρ0

is the pulse-echo wavelet, which includes the electro-acoustical impulse response for both
emission and reception, E m (t ) , and the transducer excitation. Also,
r
r
∆ρ (r1 ) 2∆c(r1 )
r
f m (r1 ) =
−
ρ0
c0

(A.13)
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represents the heterogeneous nature of the media caused by the perturbation of density
and propagation speed, and
r
r
r
h pe (r , t ) = ht (r , t )∗ hr (r , t )
t

(A.14)

is the modified spatial impulse response for the pulse-echo field.
The spatial impulse response method devised by the Tupholme-Stepanishen
method can calculate pulse-echo field as well as sound pressure field (only emitted) with
a particular geometry of the aperture. In this research, all the calculations for ultrasound
fields radiating from rectangular apertures are executed by this method.

Appendix B
MATLAB program codes for sound fields calculations using a sparse array
%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%
%%% Normalized Intensity for A Two-Dimensional %%%
%%%
Ultrasound Sparse Phased Array
%%%
%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%%
clear; clc
path(path,'C:\MedT\Hotaik\Utility');
freq=1.6e6;
c_sound=1500;
lambda=c_sound/freq;
kn=2*pi/lambda;

%
%
%
%

Center frequency [Hz]
Speed of sound [m/s]
Wavelength [m]
Wavenumber [1/m]

no_x=15;
no_y=13;

% # of elements in the x-dir
% # of elements in the y-dir

width=1.4e-3;
height=0.80e-3;
kerf=0.105e-3;

% Element width [m]
% Element height [m]
% Kerf size [m]

xf=0.0e-3;
yf=0.0e-3;
zf=30.0e-3;

% Focal point in the x-dir [m]
% Focal point in the y-dir [m]
% Focal point in the z-dir [m]

% Tapering the elements (Linear)
temp_x=linspace(width*0.8,width*1.2,ceil(no_x/2));
h_ele=[temp_x temp_x(floor(no_x/2):-1:1)];
temp_y=linspace(height*0.8,height*1.2,ceil(no_y/2));
v_ele=[temp_y temp_y(floor(no_y/2):-1:1)];
% Locations of the center (x-dir) of each element: Horizontal
if round(no_x/2)==(no_x/2)
for ry=1:no_y
c1=0; c2=0;
for z1=1:no_x/2
z2=no_x/2-z1+1;
z3=no_x-z2+1;
h(z2,ry)=h_ele(z2)/2+c1+kerf/2;
h(z3,ry)=-h_ele(z3)/2+c2-kerf/2;
c1=c1+h_ele(z2)+kerf;
c2=c2-h_ele(z3)-kerf;
end
end
elseif no_x==1
h(no_x)=0;
else
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for ry=1:no_y
c1=h_ele(ceil(no_x/2))/2; c2=-h_ele(ceil(no_x/2))/2;
for z1=1:floor(no_x/2)
z2=floor(no_x/2)-z1+1;
z3=no_x-z2+1;
h(z2,ry)=h_ele(z2)/2+c1+kerf;
h(z3,ry)=-h_ele(z3)/2+c2-kerf;
c1=c1+h_ele(z2)+kerf;
c2=c2-h_ele(z3)-kerf;
end
h(z1+1,ry)=0;
end
end
% Locations of the center (y-dir) of each element: Vertical
if round(no_y/2)==(no_y/2)
cc1=0; cc2=0;
for zz1=1:no_y/2
zz2=no_y/2-zz1+1;
zz3=no_y-zz2+1;
v(zz2)=v_ele(zz2)/2+cc1+kerf/2;
v(zz3)=-v_ele(zz3)/2+cc2-kerf/2;
cc1=cc1+v_ele(zz2)+kerf;
cc2=cc2-v_ele(zz3)-kerf;
end
elseif no_y==1
v(no_y)=0;
else
cc1=v_ele(ceil(no_y/2))/2; cc2=-v_ele(ceil(no_y/2))/2;
for zz1=1:floor(no_y/2)
zz2=floor(no_y/2)-zz1+1;
zz3=no_y-zz2+1;
v(zz2)=v_ele(zz2)/2+cc1+kerf;
v(zz3)=-v_ele(zz3)/2+cc2-kerf;
cc1=cc1+v_ele(zz2)+kerf;
cc2=cc2-v_ele(zz3)-kerf;
end
v(zz1+1)=0;
end
% Locations of points for the pressure calculation
step2=21;
% # of calc. points in each dir (Field)
xmax=20.0*1e-3;
ymax=20.0*1e-3;
zmin=10.0*1e-3;
zmax=60.0*1e-3;
xp=linspace(-xmax, xmax, step2);
yp=linspace(yf, yf, 1);
zp=linspace(zmin, zmax, step2);
% Distance b/w the focus and the center of the array [m]
do=sqrt(xf^2+yf^2+zf^2);
% Calculation: Sound field
n_se=10;

% # of calc. points in each dir (Element)
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counter=0;
psum=0;
h1=waitbar(0,'Please wait...');
for nx=1:length(xp)
for ny=1:length(yp)
for nz=1:length(zp)
counter=counter+1;
waitbar(counter/(length(xp)*length(yp)*length(zp)), h1, ...
'Please wait...');
p_sum=0;
for nv=1:no_y
if residual(nv,3)==1
% << First Row
if nv==no_y; aa=4; else; aa=1; end;
for nh=aa:3:no_x
%% Phase calculation
% Distance from element center to focus
di=sqrt((xf-h(nh))^2+(yf-v(nv))^2+(zf)^2);
% Phase of each element [Rad]
phi=2*pi*(di-do)/lambda;
%% Small rectangles w/ area 'ds' in a element
% Width: 'dx' & Height: 'dy'
dx=h_ele(nh)/n_se;
dy=v_ele(nv)/n_se;
ds=dx*dy;
% Locations of the center of each 'ds'
xs=linspace(h(nh)+(h_ele(nh)/2)-(dx/2), ...
h(nh)-(h_ele(nh)/2)+(dx/2), n_se);
ys=linspace(v(nv)+(v_ele(nv)/2)-(dy/2), ...
v(nv)-(v_ele(nv)/2)+(dy/2), n_se);
zs=0.0;
kk=0;
for ii=1:n_se
for jj=1:n_se
kk=kk+1;
xss(kk)=xs(ii);
yss(kk)=ys(jj);
end
end
% Pressure calculation
% R: Distance b/w Measuring points & 'ds'
R=sqrt((xp(nx)-xss).^2+(yp(ny)-yss).^2 ...
+(zp(nz)-zs).^2);
exponential=exp(j*(phi-(kn.*R)))./R;
e_sum=sum(exponential)*ds;
p_sum=p_sum+e_sum;
end
elseif residual(nv,3)==2
% << Second Row
for nh=2:3:no_x
%% Phase calculation
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% Distance from element center to focus
di=sqrt((xf-h(nh))^2+(yf-v(nv))^2+(zf)^2);
% Phase of each element [Rad]
phi=2*pi*(di-do)/lambda;
%% Small rectangles w/ area 'ds' in a element
% Width: 'dx' & Height: 'dy'
dx=h_ele(nh)/n_se;
dy=v_ele(nv)/n_se;
ds=dx*dy;
% Locations of the center of each 'ds'
xs=linspace(h(nh)+(h_ele(nh)/2)-(dx/2), ...
h(nh)-(h_ele(nh)/2)+(dx/2), n_se);
ys=linspace(v(nv)+(v_ele(nv)/2)-(dy/2), ...
v(nv)-(v_ele(nv)/2)+(dy/2), n_se);
zs=0.0;
kk=0;
for ii=1:n_se
for jj=1:n_se
kk=kk+1;
xss(kk)=xs(ii);
yss(kk)=ys(jj);
end
end
% Pressure calculation
% R: Distance b/w Measuring points & 'ds'
R=sqrt((xp(nx)-xss).^2+(yp(ny)-yss).^2 ...
+(zp(nz)-zs).^2);
exponential=exp(j*(phi-(kn.*R)))./R;
e_sum=sum(exponential)*ds;
p_sum=p_sum+e_sum;
end
else
% << Third Row
for nh=3:3:no_x
%% Phase calculation
% Distance from element center to focus
di=sqrt((xf-h(nh))^2+(yf-v(nv))^2+(zf)^2);
% Phase of each element [Rad]
phi=2*pi*(di-do)/lambda;
%% Small rectangles w/ area 'ds' in a element
% Width: 'dx' & Height: 'dy'
dx=h_ele(nh)/n_se;
dy=v_ele(nv)/n_se;
ds=dx*dy;
% Locations of the center of each 'ds'
xs=linspace(h(nh)+(h_ele(nh)/2)-(dx/2), ...
h(nh)-(h_ele(nh)/2)+(dx/2), n_se);
ys=linspace(v(nv)+(v_ele(nv)/2)-(dy/2), ...
v(nv)-(v_ele(nv)/2)+(dy/2), n_se);
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zs=0.0;
kk=0;
for ii=1:n_se
for jj=1:n_se
kk=kk+1;
xss(kk)=xs(ii);
yss(kk)=ys(jj);
end
end
% Pressure calculation
% R: Distance b/w Measuring points & 'ds'
R=sqrt((xp(nx)-xss).^2+(yp(ny)-yss).^2 ...
+(zp(nz)-zs).^2);
exponential=exp(j*(phi-(kn.*R)))./R;
e_sum=sum(exponential)*ds;
p_sum=p_sum+e_sum;
end
end
end
% Pressure from All Elements at (xp, yp, zp)
psum(nx,ny,nz)=p_sum;
end
end
end
close(h1)

%% PLOTS
% Sound fields
mag(:,:)=abs(psum(:,1,:));
norm_mag=mag./max(max(mag));
sq_mag=norm_mag.^2;
sq_mag_dB=10*log10(sq_mag);
v2a=-3:0.1:0; v2b=[-6 -9 -12];
v2=[v2a v2b];

% Magnitude of the pressure
% Normalizes the magnitude
% Squares the normalized pressure

figure(1)
[C2,h2]=contour(zp.*1e3,xp.*1e3,sq_mag_dB,v2); grid;
xlabel('z [mm]','FontSize',16); ylabel('x [mm]','FontSize',16);
title('On-axis focusing at (0,0,30) mm','FontSize',16);
h_c=colorbar;
set(get(h_c,'ylabel'),'String','Normalized intensity [dB scale]', ...
'Rotation',270, 'VerticalAlignment','Bottom','FontSize',14);
set(gca,'FontSize',14);
% Array layout
c1=[.9 .9 .9];
c2=[0 0 .7];
figure(2); grid; hold on

% Gray
% Dark blue

for nv=1:no_y
% << Whole array
y=[v(nv)-v_ele(nv)/2 v(nv)-v_ele(nv)/2 ...
v(nv)+v_ele(nv)/2 v(nv)+v_ele(nv)/2]*1e3;
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for nh=1:no_x
x=[h(nh)-h_ele(nh)/2 h(nh)+h_ele(nh)/2 ...
h(nh)+h_ele(nh)/2 h(nh)-h_ele(nh)/2]*1e3;
fill(x,y,c1)
end
end
for nv=1:no_y
% << Sparse array
y=[v(nv)-v_ele(nv)/2 v(nv)-v_ele(nv)/2 ...
v(nv)+v_ele(nv)/2 v(nv)+v_ele(nv)/2]*1e3;
if residual(nv,3)==1
if nv==no_y; aa=4; else; aa=1; end;
for nh=aa:3:no_x
x=[h(nh)-h_ele(nh)/2 h(nh)+h_ele(nh)/2 ...
h(nh)+h_ele(nh)/2 h(nh)-h_ele(nh)/2]*1e3;
fill(x,y,c2)
end
elseif residual(nv,3)==2
for nh=2:3:no_x
x=[h(nh)-h_ele(nh)/2 h(nh)+h_ele(nh)/2 ...
h(nh)+h_ele(nh)/2 h(nh)-h_ele(nh)/2]*1e3;
fill(x,y,c2)
end
else
for nh=3:3:no_x
x=[h(nh)-h_ele(nh)/2 h(nh)+h_ele(nh)/2 ...
h(nh)+h_ele(nh)/2 h(nh)-h_ele(nh)/2]*1e3;
fill(x,y,c2)
end
end
end
hold off
axis equal; axis([-12 12 -6 6])
xlabel('y [mm]', 'FontSize',14); ylabel('x [mm]', 'FontSize',14);
title('Blue=Active, Gray=Nonactive', 'FontSize',14)
set(gca,'FontSize',14);
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