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1.1. Prevalence of hepatic and pancreatic cancer

1.1 Prevalence of hepatic and pancreatic cancer

Cancer is considered to be a major global public health problem. According to the latest
report on cancer statistics in the United States in the year 2016, cancer is the second leading
cause of death following heart disease, with 1.685.210 new cancer diagnoses and 595.690
cancer deaths projected to occur1, accounting for 24% of the total amount of deaths. While
cancer mortality rate in the United States has seen a drop of 23% with respect to 1991, mor-
tality rates have been increasing for cancers in the abdominal organs such as the liver and the
pancreas since 2003. For males, cancers of the liver & intrahepatic bile duct (18.280 deaths)
and pancreas (21.450 deaths) are estimated to be the 5th and 4th ranking causes of cancer
death in the United States respectively. For females, cancers of the liver & intrahepatic bile
duct (8.890 deaths) and pancreas (20.330 deaths) are ranked 8th and 4th respectively. In Asia,
liver cancer incidence rates rank the highest in the world. A 2012 summary on global can-
cer statistics reported male liver cancer incidence rates of 31,9 per 100.000 in Eastern Asia
and 22,2 per 100.000 in South-Eastern Asia2. For females, the incidence rates were 10,2 per
100.000 in Eastern Asia and 7,2 per 100.000 in South-Eastern Asia. China alone was reported
to account for more than 50% of all liver cancer cases and deaths worldwide. A 2004 study
reported high incidence rates for liver cancer in countries such as Korea (48,77 per 100.000)
and Mongolia (98,93 per 100.000), but also in African countries such as Congo (32,33 per
100.000), and Gambia (39,67 per 100.000)3. Other regions such as Europe, Australia, and
New Zealand generally show incidence rates below 10 per 100.000. Contrary to liver cancer,
the incidence of pancreatic cancer is in general lower in Asia than in most Western countries,
but nevertheless pancreatic cancer still ranked as the 4th cause of cancer-induced death in
China in 2005, due to its low 5-year survival rate of less than 1%4. In Europe, pancreatic
cancer accounted for 5,4% of male cancer deaths and 6,7% of female cancer deaths in 20125.

For liver cancers, hepatocellular carcinoma (HCC) accounts for 70-85% of all cases, mak-
ing it the most prevalent subtype worldwide6. An important risk factor concerning the inci-
dence of HCC is infection by the Helicobacter pylori bacterium and the hepatitis B and C
viruses7, which are most common in parts of Asia and sub-Saharan Africa8. In contrast, the
most prevalent liver tumors in the Western world are metastatic tumors, which predominantly
originate in the colorectal region8. Risk factors for the occurence of such tumors include obe-
sity, excessive alcohol consumption, smoking, and red and processed meat consumption8.

The most common type of pancreatic cancer is pancreatic adenocarcinoma, which ac-
counts for approximately 95% of all cases9. It is most prevalent in Western countries, and as-
sociated with environmental and lifestyle factors such as smoking10, alcohol consumption11,
and a high-fat diet12. In addition, it is estimated that 10% of pancreatic cancers has a large
genetic component13. Despite the fact that pancreatic cancer is a relatively rare disease, it has
a high mortality rate due to the fact that the disease is typically diagnosed in a late stage of
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Chapter 1

its course14.
The only curative option for patients with early-stage metastatic liver cancer or pancreatic

adenocarcinoma is surgical resection, but unfortunately only 20% of patients meets the eligi-
bility criteria at the time of diagnosis14,15. For patients diagnosed with HCC, approximately
30% is eligible for one of three available curative treatment options: surgical resection, liver
transplantation, and percutaneous ablation16. Therefore, for patients with advanced-stage
cancer, treatment is directed towards life prolongation and palliation.

1.2 Invasive treatment modalities for palliation and life prolongation

For patients with advanced-stage hepatic or pancreatic cancer, treatment modalities can be
aimed at providing local control, locoregional control, or counteracting systemic disease,
depending on the pathology. In particular for metastatic cancers of the liver and the pancreas,
different treatment modalities are often combined to provide the optimal therapeutic outcome,
and are frequently adapted based on the staging of the cancer. In what follows, a number
of (minimally) invasive treatment modalities aimed at life prolongation and palliation are
discussed.

1.2.1 Chemotherapy, radiotherapy, and transarterial embolization
Treatment options such as chemotherapy and radiation therapy can provide both down-staging
of liver metastases, potentially enabling surgical resection, as well as pain palliation17–20.
Whereas chemotherapy provides systemic therapy, radiation therapy is used for local and
locoregional control. Disadvantages of these methods are that chemotherapy requires the
insertion of cytotoxic agents into the body and radiation therapy makes use of ionizing ra-
diation, both of which can induce harmful effects to the human body. This also applies to
(minimally) invasive embolization methods such as transarterial chemoembolization (TACE)
and radioembolization (TARE). In TACE, drug-eluting beads of 50-500 µm diameter are
placed in blood vessels that feed the hepatic metastases, both blocking blood supply to the
metastases as well as trapping the chemotherapeutic agent within them to provide locore-
gional control21–23. While TACE treatments have been shown to induce better response
rates than systemic chemotherapy21, adverse events incident rates of 20 and 27,5% have been
reported24,25, and a meta-analysis of severe or rare complications reported an incidence rate
of 2,68%26. TARE works similarly to TACE, except the microspheres are smaller (typically
15-40 µm) and are loaded with Yttrium-90 (90Y) or Holmium-166 (166Ho) radioisotopes in
order to deliver a lethal radiation dose to the tumor cells27–29. While TARE has been shown
to provide a higher percentage of tumor shrinkage than TACE, the technique is considered
to be technically complex and expensive30. Additionally, a meta-analysis of complications
following TARE reported a clinical complication incidence rate of 20%31.
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1.3. Focused ultrasound therapy

1.2.2 RFA, cryoablation, microwave ablation, and LITT
Another category of (minimally) invasive treatment modalities aimed at tumor shrinkage and
local / locoregional control is based on the ablation of tumor tissue. Such treatment modal-
ities include radiofrequency ablation (RFA)32,33, cryoablation34,35, microwave ablation36,37,
and laser-induced thermotherapy (LITT)38,39. In RFA, a needle electrode is inserted through
the skin into the tumor. Next, thermal energy is deposited locally by passing electrical cur-
rents in the frequency range of 350-500 kHz through the electrode, inducing tissue necrosis
inside the tumor. Cryoablation works similarly, but instead of electrodes a cryoprobe is in-
serted through which a cooled substance such as liquid nitrogen or argon gas is circulated,
effectively ablating the tumor tissue by freezing it to temperatures below -160 ◦C. In mi-
crowave ablation, interstitial antennas are placed in the vicinity of the tumor. By emitting
an oscillating electric field, typically at a frequency of at least 900 MHz40, the antennas in-
crease the kinetic energy and hence the temperature of the tumor tissue, inducing thermal
ablation. In laser ablation, infrared light of wavelength between 800 and 1100 nm is emit-
ted locally through the tip of either an Nd:YAG or a diode laser fiber into the tumor, which
is converted into heat in order to induce local thermal necrosis41. While these methods can
provide pain relieve and induce shrinkage of the tumor, they can be invasive for the patient
as they do require the in situ placement of applicators into the body. Additionally, spatial
control is limited for such methods due to the fact that the ablation zone that they induce
expands spherically through a potentially heterogeneous tissue environment, increasing the
risk for collateral damage to surrounding healthy tissues42.

1.3 Focused ultrasound therapy

Another possible treatment modality that can be used for hepatic or pancreatic tumor abla-
tion is focused ultrasound (FUS). In FUS, an ultrasonic transducer is used to focus acoustic
energy locally inside the tumor, which can induce a variety of biophysical effects that can
be exploited for local tumor control43–47. A unique property of extracorporeal FUS therapy
over other treatment modalities is that it does not require the use of cytotoxic agents, ionizing
radiation, or the insertion of an instrument into the body. Tissue destruction using FUS can
occur through thermal ablation and / or mechanical disintegration as a result of the occurence
of cavitation, both of which have been extensively researched over the past few decades.

1.3.1 Thermal ablation
When ultrasonic waves pass through biological tissue, part of their energy is absorbed and
converted into heat. When heated above certain threshold temperatures, irreversible damage
can be inflicted onto the tissue. The goal of FUS thermal ablation therapy is to deliver a
sufficient thermal dose to the cancerous tissue to induce thermal tissue necrosis48. The deliv-
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ered thermal dose is calculated using the concept of Cumulative Equivalent Minutes at 43◦C
(CEM43) in order to quantify the amount of damage inflicted onto the tissue. The CEM43
thermal dose model is defined as:

CEM43 =

∫ tf

ts

R43−T (t)dt, R =

0.25 if 37◦C < T < 43◦C,

0.5 if T > 43◦C,
(1.1)

where ts and tf are the starting and finishing time of the energy delivery respectively, R
is a constant related to the rate of cell death as a function of temperature, and T (t) is the
temperature at time t. The amount of thermal dose required to induce lethal tissue damage
is highly dependent on the tissue type, and is at the time of writing a subject of ongoing
research. Nevertheless, pre-clinical studies have reported thermal dose requirements ranging
from 50 to 240 CEM4349. Therefore, 240 CEM43 is currently often considered to be the
lethal thermal dose threshold. This means that when raising the tissue temperature above 65
◦C, thermal necrosis is achieved practically instantaneously.

Clinical trials have demonstrated the safety and feasibility of FUS thermal ablation of
liver tumors45,50,51 and pancreatic tumors46,51,52. Shrinkage of the ablated tumor, pain pallia-
tion, and general improvements in quality of life of the patients have been reported. However,
several complications during and after treatment were also reported, such as third-degree skin
burns, diaphragmatic ruptures, and full necrosis of the ribs in the ultrasonic beam path51. This
indicates that there are still challenges that need to be overcome before FUS thermal ablation
therapy can gain widespread clinical adoptation for the treatment of hepatic and pancreatic
tumors53,54.

1.3.2 Mechanical tissue destruction: cavitation & histotripsy
Apart from thermal effects, focused ultrasound can induce mechanical effects in biological
tissue such as cavitation. At threshold pressure levels, oscillating ultrasonic pressure waves
can cause the formation of cavities in regions where pressure levels are relatively low. The
formation of such cavities is a stochastic process, which is highly dependent on the available
number of nucleation sites, for example small gas pockets in the medium55. After forma-
tion, these cavities are rapidly filled with liquid vapor as well as any other gases dissolved
in the medium, forming a vapor-filled bubble. Two types of cavitation are distinguished:
non-inertial and inertial cavitation. These two types of cavitation are separated by a thresh-
old pressure level referred to as Blake’s threshold56,57. For a vapor-filled bubble in a liquid
medium this pressure level can be determined by55:

pL =

(
p0 +

2σ

Ro
− pv

)(
R0

R

)3κ

+ pv −
2σ

R
, (1.2)

where pL is the pressure in the liquid just outside the bubble wall, p0 is the hydrostatic
pressure, σ is the surface tension of the liquid, R0 is the radius of the bubble at hydrostatic
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pressure, pv is the vapor pressure inside the bubble, R is the radius of the bubble, and κ
is the polytropic index. The liquid pressure pL effectively assists the Laplace pressure pσ
caused by the surface tension in confining the gas bubble. Therefore, as pL changes under
the influence of an applied acoustic pressure field, the radius of the bubble R will change
accordingly. This expansion and contraction of the bubble is stable as long as pL ≥ 0, and is
referred to as non-inertial cavitation. Once the liquid pressure pL becomes negative however,
it can overcome the Laplace pressure pσ and the bubble will grow unbounded up to the point
of collapse, creating acoustic shock waves in the medium. This transient type of cavitation is
referred to as inertial cavitation.

The presence of cavitation can be exploited to enhance heating during focused ultrasound
delivery, as multiple reflections of the ultrasonic waves between the bubbles can increase
absorption locally58,59. In addition, it has been shown that at resonance size, bubbles ex-
tract substantially more energy from the ultrasonic field60. Such methods are referred to as
cavitation-enhanced heating, and have been studied pre-clinically in the in vivo porcine liver61

and in an isolated liver perfusion system62.

Another method that exploits the occurence of cavitation is cavitation-cloud histotripsy63.
In this method, the transient strain induced by the collapsing of inertial cavitation bubbles
is used to fractionate the surrounding tissue. By applying sufficient acoustic pressure lev-
els, typically p− ∼ 15 - 25 MPa rarefactional pressure and p+ > 80 MPa compressional
pressure64, a bubble cloud can be created in the focal area. Once the bubble cloud has been
initiated, 103 - 104 consecutive ultrasonic pulses are applied to sustain and grow the bubble
cloud and mechanically ablate the tissue in the focal area. These pulses are typically 3 - 20
µs long and spaced 1 - 10 ms apart64. An advantage of this method is that the cavitation cloud
is in principle confined to the focal area, as it requires threshold pressures to be induced and
sustained. Therefore, there is no apparent risk of causing undesired damage to healthy tis-
sues in the vicinity of the target area or other parts of the acoustic beam cone. Feasibility of
cavitation-cloud histotripsy for the treatment of liver cancer has been demonstrated in the in
vivo porcine liver65,66.

A third method that exploits the occurence of cavitation for therapeutic energy delivery
is boiling histotripsy67. In contrast to cavitation-cloud histotripsy, boiling histotripsy uses
longer pulses of 2 - 20 ms, spaced 1 - 2 s apart, at pressure levels typically around p− ∼
10 - 15 MPa and p+ > 40 MPa. These pulses form highly localized acoustic shock waves
in the focal point, which can induce a boiling bubble in milliseconds. The expansion of this
boiling bubble creates a vapor cavity of several millimeters in diameter, causing mechanical
fragmentation and tissue liquefaction. As opposed to the initiation of a cavitation cloud,
which is a stochastic process, the creation of a boiling bubble is highly predictable and always
occurs in the center of the focal area where the shock wave amplitude is highest. Boiling
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histotripsy is therefore highly reproducible in terms of the location, size, and shape of the
induced lesion. Similar to cavitation-cloud histotripsy, feasibility of boiling histotripsy has
been demonstrated in the in vivo porcine liver68.

1.4 Image guidance of focused ultrasound

Several imaging modalities can be used to assist FUS therapy, in particular with respect to
targeting of the tumor, therapy monitoring, and treatment evaluation. For targeting purposes,
the imaging modality should preferably enable the operator to identify the optimal patient
positioning, accurately delineate the target area, and determine whether the target is acous-
tically accessible. During energy delivery, the imaging modality should be able to monitor
the lesion formation in the target area as well as the potentially harmful delivery of energy in
other, unintended locations. For the majority of abdominal targets, a motion compensation
strategy is also desired. After completion of the energy delivery, the imaging modality should
allow for treatment evaluation and verification.

The earliest FUS interventions were conducted in the 1950’s, and were guided by x-ray
imaging, using bony landmarks for targeting purposes69. X-ray imaging is also used to target
kidney stones for shock wave lithotripsy70, and computed tomography (CT) imaging is used
for treatment planning of FUS interventions in the brain71. However, X-ray and CT imaging
provide poor soft tissue contrast, and deliver potentially harmful doses of radiation to the pa-
tient. The interest in FUS interventions increased substantially in the 1980s, when affordable
B-mode ultrasound imaging systems were introduced onto the market. These systems pre-
sented the first truly non-invasive way of providing image guidance of FUS interventions72.
A second boost in the development of image-guided FUS occurred in the 1990s, when mag-
netic resonance imaging (MRI) was suggested for therapy guidance73. In current clinical
practice, abdominal FUS interventions are predominantly guided by one of these two imag-
ing modalities46,74–76.

1.4.1 Ultrasound imaging
Ultrasound imaging has the advantage of being relatively cheap and portable, and typically
operates at a high spatial and temporal resolution, allowing for realtime targeting and mon-
itoring of the intervention77. In addition, ultrasound imaging allows for the identification
of cavitation bubble clouds as hyperechoic regions on B-mode images78, or through spec-
tral analysis of the received radiofrequency signals79. Treatment efficacy can be evaluated
through grayscale changes on ultrasound B-mode images77, but also by measuring changes
in attenuation80, stiffness of the tissue81, or by assessing non-perfused areas through use of
a contrast agent82. Disadvantages of ultrasound imaging are that reliable temperature map-
ping for temperatures above 50◦C is currently not available83, and that spatial coverage can
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be limited due to shadowing effects caused by the presence of attenuating structures in the
ultrasonic beam path.

1.4.2 Magnetic resonance imaging
MRI provides greater soft tissue contrast than ultrasound imaging, and is capable of providing
full 3-dimensional spatial coverage. This enables the operator to accurately delineate the
boundaries of the target volume, as well as the treated volume after therapy. In addition,
MRI allows for temperature mapping during the intervention through MR thermometry84,85.
The most commonly used method of MR thermometry is based on the proton resonance
frequency shift (PRFS), which is the shift in resonance frequency that protons experience
as a function of changes in temperature86,87. A result of this shift in resonance frequency
is that protons at different temperatures are in different precessional phases. By defining a
baseline image where the temperature is either known or assumed to be the body temperature
of 37 ◦C, changes in temperature can be monitored with respect to the baseline temperature
by evaluating phase differences between the current and the baseline image. The relation
between the phase difference ∆φ and the temperature change ∆T is given by:

∆T =
∆φ

α · γB0 · TE
(1.3)

where α is a temperature coefficient of 0.01 ppm/◦C, γ is the gyromagnetic ratio (∼ 42.58
MHz/T for protons), B0 is the amplitude of the static magnetic field, and TE is the echo
time. These temperature recordings can be used to monitor the treatment in realtime and
to calculate the delivered thermal dose48,88. Other ways in which MRI can be used to evalu-
ate treatment efficacy include contrast-enhanced T1-weighted imaging89, MR elastography90,
and diffusion-weighted imaging91.

Disadvantages of MRI with respect to ultrasound imaging are that MRI is more expen-
sive and more complex, since any equipment that is to be used during the intervention (in
particular equipment containing ferromagnetic components) must comply with MR safety
regulations. In addition, the fact that MRI generally provides a lower temporal resolution
compared to ultrasound imaging makes it more susceptible to motion artefacts, and makes
cavitation- and histotripsy-based treatment modalities more difficult to monitor.

1.5 Transducers for focused ultrasound therapy

1.5.1 Generation of ultrasonic waves
Ultrasonic waves can be generated by converting electrical energy into mechanical energy.
In therapeutic ultrasound transducers, this energy conversion is most commonly achieved
through the inverse piezoelectric effect. A piezoelectric transducer element consists out of
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a piezoelectric material, usually a crystal or a certain type of ceramic, with metal electrodes
on its front and back surfaces. By applying a time-varying voltage to the electrodes, the
piezoelectric material expands and contracts following the applied voltage. When the front
surface of the transducer is brought in contact with a medium such as water or tissue, the
oscillation of the piezoelectric material creates a mechanical disturbance in this medium at
the frequency of the radiofrequency signal. To make sure that the majority of energy is
transmitted from the front surface into the medium, an impedance matching layer is applied
on the front face of the transducer. This matching layer ideally has a thickness of λ / 4
and an acoustic impedance which is the mean of the piezoelectric material and the contact
medium. The fundamental resonance frequency is then determined through the thickness of
the piezoelectric layer, as the acoustic wavelength λ in the piezoelectric material equals twice
its thickness. It is also possible to drive ultrasonic transducers at different frequencies, in
particular at harmonic frequencies, but this comes at the cost of a reduced energy conversion
efficiency. At the back end of the transducer, a low impedance medium is used to ensure total
internal reflection, meaning that the energy is only propagated through the medium in contact
with the front surface of the transducer. Transducers with a more broadband frequency range
can also be manufactured, using piezocomposite materials92. Such materials consist out of an
array of small pillars of piezoelectric material, embedded in a polymer layer. This polymer
layer is softer than the piezoelectric material and therefore has a lower acoustic impedance,
which reduces energy losses at the front face of the transducer93.

Another method to generate ultrasonic waves makes use of capacitive micromachined
ultrasonic transducers (CMUTs). In CMUTs, the transducer essentially consists out of a
parallel plate capacitor with a vacuum gap between the plates94. The bottom plate can be
made of an insulating material such as silicon nitride (Si3N4), in which case the top plate
will have a metal electrode. If the bottom plate is made out of a conductive material, the top
electrode is not necessary. By applying a voltage to the plates a vibration is generated, which
induces ultrasonic waves in the surrounding medium. While CMUT technology has only
recently been used to develop therapeutic FUS transducers, it potentially provides several
advantages for ultrasound applications such as a wide bandwidth, less self-heating, and the
possibility to implement the driving electronics into the silicon backing layer95.

1.5.2 Single-element transducers
Single-element therapeutic transducers consist out of a single ultrasonic element, and can be
constructed in several different shapes. One way of manufacturing such arrays is in a spher-
ically curved shape, which ensures natural focusing. The focal point of a spherically curved
transducer has an ellipsoidal shape, with the lateral full width at half maximum (FWHM)
of its intensity profile given by 1.0λ × f -number and the depth of field (DOF) in the axial
direction by 7.2×(f -number2)96. The location and size of the focal point of a spherically
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curved transducer is determined by the f -number, which is defined as the radius of curvature
divided by the aperture diameter. Single-element transducers also exist in cylindrical shape,
producing cylindrical lesions97, and as plane transducers, which generate focal lesions in the
form of a rectangular parallelepiped98. A general advantage of single-element transducers is
that their emitted energy is spread out over the maximum available surface area, meaning that
they combine a high degree of focusing with a minimized near field energy density99.

1.5.3 Multi-element phased array transducers
Therapeutic multi-element phased array transducers consist out of an array of multiple smaller
ultrasonic elements which can be driven independently. The steady-state pressure field p(~r)
of the emitted ultrasonic beam is dependent on the sizes and shapes of the ultrasonic elements,
and is required to satisfy the Helmholtz equation100:

∇2p(~r) + k2p(~r) = 0, (1.4)

where ∇2 is the Laplacian, p(~r) is the steady-state pressure field in location ~r, and k is the
acoustic wavenumber. For an acoustic radiator, the absolute pressure field p(x, y, z) as a
function of cartesian spatial coordinates can be calculated through Rayleigh’s first integral
formula100:

p(x, y, z) =
−iρ0ck

2π

∫ +∞

−∞

∫ +∞

−∞
ẇ(x′, y′, z′)

eik|~r−
~r′|

|~r − ~r′|
dx′dy′, (1.5)

for z ≥ z′, where ρ0 is the density of the medium, c is the celerity, ẇ(x′, y′, z′) is the normal
velocity of the radiator, and ~r − ~r′ is the vector pointing from the source point (x′, y′, z′) to
the point of interest (x, y, z). Rayleigh’s first integral formula shows that the radiated pres-
sure field is a superposition of spherical waves starting from different point sources on the
aperture, a principle known as the Huygens-Fresnel principle. Mathematically, an element
can be considered as a single point source if its size ≤ λ / 2, where λ is the acoustic wave-
length. A special solution of Equation 1.5 is found for spherical elements with diameters >
λ / 2. Using the far-field approximation r � a where r = |~r − ~r′|, the distance between the
element and the point of interest, and a is the radius of the element, it can be shown that for
spherical elements100:

p(x, y, z) =
−iρ0cke

ikr

4πr
ẇ(x′, y′, z′)a2

[
2J1(ka sin θ)
ka sin θ

]
, (1.6)

where θ = z
r and J1(ka sin θ) is the first-order Bessel function. Such elements thus emit

wavefronts that can be described by Bessel functions, where increasing the element diameter
leads to an increased degree of focusing100.

By controlling the phases of each of the elements in a multi-element phased array, it
is possible to steer the focal point of the ultrasonic beam through constructive interference.
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The steering capabilities of a phased array depend on a great number of factors, such as the
array aperture, focal length, ultrasonic frequency, and the sizes, shapes, and spacing of the
individual elements. For example, when increasing the element spacing, the occurrence of
grating lobes increases due to constructive interferences in regions other than the focal point.
However, increasing the element spacing also allows for larger elements, which increases the
degree of focusing of the array. In addition, larger elements have lower acoustic impedances,
which leads to an increased conversion efficiency of electrical into acoustical power. There-
fore, when designing a therapeutic ultrasonic phased array for specific applications, a good
trade-off has to be found between all factors that influence the pressure profile and steering
capabilities of the array.

1.6 Challenges for focused ultrasound therapy of hepatic and pancre-
atic tumors

While FUS therapy has been under investigation for several decades and is being used clin-
ically for the treatment of several pathologies such as uterine fibroids, prostate cancer, and
bone metastases, its clinical use for the treatment of hepatic and pancreatic cancer to date
remains limited. In 2013, a technical and clinical consensus paper was published by a panel
of experts in the field, indicating the main challenges that hamper the widespread clinical
adoption of FUS therapy for the treatment of hepatic cancer101. These include the shadowing
effect of the ribs, respiratory-induced liver motion, and the high perfusion rate of the liver.
For the treatment of pancreatic cancer perfusion is less problematic, but similar to the case of
the liver, obstruction of the ultrasonic beam and respiratory-induced organ motion have been
indicated to be among the major factors that complicate treatment51,102.

1.6.1 Obstruction by the thoracic cage

Obstruction of the ultrasonic beam by the thoracic cage can lead to undesired overheating of
the ribs, due to the high absorption coefficient of the bone103. In addition, the thoracic cage
acts as an aberrator of the ultrasonic beam, effectively decreasing its focusing quality104,105.
One way to overcome this problem, when using a multi-element phased array transducer,
is by applying an apodization to the transducer elements, effectively switching off elements
whose emitted energy is mainly directed into the ribs. However, in order to maintain sufficient
energy deposition in the focal area, power compensation needs to be applied to the remaining
active elements. This means that the local energy density in the intercostal space increases,
which in turn increases the risk of undesired overheating in those areas. These limitations
set by the local energy density in the prefocal zone have been shown to severely limit the
available ablation rate106, and therefore the feasibility of intercostal FUS therapy.
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1.6.2 Respiratory motion
Respiratory-induced organ motion can affect the precision of FUS energy deposition, as the
target tumor moves continuously. One way to prevent energy deposition in undesired loca-
tions due to respiratory motion is to implement a respiratory gating strategy, in which the
ultrasonic beam is only active when the target is positioned within a predetermined gating
window. While such an approach is technically favorable due to its relatively easy imple-
mentation, it has been shown to impair the available duty cycle and therefore reduce the
ablation rate74. Another way to compensate for respiratory motion is by making use of real
time target tracking, in which the ultrasonic beam is locked onto the target during the entire
motion cycle. While technologically more complex, such methods have been shown to be
feasible for both ultrasound imaging and MRI107–109.

1.6.3 Liver perfusion
The relatively high perfusion rate of the liver can act as a local heat sink, hampering the
effective local energy deposition by the ultrasonic beam. One way to potentially overcome
this is to use higher acoustic output powers, but this also increases the local energy density in
the skin and the prefocal tissue layers, and thus increases the risk of complications. Another
(minimally) invasive method is to partially embolize part of the liver to locally decrease
perfusion45, but this naturally negates the non-invasive nature of FUS therapy. In order to
overcome the high perfusion of the liver, one would ideally like to increase the local ultrasonic
energy deposition in the focal area without simultaneously increasing the local energy density
in the prefocal area.

1.6.4 Conclusion
For both the liver and the pancreas, several complications have been reported after FUS ther-
apy as a result of these challenges, including third-degree skin burns and full necrosis of the
ribs and the subcutaneous fat layer45,51,110. Similarly, a recent PhD thesis on the clinical ap-
plication of FUS for liver tumors stated that the main limitations for clinical adoptation were
the obstruction by the thoracic cage and the limited ablation speed111. Therefore, in order to
ensure that larger patient populations can benefit from image-guided FUS therapy for hepatic
and pancreatic cancer in the future, it is imperative that these challenges are overcome.

1.7 Thesis outline

The work described in this thesis was aimed at developing and / or improving methods for
extracorporeal image-guided focused ultrasound ablation of abdominal tumors. In particular,
the new methodology is aimed at providing improvements for intercostal interventions and
at increasing the achievable ablation rate. The majority of the presented work is primarily
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focused on the ablation of liver tumors, but many of the principles can be extrapolated to
pancreatic and other abdominal tumors.

In Chapter 2, a method is presented for phased array transducers that can be used to acous-
tically detect ribs and to map the relative attenuation that each transducer element encounters
in its beam path in realtime. Such a method is clinically relevant as it allows for selection
of the optimal sonication position and improvement of the applied sonication strategy on a
per-sonication basis without the need for elaborate image analysis procedures. In particu-
lar, acoustic mapping of obstacles and relative attenuation enables the operator to determine
apodizations that can be applied to the transducer elements with the purpose of avoiding
undesired overheating of the ribs or other attenuating structures in the acoustic beam path.

Chapter 3 describes a novel sonication strategy that is aimed at increasing the ablation
rate by making use of the physical principles of shock wave formation. In this study, a
shockwave-based sonication strategy was implemented and tested on a clinical MRI-guided
focused ultrasound system. Using this sonication strategy, it was demonstrated that local
energy absorption and thermal dose volumes can be increased in a controlled manner, creat-
ing confluent lesions in the focal area while preserving healthy tissue layers in the prefocal
zone. This is clinically relevant as increasing the ablation rate either shortens the intervention,
which naturally decreases its costs, or increases the maximum tumor size that can be ablated,
potentially broadening the pool of patients eligible for focused ultrasound ablation therapy.

In Chapter 4, a numerical study aimed at improving the phased array ultrasonic transducer
design is presented. This study was aimed at designing a phased array transducer that is op-
timized for extracorporeal abdominal focused ultrasound applications based on predefined
design criteria. These criteria included maximizing the power density of the array, avoiding
symmetries in defining the positions of the elements as well as in the acoustically non-active
interelement space, and creating a design rule that can be applied to generate transducers of
any element number, aperture diameter, and radius of curvature. Apart from these design
criteria, boundary conditions were defined such as technical constraints, cost and complexity
of the array, the required acoustic pressure profile of the focal point, the required penetra-
tion depth, and beam steering capabilities. A cost-efficient improvement of the phased array
transducer is clinically relevant as it can potentially increase the ablation rate, increase the
number of eligible patients, and / or reduce complications that can occur during extracorpo-
real focused ultrasound treatment.

In Chapter 5, the novel phased array design described in Chapter 4 is compared to current
clinically available transducers through acoustic and thermal simulations for the application
of intercostal sonications in the human liver. Evaluation criteria included energy exposure
of the ribs and energy deposition in the prefocal tissues such as the skin, subcutaneous fat,
and muscle layers. Through this numerical study it was shown that the novel phased array
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transducer design is expected to provide improvements for intercostal applications over the
evaluated designs that are currently available in clinical practice. For the sonication geome-
tries considered, both the energy density in the prefocal tissue layers as well as the energy
exposure of the ribs were reduced, while a higher degree of focusing was achieved. There-
fore, the novel phased array transducer design allows for an increase in the ablation rate or
an increase of the total treatment volume, rendering intercostal focused ultrasound ablation
therapy in a clinically realistic timeframe more feasible.

In Chapter 6, a brief summary of the methodology presented in Chapters 2-5 is given, and
potential limitations and / or improvements are discussed. Finally, Chapter 6 concludes with
an outlook on future perspectives for image-guided focused ultrasound therapy for hepatic
and pancreatic cancer.
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Abstract

High Intensity Focused Ultrasound (HIFU) allows for minimally invasive, highly localized
cancer therapies that can complement surgical procedures or chemotherapy. For HIFU in-
terventions in the upper abdomen, the thoracic cage obstructs and aberrates the ultrasonic
beam, causing undesired heating of healthy tissue. When using a phased array therapeutic
transducer, such complications can be minimized by applying an apodization law based on
analysis of beam path obstructions. However, current methodology for the detection of at-
tenuating structures in the beam path requires lengthy, elaborate image analysis, which is
undesired in a clinical setting. In this work, a rib detection method based on cavitation-
enhanced ultrasonic reflections is introduced and validated ex vivo on a porcine tissue sample
containing ribs, and in vivo on an anesthetized pig under controlled breathing. Validation of
the proposed method was done by comparing the binary apodization based on the proposed
method to binary apodizations obtained using methodology based on MR image analysis and
a collision detection algorithm. Apodization laws obtained for different transducer positions
were over 85% similar to those obtained using image analysis for the ex vivo experiments, and
over 90% similar for the in vivo case. Additionally, the proposed method provides informa-
tion on attenuation between transducer elements and the focus. This principle was confirmed
experimentally on a polymer phantom. The proposed method could in principle be imple-
mented in real-time for the determination of the optimal sonication position in intercostal
HIFU therapy.
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2.1 Introduction

In the past few decades, interest in using High Intensity Focused Ultrasound (HIFU) for the
ablation of cancerous tissue has increased greatly. Considering abdominal cancers, hepato-
cellular carcinoma (HCC) is the fifth most common malignancy in men and eigth most com-
mon in women, with more than half a million new cases diagnosed worldwide each year1.
HIFU allows for minimally invasive, extracorporeal treatment of malignant tumors by induc-
ing localized temperature elevations, which cause irreversible tissue necrosis while sparing
the surrounding healthy tissue. Using HIFU, new treatment modalities can be developed that
complement existing interventions such as invasive surgical treatments or chemotherapy. This
applies especially to patients with HCC, as they are not always eligible for such treatments
due to advanced liver cirrhosis2.

Clinical studies have been conducted to evaluate the feasibility of using HIFU for the
ablation of HCC3,4. These studies have confirmed that HIFU is a feasible method for inducing
local temperature elevations in the focal region. However, extracorporeal treatment of liver
cancer using HIFU poses several problems that require further research before such a therapy
can become a standard in clinical practice.

2.1.1 Obstruction of the ultrasonic beampath
A well known problem that occurs when using HIFU to treat liver cancer is the presence
of the thoracic cage in the ultrasonic beam path. Overheating of the ribs can occur during
treatment due to the high ultrasound absorption coefficient of the bone5. During sonication,
temperature elevations on the ribs that were five times higher than those in the intercostal
space have been recorded6. Such temperature elevations can lead to skin burns and necrosis
of intercostal tissue and bone marrow, which have been reported in several studies3,7. Major
complications such as necrosis of the ribs and diaphragmatic ruptures have been reported for
HIFU treatments of hepatic tumors8. Moreover, the thoracic cage acts as an aberrator which
decreases the focusing quality of the ultrasonic beam9,10. Due to such beam aberrations, the
required temperature increase in the target area may be significantly reduced11. In some cases,
parts of the ribs have been surgically removed to effectively perform HIFU treatment3, which
negates its non-invasive nature. Additionally, beam aberrations can be induced by air-filled
cavities in the intestines and the stomach intersecting with the HIFU beam path.

2.1.2 Related research
Several methods have been proposed to prevent the ribs from overheating during HIFU son-
ications. The use of a linearly segmented transducer for rib sparing in HIFU treatments has
been investigated12. By switching off edge segments, the acoustic pressure on the ribs was
reduced both in a theoretical model as well as during acoustic field measurements. However,
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the loss of energy deposition in the target area resulting from switching off several segments
was not compensated for. Another study has shown through numerical simulations, using a
2D phased array, that switching off those elements whose normal vector crosses a rib can
reduce overheating of the ribs, while maintaining sufficient energy deposition at the target
area9. However, these simulations did not take into account the effects of wave reflection
and shear mode conversion and the simulated results have not been validated in vivo. In-
creasing the incident angle of the ultrasonic beam above 30◦ would lead to total shear mode
conversion, after which the simulation cannot accurately describe the ultrasonic wave.

A method using MRI-based identification of ribs in the HIFU path has been proposed13.
Prior to HIFU sonication, the ribs were manually segmented from the acquired MR images.
Using ray tracing from the focal point, the transducer elements shadowed by the ribs were
switched off. Using this method, undesired heating of the ribs was decreased while maintain-
ing a nearly identical temperature increase in the target area. This method was validated both
ex vivo and in vivo in a pig liver. Although the results obtained by this method are promis-
ing, its disadvantage is that it relies on image analysis to identify the thoracic cage. Such a
method based on image analysis is either labor-intensive when done manually, or prone to
segmentation errors when done automatically. Additionally, elements were deactivated once
their surface was shadowed at least 50% by a rib. As was also reported in the study, there is
no proof that this value provides the optimal minimization of the acoustic field produced at
the ribs. Furthermore, other obstructors such as air bubbles are not taken into account by this
method.

Another study proposed using a time reversal mirror in therapeutic ultrasound14. By
positioning a probe at the focal point of the transducer, a wavefront can be emitted from
the focal point. After removing the probe, one can transmit a time reversed signal from the
extracorporeal HIFU array that has been corrected for phase and amplitude aberrations. This
technique was validated ex vivo on a porcine phantom15, where mean temperature increases
on the rib surface of 0.3 ◦C were reported. The major disadvantage of such a method is the
necessity of a probe at the focal point of the transducer, which would require an invasive
procedure should this method be applied in vivo. An adaptive focusing method based on the
analysis of backscattered signals on the HIFU transducer has been suggested16, obviating the
need for an invasive probe at the target area. However, this method requires an initial step
in which all elements were calibrated individually by analyzing their respective echo signals.
Moreover, the method was only validated ex vivo on ribs submerged in a water tank, thus
ignoring the effects of a more complex tissue composition as would be the case in vivo.

Making use of the imaging capabilities of a therapeutic transducer has been suggested for
intercostal HIFU therapy17. By performing an initial imaging sequence from which the ribs
were localized, a binarized apodization of the phased array for HIFU sonication was deter-
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mined. As a pulse-echo sequence is generally very fast (in the order of 20 ms), this method
can be applied in real-time. Additionally, such a method detects any kind of reflector in the
acoustic beam path. The proposed method was validated in vivo on a pig liver for their respec-
tive bone geometry and transducer location. A focusing quality decrease of 13% was reported
compared to the aforementioned time reversal experiment15. However, this method does not
take into account motion of the ribs during treatment. In a clinical setting, the binarized
apodization law might have to be adapted in real-time to compensate for motion. Further-
more, attenuating structures such as cartilage are not taken into account. Nevertheless, the
study demonstrated the feasibility of intercostal focusing based on the imaging capabilities
of a therapeutic transducer.

Although the previously suggested methods can accurately determine which transducer
elements are obstructed by the thoracic cage, their implementation into a clinical workflow
appears challenging due to the associated complexity and data processing. Since HIFU in-
terventions are in general already lengthy, a method to detect thoracic obstruction should
preferably be robust, rapid, and automatic in order to impair the clinical workflow as little as
possible. Additionally, adaptations would potentially have to be made for respiratory effects
and other forms of physiological patient motion. A clinically feasible, non-invasive alter-
native for the detection of attenuating structures in the ultrasonic beam path during HIFU
treatment is therefore still desired.

2.1.3 Proposed method for acoustic rib detection
In this work, a novel method for acoustic rib detection using a HIFU transducer is described
and validated experimentally both ex-vivo on a porcine tissue sample and in vivo on an anes-
thetized pig under controlled breathing conditions. The proposed method is based on the
backscattering of acoustic energy from cavitation bubbles in the focal area of the transducer,
which in the scope of this paper is referred to as cavitation-enhanced back projection. By
analyzing these backscattered signals, one can acoustically obtain an intensity map of the
amount of attenuation that each individual HIFU element encounters in its respective beam
path towards the focus. These intensity maps can then be used to determine a binary apodiza-
tion law for the selected sonication position. More specific details of the working mechanism
and implementation of this method are described in the Materials and Methods section.

The detection of obstructing ribs using MR image analysis is used as a golden standard for
all of the described rib detection experiments. To this end, a stochastic ray tracing algorithm18

was applied to manual rib segmentations from MRI scans to determine a binary aperture of
the obstructed transducer elements. These binary apertures were then compared to the binary
apertures obtained using the proposed acoustic method.

A benefit of the proposed method is that apart from binary apodizations, it also obtains
transducer intensity maps that provide a measure for the amount of attenuation on each in-
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dividual transducer element’s beam path. This attenuation mapping was observed during the
dedicated rib detection experiment, and further investigated in another set of experiments.
In this set of experiments, element intensity maps were obtained using a setup that ensured
different attenuation paths between each element and the focus. To validate whether the pro-
posed method could accurately provide a measure of attenuation, these intensity maps were
compared to stochastic ray tracer simulations. These simulations determine for each experi-
mental setup how much energy each individual element theoretically deposits into the focus.
The hypothesis for this set of experiments is that the acoustically obtained intensity maps
and the simulation-based energy deposition maps are complementary, as this would indicate
that the acoustically obtained intensity maps provide a measure of the attenuation for each
individual element.

2.2 Materials and Methods

2.2.1 Hardware
In order to conduct the experiments described in this work, a 256-element high power phased
array transducer integrated into a clinical Philips Sonalleve platform (Philips Healthcare, Van-
taa, Finland) was connected to a Verasonics ultrasound acquisition system (Verasonics, Inc.,
Redmond, WA, USA). The transducer has nominal frequencies between 1.2 and 1.45 MHz
and circular elements with diameters of 6.6 mm. All 256 elements were driven simultane-
ously, both in transmission and reception of the ultrasonic signals. The Verasonics ultrasound
acquisition system as well as the data processing were programmed using MATLAB (Math-
works, Natick, MA, USA).

2.2.2 Cavitation-enhanced back projection
By emitting single-pulse ultrasonic waves from all transducer elements simultaneously, a
sufficient amount of pressure can be generated in the focus of the transducer to induce non-
inertial cavitation19. As the pulsed transmissions are repeated over time, consecutive ultra-
sonic waves will be reflected by the induced cavitation bubbles. Since these bubbles typ-
ically have a lifetime of several hundred microseconds20 and are in diameter magnitudes
smaller than the acoustic wavelength21,22, they can be used as strong incoherent acoustic re-
flectors. Since the scattering process is incoherent, acoustic energy of all contributing trans-
ducer elements is backscattered nearly omnidirectionally back to the transducer surface23.
The backscattered waves are then received by the transducer. As these waves were scattered
omnidirectionally, an equal amount of energy was emitted from the focus in all directions.
Therefore, the received signal strength for each element can be used as a measure of the atten-
uation due to structures between the respective element and the focus. Using this technique,
an attenuating structure in the reflected beam path will be projected onto the transducer due
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to its relatively lower signal strength.
In order to suppress undesired signals originating from static reflectors in the beam path

and detect only dynamic ultrasonic reflections originating from the cavitation bubbles, a pulse
inversion sequence was used. This sequence is based on the principles of tissue harmonic
imaging (THI)24, which relies on the detection of harmonic frequencies created by non-linear
beam propagation through tissue. As non-linear beam propagation distorts the shape of the
sinusoidal acoustic transmission, the frequency components of the sound wave are changed
and harmonic frequencies are produced. In THI, the harmonic components are measured
instead of the principal frequency components in order to improve contrast as the amount of
interfering signals at the fundamental frequency is greatly reduced.

In the experiments described in this paper, two temporally separated ultrasonic pulses
with opposite polarity and a frequency of 1.25 MHz were transmitted to suppress reflections
from structures in the ultrasonic beam path at the transducer’s principal frequency. Figure 2.1
shows exemplary A-mode data for a single element using a regular pulse sequence and the
employed pulse sequence.
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Figure 2.1: A-mode data in time for one element using a) regular A-mode imaging, b) pulse inversion imaging.

Figure 2.1 shows that the initial oscillation of the piezoelectric crystal is damped during
the first 10 µs, which results in the recorded echoes in the first 1.5 cm of the propagation path.
Since during the first section of the propagation path the sound wave propagates through the
oil reservoir, no signal is recorded. The reflective interfaces occur after 7.5 cm of propagation,
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where some large signal amplitudes are recorded with regular A-mode imaging. Since these
reflections contain almost no higher harmonics and do not change over time, their signal is
strongly reduced using pulse inversion imaging. As the signal originating from the bubbles in
the focus (at± 14 cm) does contain higher harmonics and is not constant in time, this signal is
preserved in the pulse inversion imaging data. In the employed pulse sequence the first pulse
creates a cavitation bubble cloud, after which the second pulse comes in and is reflected
by this bubble cloud. This reflected signal is not nulled by the pulse inversion sequence
as it only occurs in the ultrasonic data received from the transmission of the second pulse.
Furthermore, since the employed pulse inversion sequence only suppresses linear reflections,
additional nonlinear frequency components of the waves reflected by the cavitation bubbles
also remain in the amplitude spectrum. This principle is displayed in Figure 2.2, where the
amplitude spectra corresponding to the respective A-mode data in Figure 2.1 are shown.
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Figure 2.2: Fourier spectra of the focal area A-mode data for one element using a) regular A-mode imaging, b) pulse
inversion imaging.

Figure 2.2 shows that in regular A-mode imaging, the majority of the recorded signal
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occurs in the fundamental frequency range. Using pulse inversion imaging, these signal am-
plitudes are strongly reduced while the higher harmonic signal due to incoherent scattering
off bubbles in the focus is preserved. The separate peaks in the A-mode spectrum origi-
nate from the combined effect of phase-shifting of the received signals, spectral broadening
caused by the single-cycle pulse length, and (to a lesser extent) frequency jitter between the
individual elements. As only the non-principal frequency components of the reflected waves
remain, the majority of reflections detected by the transducer originate from the cavitation
bubbles. These reflections are easy to locate and isolate in the time domain signal as they
occur close to the theoretical focus, and can be used to determine which transducer elements
are obstructed by attenuating structures.

Several studies have been conducted to determine cavitation pressure thresholds in vari-
ous substances25–27. However, the non-inertial cavitation threshold for specific experimental
setups is hard to determine a priori due to differences in sonication depth and attenuation.
Therefore, in order to induce non-inertial cavitation, the output power on the transducer was
increased gradually until cavitation effects became visible in the acquired A-mode data. Ad-
ditionally, the onset of non-inertial cavitation was signalled by the presence of harmonic com-
ponents in the frequency spectrum. Not increasing the output power any further beyond this
point ensured that only non-inertial cavitation took place during the experiments conducted.

2.2.3 Data acquisition and processing

As the transducer consists of 256 elements, each transmission-reception event resulted in a
data array of 256 echoes in time, sampled at 8 samples per wavelength at a sampling rate of
10.0 MHz. A digital 21-tap high-pass finite impulse response filter with a cutoff frequency of
1.0 MHz was applied to these echoes to suppress any undesired low-frequency components.
The ultrasonic transmission consisted of a single pulse at a frequency of 1.25 MHz. For each
received echo, the absolute intensity spectrum of the focal area was computed by applying the
Fast Fourier Transform to the radiofrequency (RF) data received from the area 1 cm around
the theoretical focus (256 sample points assuming a celerity of c = 1540 m/s). Trapezoidal
integration of the absolute intensity spectrum was then used to provide a measure of the
received ultrasonic energy for each individual transducer element. Although in principle
one pulse can create a sufficient peak negative pressure to induce a non-inertial cavitation
bubble cloud, the results can be stabilized by applying filtering techniques over a series of
measurements. The purpose of such filtering techniques is to highlight specifically those
measurements that contain a cavitation event, while negating measurements during which no
cavitation was induced. In the experiments conducted, 100 consecutive measurements X(n)

were taken and filtered using a 2nd order recursive low-pass Butterworth filter28 with a corner
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frequency of 0.01 Hz to obtain filtered measurements Y (n):

Y (n) = a2X(n− 2) + a1X(n− 1) + a0X(n) + b1Y (n− 1) + b2Y (n− 2)

a2 = 1.0 a1 = 2.0 a0 = 1.0

b1 = 1.9111970674 b2 = −0.9149758348

(2.1)

However, as the cavitation probability in the experiments conducted was in retrospect higher
than 95%, equal results could be obtained using only 5 measurements.

As described earlier, the purpose of the rib detection experiment is to project any atten-
uating structures onto the transducer and use this information to create a binary apodization
map. Therefore, all elements had to be classified as either obstructed or non-obstructed with
respect to reflections originating from the cavitation bubbles in the focus. To this end, auto-
matic binary clustering of the elements was performed by applying a k-medoids algorithm,
as this algorithm requires no user input. The k-medoids algorithm applied calculates the sum
of squared distances after clustering for every possible pair of medoids (elements). The two
medoids for which the sum of squared distances is minimal are selected and used for the
final clustering. For the MRI-based rib detection, segmentation of the ribs was conducted by
manually drawing the rib volumes onto the MR images using 3DSlicer29. These segmented
volumes were used as input for the stochastic acoustic ray tracer algorithm18 to determine
which transducer elements were obstructed by the ribs.

2.2.4 Ex vivo rib detection experiment
For the rib detection experiment, a meat sample containing ribs was submerged in a water
bath and placed on top of the HIFU treatment platform. The water bath contains a mylar
membrane bottom, which was used as an acoustic transmission window. The position of the
transducer with respect to the porcine tissue sample, the embedded ribs, and the cartilage
structures was determined using MRI. The integrated transducer is entirely submerged in an
oil-filled reservoir inside the HIFU treatment platform. Figure 2.3 shows a schematic drawing
of the experimental setup used for this set of measurements.

First, data was obtained for 3 different lateral positions by moving the transducer 2 cm in
both lateral directions. Then, for the middle position, two additional datasets were obtained
at increasing depths, resulting in a total of 5 datasets. As described previously, each dataset
consisted out of 100 arrays of A-mode data in time.

2.2.5 In vivo rib detection experiment
For the in vivo experiment, an intercostal sonication position was selected on an anesthetized
pig under controlled breathing. Figure 2.4 shows MR images of the sonication geometry and
the selected sonication position. These images were used to ensure that part of the transducer
beam path was obstructed by the thoracic cage for this particular experimental setup.
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a) b)

Lateral Shift Lateral Shift

Meat sample

Bubble cloud

Ribs

Beamcone

Transducer

Reflected
wavefront

Figure 2.3: Schematic drawing of the experimental setup used in the rib detection experiments. The porcine meat
sample including three ribs is displayed on the anterior side of the transducer. a) An ultrasonic pulse of positive
polarity is given by all transducer elements simultaneously, inducing a cavitation bubble cloud close to the focus.
b) A consecutive incoming ultrasonic wave of opposite polarity is reflected by the induced cavitation bubble cloud
and backscattered omnidirectionally, as depicted by the light blue wavefronts. The reflected waves are partially
attenuated by the ribs, projecting the ribs onto the transducer surface.

a) b) c)

Figure 2.4: T1-weighted MR images of the selected sonication position in the in vivo experiment, with the pig placed
on the HIFU platform in prone position. (a) Coronal view of the selected sonication position in the porcine liver.
(b) Sagittal view of the selected sonication position, showing the different interstitial tissue layers. The red circle
indicates the part of the thoracic cage that is obstructing the beam path. (c) Coronal view of the selected sonication
position, ventral with respect to a). The obstruction of the beam path by the thoracic cage is observed on the top left
of the sonication geometry.

2.2.6 Attenuation mapping experiment
Figure 2.5 shows a schematic drawing of the experimental setup used for the attenuation
mapping experiment.

In this experiment, the transducer was placed at the bottom of a reservoir filled with de-
ionized water. A cylindrical polymer ultrasound phantom (diameter 19 cm, height 20 cm)
was suspended 5 cm above the transducer. The initial angulation of the phantom with respect
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5 cm

Transducer

Focus
De−ionized water

Polymer phantom

Phantom angle

Figure 2.5: Schematic drawing of the experimental setup used in the attenuation mapping experiments. By angu-
lating the phantom with respect to the transducer, individual transducer elements obtain different attenuation paths.
The phantom angles used were 10◦, 15◦, 20◦, and 25◦.

to the transducer was chosen to be 10◦, as for this angle the difference in attenuation starts
becoming visible. Then, after each measurement, the phantom was rotated by intervals of 5◦

up to 25◦ with respect to the transducer surface. For each intermediate interval, a cavitation-
enhanced back projected map was obtained, resulting in a total of 4 attenuation maps. Similar
to the rib detection experiment, each intensity map was created using 100 arrays of A-mode
data in time. The experimental results were validated by comparing them to focal energy
deposition maps, which were obtained using stochastic ray tracer simulations.

2.3 Results

2.3.1 Ex vivo rib detection experiment
Figure 2.6 shows an overview of the intensity and apodization maps obtained in the rib de-
tection experiment.

Each row in Figure 2.6 corresponds to one of the five transducer positions. The first three
rows show the different lateral positions. The last two rows show data using the same lateral
position as used in row three, but increasing the depth each time by 0.5 cm.

The first column displays the obtained cavitation-enhanced back projected maps. In these
images, a high intensity means that a high amount of signal was received by the respec-
tive element, meaning there was little attenuation between the element and the focus. A low
intensity means that it is more likely that the path between such an element and the focus con-
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Figure 2.6: Transducer element maps for five different sonication positions. First column: acoustically obtained
intensities, normalized to their respective maximum. Second column: binarized apodization map based on the
acoustic measurement using k-medoids clustering. Third column: binarized apodization map based on the stochastic
ray tracer simulation.
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Table 2.1: Quantitative comparison of the proposed acoustic rib detection method to the ray tracer-based simulation
method.

Number of active elements

Number of elements with

Position equal apodization SIM CEBP

1 218 (85.16%) 148 142

2 248 (96.88%) 120 120

3 224 (87.50%) 136 138

4 225 (87.90%) 121 132

5 221 (86.33%) 120 113

SIM = simulation; CEBP = cavitation-enhanced back projection

tained attenuating structures. The intensity maps in the first column illustrate the attenuation
mapping effect as elements closer to the penumbra have lower intensities.

In the second column, the binary apodization maps using the k-medoids algorithm are
displayed. In these images, the elements are categorized into two groups, namely obstructed
(blue) and non-obstructed (red). The third column shows the binary apodization maps ob-
tained by the ray tracer simulation using the manual segmentation of the ribs. These maps
have the same color coding as the images in the second column. In order to compare the
binary apodization maps in columns two and three, Table 2.1 shows the number of elements
with an equal apodization and the number of active elements for each of the five transducer
positions.

2.3.2 In vivo rib detection experiment
Figure 2.7 shows the experimentally obtained intensity amplitudes per transducer element,
the binary clustering of these intensities, and a binary clustering obtained by using a collision
detection algorithm based on raytracing.

Comparing the two binary apodizations in Figure 2.7, 241 out of 256 elements had the
same binary value, with an average of 215 active elements between the two methods.

2.3.3 Attenuation mapping experiment
Figure 2.8 shows an overview of the intensity maps obtained at different angles in the atten-
uation mapping experiment.

All intensity maps were normalized to their respective maximum value. A high intensity
indicates that there was little attenuation between an element and the focus and vice versa. As
the phantom is further angulated with respect to the transducer, the difference in attenuation

42



Chapter 2

X (cm)

-6 -3 0 3 6

Y
 (

c
m

)

-6

-3

0

3

6

X (cm)

-6 -3 0 3 6

Y
 (

c
m

)

-6

-3

0

3

6

X (cm)

-6 -3 0 3 6

Y
 (

c
m

)

-6

-3

0

3

6

0 0.2 0.4 0.6 0.8 1

Intensity (A.U.)

On

Off

On

Off

a) b) c)

Figure 2.7: Transducer element maps for the in vivo rib detection experiment. (a) Experimentally obtained intensity
amplitudes per transducer element normalized to their respective maximum. (b) Binary clustering of the experimen-
tally obtained intensities using a manual clustering threshold of 0.5*Imax. (c) Binary clustering obtained by using a
collision detection algorithm based on ray tracing.

paths increases between the elements for both the proposed method (left column) and the
method based on image analysis (right column). This is illustrated by the increasing number
of low-intensity elements as the phantom angle is increased. Apart from a scaling factor, this
effect is observed for both of the methods. Notable are the overall low intensities displayed
in Figure 2.8ci. This can be attributed to an intensity outlier, as all intensities are normalized
by their respective maximum. Additionally, a small band of signal loss can be seen in Figures
2.8ci (y = 4 cm) and 2.8di (y = 3 cm). Since reproducing this band of signal loss failed in
several repetitions of the experiment, it appears to be either an artefact or a feature that is at
present not fully understood.

In order to investigate the similarity between the two methods, a transducer cross section
of intensities was evaluated along the direction of the intensity gradient. Figure 2.9 shows the
intensities along this cross section for all angulations of the phantom.

2.4 Discussion

The proposed rib detection method provides binary apodization maps that are similar to the
apodization maps based on manually segmented 3D MRI data of the ribs. The major advan-
tages of the proposed method over image-based methods are that it does not require any type
of sophisticated image analysis, and that the acquisition and processing time is very short. In
principle, the proposed method does not require any type of imager to be present in the setup
at all. Additionally, the proposed method takes all strong attenuators in the beam path such
as the ribs and attenuating tissue into account, not just the ones that have been identified by
image analysis.
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Right column: stochastic ray tracer simulated intensities.
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Figure 2.9: Comparison of element intensities for a transducer cross section along the direction of the intensity
gradient for four different phantom angulations, which were obtained using the proposed method (acoustic) and the
simulation-based method (ray tracer).

An inherent property of the proposed method is the relation between the induced pressure
in the focus and the number of measurements required to produce stable, accurate results.
When output powers are increased, the probability of creating cavitation bubbles in the focus
also increases. If a higher percentage of measurements contains a cavitation event, then fewer
of these measurements are needed for a stable result. Since the sonication duration is very
short, the overall energy deposited in the focus will be low, despite the high output powers
applied. However, a notable downside of using high output powers is that the probability of a
potentially harmful inertial cavitation event increases30,31. The optimal focal pressure would
in principle be the pressure at which the probability of non-inertial cavitation events is maxi-
mized while staying below the inertial cavitation pressure threshold. Such an optimization is
complicated by the fact that the cavitation power threshold is different for different transducer
sonication positions.

For all experiments conducted in this paper, results were based on a filtered average of
100 measurements. However, in the experiments conducted, the cavitation probability turned
out to be higher than 95%. The number of measurements taken was therefore in retrospect
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excessive, as taking only 5 measurements would have provided equal results. Assuming a
focal distance of 14 cm and a celerity of c = 1540 m/s, a single measurement using two
consecutive excitation pulses of opposite polarity will take only 365 µs. Using a total of 5
measurements, a complete rib detection measurement would therefore take under 2 ms. This
allows the proposed method to rapidly map any attenuating structures in each of the individual
beam paths of the transducer elements before starting a HIFU sonication, and consecutively
calculate the appropriate apodization law. Additionally, the in vivo rib detection experiment
showed that for this particular case, the proposed method was functional despite the presence
of physiological motion.

Applying the proposed method requires a high power phased array transducer with both
transmit capabilities as well as receive capabilities over its entire surface. In the experiments
described, the available output power was too low to induce an equally high non-inertial
cavitation probability for deeper sonications. Additionally, the limited output power available
imposed the constraint of a single-cycle pulse length. Using a longer pulse length would
decrease spectral broadening, improving the precision of the applied spectral analysis.

An additional advantage of the acoustic rib detection method is that the obtained element
intensities provide a measure of the attenuation in their respective beam paths. For the at-
tenuation mapping experiment, differences in intensities between the two methods can be
attributed to the inherent limitations of the ray tracer simulation, measurement errors in the
acoustic measurement and the relative scaling between the two methods. However, the under-
lying physical principle of detecting differences in attenuation between respective transducer
elements using the acoustic measurement was evidenced. Such attenuation maps could be
used to create non-binary apodization functions, in which individual elements could be driven
at different power levels. Combining such an attenuation mapping with information about the
amount of energy deposition in the focus for different transducer apodizations could be used
to select the optimal transducer position and individual element output powers for sonication
during intercostal HIFU therapy.

2.5 Conclusions

The proposed method for rib detection in intercostal HIFU therapy provides very similar re-
sults compared to manual segmentation-based methodology. Major benefits of the proposed
method are that it is very fast, insensitive to motion, and no user input is required. How-
ever, one has to ensure that the applied focal pressure stays within the non-inertial cavitation
regime. The proposed method can be used to obtain a measure of the attenuation that each
individual transducer element encounters in its respective beam path. This mapping of at-
tenuation was indicated during the rib detection experiments and evidenced on a polymer
ultrasound phantom. Such attenuation maps can in principle be used to create a non-binary
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apodization function which optimizes the focal energy deposition for a selected sonication
position.
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INCREASING THE HIFU ABLATION RATE THROUGH AN

MRI-GUIDED SONICATION STRATEGY USING SHOCK WAVES:
FEASIBILITY IN THE in vivo PORCINE LIVER

This chapter is based on:
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Increasing the HIFU ablation rate through an MRI-guided sonication strategy using shock
waves: feasibility in the in vivo porcine liver. Physics in medicine and biology, 61(3), 1057-
1077.
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Abstract

This study investigated whether an MR-guided pulsed HIFU ablation strategy could be imple-
mented under clinical conditions, using a transducer designed for uterine fibroid ablation, to
obtain an ablation rate that is sufficiently high for clinical abdominal HIFU therapy in highly
perfused organs. A pulsed HIFU ablation strategy, aimed at increasing the energy absorp-
tion in the HIFU focal area by local shock wave formation in the non-linear pressure regime,
was compared to an energy-equivalent continuous wave sonication strategy in the linear pres-
sure regime. Both ablation strategies were used for transcutaneous sonication of pre-defined
treatment cells in the livers of 5 pigs in vivo. Temperature evolution in both the target area
as well as the pre-focal muscle layer was monitored simultaneously using MR thermome-
try. Local energy absorption and thermal dose volumes were shown to be increased using the
pulsed ablation strategy, while preserving healthy tissue in the near field of the acoustic beam.
Respiratory motion compensation of both acoustic energy delivery and MR thermometry was
applied through gating based on MR navigator echoes. Histopathology showed that confluent
vacuolated thermal lesions were created when the pulsed ablation strategy was used. Addi-
tionally, it was shown that the heat sink effect caused by the presence of larger vessels could
be overcome. The pulsed HIFU ablation strategy achieved an ablation rate of approximately 4
mL per hour in the in vivo porcine liver, without causing undesired damage to healthy tissues
in the near field.
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Chapter 3

3.1 Introduction

The incidence of hepatic cancers, including hepatocellular carcinoma, colorectal liver metas-
tases, and neuroendocrine liver metastases, is increasing worldwide1. Hepatocellular carci-
noma is currently the seventh most common cancer in the world2. A major problem in the
treatment of hepatic cancers is that, in the majority of cases, hepatic tumors are surgically
unresectable3. Therefore, several research groups have investigated the possibility of using
high intensity focused ultrasound (HIFU) for the non-invasive thermal ablation of liver tu-
mors, both in animal models4–10 as well as in patients11–19. Although thermal HIFU ablation
of liver tumors has been shown to be feasible in patients, a number of challenges need to be
addressed to enable its widespread clinical acceptance.

One of these challenges is that the ablation rate in the liver is in general rather low19,20.
This is mainly due to the fact that the near field has to cool down between successive son-
ications to prevent undesired accumulative heating, which can lead to skin burns and / or
necrosis of healthy tissue in the beam cone21,22. An additional complication that occurs when
attempting to perform ablative therapy in highly perfused organs using HIFU is that the local
heat sink effects caused by perfusion and convective cooling by larger vessels in the treatment
area have to be overcome16. These cooling effects hamper achieving the desired temperature
elevation in adjacent cells, maintaining cellular viability and degrading the confluence of the
sonicated lesion23,24.

Several sonication strategies have been suggested that could potentially overcome limita-
tions imposed by accumulative heating of the near field. One approach has been to develop
methods based on either the generation of cavitation bubbles and / or the formation of shock
waves in the non-linear pressure regime. Such acoustic phenomena can be exploited to induce
both thermal as well as mechanical effects in biological tissues.

One of these methods is referred to as cavitation-enhanced heating. It has shown that
the presence of cavitation bubbles increased the energy absorption during focused ultrasound
sonications in the in vivo dog’s thigh muscle25. The presence of cavitation bubbles was in-
dicated by both wideband noise emissions as well as a strong echo appearance in B-mode
ultrasound images. The increase in energy absorption was attributed to multiple reflections
of the sound field in the focal area, as well as to the significant increase in energy extraction
from the sound field by bubbles at resonant size26. Another study found similar observations,
in particular an increase in the heating rate at tissue temperatures above 50 ◦C in an ex vivo
study on dog’s liver and prostate tissue27. This increase in heating rate was attributed to the
presence of a cavitation bubble barrier, which stops the ultrasound beam and makes it deposit
all of its energy at the proximity of the barrier. Subsequent studies have investigated the rela-
tionship between cavitation and enhanced heating effects in tissue mimicking phantoms28,29,
and cavitation-enhanced heating has been demonstrated in the in vivo rabbit thigh30 as well
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as the in vivo porcine liver31. Increasing the energy absorption in the focal area per unit
time could potentially increase the ablation volume per sonication without raising the energy
deposition in the near field.

Another method, known as cavitation cloud histotripsy, is based on the mechanical frac-
tionation caused by cavitation bubbles. In cavitation cloud histotripsy, microsecond-long
pulses are used at pulse repetition frequencies of 100-1000 Hz to repeatedly expand and col-
lapse a cavitation bubble cloud32. This method exploits the fact that at high pressure ampli-
tudes, bubbles will expand until the point of collapse, straining and eventually fractionating
their surrounding tissue. Since the formation of these bubble clouds is highly dependent on
the local peak negative pressure, fractionation effects due to the collapse of these bubbles are
highly confined to the focal area of the transducer33. Cavitation cloud histotripsy has been
investigated for several applications, including the erosion of kidney stones34, prostate tissue
ablation35, liver ablation36, and thrombolysis37. Since this method uses a low average output
power compared to continuous wave thermal ablations, the risk of accumulating thermal dose
in the near field of the transducer is reduced38.

A third sonication strategy that has gained interest in recent years is referred to as boiling
histotripsy. Boiling histotripsy uses millisecond-long pulses at pulse repetition frequencies of
approximately 0.5-1.0 Hz in the non-linear pressure regime, where the effects of shock front
formation can be exploited39,40. Since shock waves contain a multitude of higher harmonic
frequency components, which are more readily absorbed by biological tissues, focal heating
can be increased by an order of magnitude41. In the linear pressure regime, the heat uptake
qv,lin in the focus is proportional to the ultrasonic wave intensity, and therefore to the square
of the pressure amplitude:

qv,lin = 2αI =
2αp2

A

2c0ρ0
(3.1)

where α is the frequency-dependent absorption coefficient in the tissue, I is the ultrasonic
intensity, pA is the pressure amplitude, c0 is the propagation speed of longitudinal sound
waves in the tissue, and ρ0 is the equilibrium tissue density. In the non-linear pressure regime
however, the heat uptake is proportional to the third power of the shock wave amplitude42:

qv,shock =
βf0A

3
s

6c40ρ
2
0

(3.2)

where β is the non-linearity parameter, f0 is the ultrasonic frequency, and As is the am-
plitude of the shock wave. Because the heat uptake in the non-linear pressure regime is
proportional to the shock wave amplitude cubed as opposed to the square of the pressure am-
plitude in the linear pressure regime, tissue heating occurs much more efficiently. In boiling
histotripsy, this increased heating efficiency enables each individual millisecond-long pulse
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to liquefy biological tissues43–45. It has been applied to ablate in vivo porcine liver tissue46

and ex vivo porcine and human renal tissue47. Similar to cavitation cloud histotripsy, the
enhanced heating effect exploited in boiling histotripsy is highly localized due to the fact
that the required pressure amplitude is only present in the focal area, which minimizes the
potential for undesired heating of biological tissue in the near field45.

The purpose of this study was to evaluate, in the in vivo porcine liver under clinical condi-
tions, whether the volumetric ablation rate achieved by HIFU can be increased by exploiting
the increased focal energy absorption in the non-linear pressure regime, in order to create
a confluent macroscopic lesion in a clinically relevant timeframe without causing undesired
damage to healthy tissues in the near field of the transducer. With respect to therapy guid-
ance in current clinical practice, HIFU interventions are either guided by B-mode ultrasound
imaging46,48–50 or by magnetic resonance imaging (MRI)51–57. A major advantage of using
MRI for thermal therapies is the possibility of temperature mapping during treatment58,59,
which can be used for thermal dose calculations60,61. Therefore, this study also investigated
whether such a pulsed sonication protocol in the non-linear pressure regime could be imple-
mented such that interventional guidance could be performed using MRI for both thermom-
etry at the location of the treatment cell and the pre-focal area as well as respiratory motion
compensation. To this end, a sonication strategy was implemented that aims at exploiting the
enhanced energy deposition in the focus caused by shock wave absorption while still causing
thermal damage to the tissue to maintain the possibility for MR thermometry. This sonica-
tion strategy was compared to an energy-equivalent continuous wave sonication in the linear
pressure regime with respect to focal energy absorption and achieved thermal dose volume.
Finally, it was investigated through histopathological examination whether such a sonication
strategy can overcome the heat sink effect due to the presence of larger vessels in the liver in
order to create a confluent ablation volume.

3.2 Methods

The presented work consists out of three sets of experiments. In the first set of experiments,
sonications were performed through an ex vivo porcine tissue sample and recorded in the
focus of the transducer, in order to characterize the emitted waveform and the generation
of higher harmonic components with increasing transducer output power. The second set
of experiments was aimed at validating the enhanced focal energy absorption in the in vivo
porcine liver for pulsed sonications in the non-linear pressure regime, using current clinical
equipment and MRI-guidance. In the third set of experiments, this type of sonications was
used to sonicate a volume in the order of several milliliters in the livers of 3 healthy pigs,
to investigate the volumetric ablation rate that can be achieved without causing damage to
healthy tissue layers in the near field. Finally, dissection was performed on all of the pigs to
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visually inspect the lesions and the tissue layers in the beam path for any adverse effects. For
two of these pigs, liver tissue sonicated using the pulsed sonication protocol was harvested
for histopathological examination to investigate both the nature of the induced damage, and
whether the presence of larger vessels in the liver could be overcome to create confluent
ablation volumes.

3.2.1 Waveform characterization

The goal of the first set of experiments was to characterize the generation of harmonic com-
ponents as a function of acoustic output power for a propagation path representative of an
abdominal HIFU sonication. To this end, an ex vivo porcine tissue stack was placed in a
degassed waterbath on a Philips Sonalleve HIFU platform (Philips Healthcare, Vantaa, Fin-
land). The porcine tissue stack was chosen such that it would mimick the typical attenuation
encountered during abdominal HIFU sonications, and consisted out of subcutaneous fat and
abdominal muscle tissue with a combined thickness of approximately 4 cm. A fiber optic
probe hydrophone (FOPH 2000, RP Acoustics, Leutenbach, Germany) was mounted in a
holder whose position could be manipulated by three orthogonally oriented stepper motors
(M-ILS150PP, Newport, Irvine, CA, USA). These stepper motors were driven by a step-
per driver (NI-MID-7604, National Instruments, Austin, TX, USA), which could trigger the
HIFU generator, in turn triggering the acquisition electronics via an in-house developed Lab-
VIEW program. A schematic of the experimental setup is shown in Figure 3.1.

Generator

Oscilloscope

Stepper

motors
FOPH

HIFU Transducer

Oil reservoir

Ex-vivo tissue

FOPH 2000

main device

Degassed

water

Stepper

driver

Figure 3.1: Schematic of the experimental setup used to measure the focal pressure waves as a function of acoustic
output power through an ex vivo porcine tissue stack.
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For every position in a 2D grid (Lx×Ly = 86× 86; ∆x, y = 0.1 mm), pulses of 30 cycles
were emitted at an acoustic output power of 200 W and a frequency of 1.2 MHz to obtain 2D
pressure maps. By recording these pulse trains in several orthogonal 2D grids, the focal point
could be located. Consecutively, the hydrophone was moved to the focal point to perform
pressure measurements at different acoustic output powers.

To measure the focal pressure as a function of acoustic output power, a 7-cycle pulse train
was emitted at a frequency of 1.2 MHz using acoustic output powers between 200 W and 1
kW with a step size of 200 W. Focal pressure waveforms were recorded by the hydrophone,
sampled (T = 6.8 µs, ∆T = 50 ns) and displayed on an oscilloscope (DSO-X 3024A,
Agilent Technologies, Santa Clara, CA, USA), and exported to MATLAB (The MathWorks,
Natick, MA, USA) for further analysis.

3.2.2 Validation of increased energy absorption
In the second set of experiments, two energy-equivalent sonication protocols were imple-
mented on a Philips Sonalleve HIFU system (Philips Healthcare, Vantaa, Finland) integrated
in a Philips 1.5 T Achieva MR scanner (Philips Healthcare, Best, The Netherlands). One
sonication protocol operates in pulsed mode at an acoustic output power of 1 kW, whereas
the second sonication protocol operates in continuous wave mode at an acoustic output power
of 350 W. Both sonication protocols were used to sonicate treatment cells in the livers of 5
healthy pigs. To obtain the best possible comparison between the different sonication proto-
cols without sonicating the same treatment cell by different protocols, treatment cells were
placed adjacent in honeycomb patterns. Half of these cells was sonicated by the pulsed son-
ication protocol, and the other half by the continuous wave protocol. Using this sonication
scheme, both protocols were used to sonicate a total of 29 unique treatment cells.

MR thermometry was used to validate the increased focal energy absorption and to com-
pare the obtained thermal dose volumes between the two protocols. MR thermometry data
of the pre-focal area was gathered for both methods during 4 of these sonications to compare
the near field energy deposition.

Porcine liver model

Sonications were performed in the livers of five healthy Dalland pigs (50 – 60 kg), in agree-
ment with our local animal experiments ethics committee. After shaving of the abdomi-
nal area and application of ultrasound gel to ensure acoustic coupling, each pig was placed
in prone position on the Philips Sonalleve platform. General anesthesia was induced by a
continuous intravenous injection of Sufentanil (11.3 mg/kg/h), midazolam (1 mg/kg/h), and
cisatracurium (0.09 mg/kg/h). Respiration of the animals was controlled using a mechani-
cal ventilator (Smiths Medical Pneupac ParaPAC, Kent, United Kingdom) set at 13 breaths
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per minute, resulting in respiratory cycles of 4.5 seconds with resting phases of 3.0 seconds.
Heart rate, blood pressure, and exhaled end-tidal CO2-concentration were monitored through-
out the entire procedure. To prevent skin burns and damage of subcutaneous tissue layers due
to undesired accumulative heating in the near field of the transducer, an acoustically transpar-
ent cooling cushion was placed between the acoustic window of the HIFU treatment platform
and the skin surface, through which cooled water (10 – 15 ◦C) was circulated continuously.
To prevent systemic hypothermia of the animals, a heating pad through which warm water
(35 ◦C) was circulated was placed on the back of each animal. After the experiments, the
animals were euthanized using an overdose of pentobarbital sodium.

Sonication protocols

Ellipsoidal treatment cells (short axes 4 mm, long axis 10 mm) were sonicated at an acous-
tic frequency of 1.2 MHz using a sparse pseudo-random phased array HIFU transducer with
electronic beam steering capabilities designed for uterine fibroid ablation. The transducer
consists out of 256 circular elements with diameters of 6.6 mm, and has an aperture and a
focal length of 14 cm (F-number = 1). Two different sonication protocols of 10 second dura-
tion were used. The first sonication protocol, aimed at exploiting increased local absorption
in the non-linear pressure regime, used an acoustic output power of 1 kW and a pulse length
of 8.75 ms (10500 cycles) at a pulse repetition frequency of 40 Hz. For a sonication time of
10 seconds, the total emitted energy was 3.5 kJ. The second protocol, which was used to ob-
tain control measurements for sonications in continuous wave mode, used an acoustic output
power of 350 W for 10 seconds continuously, emitting 3.5 kJ of energy equal to the pulsed
sonication protocol. For the experiments aimed at validation of increased focal energy ab-
sorption, both the pulsed 1 kW protocol as well as the 350 W continuous wave protocol were
used to sonicate 29 treatment cells distributed over 5 pigs. In these experiments, a cool-down
time of 2.5 minutes was used between successive sonications to ensure that the temperature in
the focal area had returned to baseline for the following measurement. For the experiments in
which the volumetric ablation rate was investigated, a total of 48 sonications were performed
over 3 pigs, all using the pulsed sonication protocol. In these experiments, a cool-down time
of 40 seconds was used between successive sonications.

MRI guidance

All sonication cells in the in vivo experiments were planned in the liver, unobstructed by the
thoracic cage or the bowels, at a distance of approximately 3 – 4 cm from the skin surface.
Two MRI sequences were used for planning of the treatment cells, both T2-weighted 3D
Turbo Spin Echo MR images (repetition time (TR): 1440 ms, echo time (TE): 130 ms, field-
of-view (FOV): 400 x 358 x 150 mm, acquisition matrix: 133 x 208 x 180, reconstructed
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voxel size: 3.00 x 0.49 x 0.49 mm³, turbo factor: 83) as well as T1-weighted 3D gradient
echo images (TR: 4.1 ms, TE: 1.8 ms, flip angle: 10°, FOV: 400 x 358 x 150 mm, acqui-
sition matrix: 100 x 192 x 172, reconstructed voxel size: 1.0 x 1.56 x 1.57 mm³, SENSE
factor 2 (Right-Left), number of sample averages: 4, SPAIR fat-suppression, half-scan 0.7
(y-direction) and 0.85 (z-direction), total scan duration: 1 min 39 s).

The focal temperature evolution and thermal dose were monitored for all experiments in
both the coronal and the sagittal plane centered on the treatment cell, using proton resonance
frequency shift (PRFS) thermometry62,63 (gradient echo echo-planar imaging (EPI), TR: 100
ms, TE: 15 ms, flip angle: 20°, FOV: 400 x 400 mm, acquisition matrix: 160 x 160, voxel
size: 2.5 x 2.5 x 5.0 mm³, EPI factor: 17). Additionally, MR thermometry was used as
a feedback mechanism to determine whether a treatment cell required re-sonication. For 8
sonications, the temperature evolution was monitored in both the treatment cell as well as
in a coronal slice positioned 1.5 cm anterior to the geometric focus in the pre-focal muscle
layer. The mean and standard deviation of the temperature change in this pre-focal coronal
slice was calculated over the circular area where the geometric beam cone intersects the slice.
One centimeter was added to the radius of this circle to take into account heat diffusion to
regions outside of the geometric beam cone. Figure 3.2 shows an examplary planning image,
including the positioning of the pre-focal MR thermometry slice.

S

L

(a)

W

M

F
L

D

(b)

Figure 3.2: Exemplary coronal (a) and sagittal (b) T2-weighted planning images for the experiments in the in vivo
porcine liver, showing the beam cone overlay and the treatment cells in yellow. The green line in the sagittal image
indicates the position of the pre-focal coronal MR thermometry slice in the abdominal muscle layer. L = Liver, S =
Spleen, W = Water, F = Fat, M = Muscle, D = Derma.

Respiratory motion compensation was applied using a pencil beam navigator placed on
the diaphragm64,65. A gating window of 3 – 5 mm width was defined for the end-expiration
phase. When the diaphragm was in the gating window, the MRI data acquisition system
transmitted a transistor-transistor logic (TTL) pulse on a dedicated hardware port to an in-
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terface board equipped with an Atmel microcontroller (ATmega32u4, Atmel Corporation,
San Jose, California, USA). Depending on the type of sonication, this microcontroller then
transmitted the appropriate trigger signal to the HIFU generator system in order to execute
TTL-triggered sonication protocols. This allowed the transducer to only sonicate after each
exhalation phase of the respiratory cycle, when the diaphragm was stationary. For the de-
scribed anesthesia protocol and mechanical ventilation settings, this resulted in a sonication
duty cycle of 65 – 70%.

After completion of all sonications in a given animal, gadolinium (Gadovist, Bayer, Lev-
erkusen, Germany) was injected (0.1 mmol / kg bodyweight) so that non-perfused volumes
could be evaluated on 3D contrast-enhanced T1-weighted dynamic gradient echo images (TR:
5.4 ms, TE: 2.6 ms, flip angle: 10°, FOV: 159 x 250 x 250 mm, acquisition matrix: 53 x 168 x
132, reconstructed voxel size: 3.0 x 0.49 x 0.49 mm³, slice thickness: 3.0 mm, slice gap: -1.5
mm, turbo factor: 44, SPIR fat-suppression). The non-perfused volumes were determined by
manual delineation of the non-enhancing tissue based on comparison with the signal intensity
in healthy liver tissue in the contrast-enhanced images (MeVisLab, MeVis Medical Solutions
AG, Bremen, Germany).

Histopathology

For two of the animals, the liver tissue sonicated using the pulsed sonication protocol was
harvested and frozen in liquid nitrogen within 1 hour after euthanization of the animal (and
between 1 and 8 hours after sonication of the liver). These tissue samples were then processed
by the pathology department of the University Medical Center Utrecht, during which a 4 µm
thick coronal slice was cut out of each 1000 µm of tissue. Combining both animals, this
resulted in a total of 48 sections. Two staining techniques were applied to the tissue slices for
histological analysis. Hematoxylin and eosin (H&E) staining was applied for the evaluation
of mechanical damage, whereas nicotinamide adenine dinucleotide-diaphorase (NADH-d)
staining was applied to evaluate the extent of thermal damage and cellular viability66. After
staining, the slices were visually inspected using a Keyence BIOREVO BZ-9000 microscope
(Keyence Corporation of America, Itasca, Illinois, USA).

3.3 Results

3.3.1 Waveform characterization
Figure 3.3 shows focal pressure waveforms for different acoustic output powers, as recorded
by the hydrophone in the same spatial location, for sonications through the ex vivo porcine
tissue stack.

Figure 3.3 shows that by increasing the acoustic output power, the non-linearity of the
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Figure 3.3: Focal point pressure as a function of time for different acoustic output powers, as measured by the fiber
optic probe hydrophone. Sonications were performed through an ex vivo porcine tissue stack with a total thickness
of approximately 4 cm, using a pulse train of 7 cycles at a frequency of 1.2 MHz.

focal pressure waveform increases and shock fronts begin to form. Maximum peak positive
pressure amplitudes range between 4.0 MPa for the 0.2 kW pulses and 11.5 MPa for the 1
kW pulses. Maximum peak negative pressure amplitudes range between 2.8 MPa for the 0.2
kW pulses and 5.2 MPa for the 1.0 kW pulses.

Figure 3.4 shows the Fast Fourier Transforms of the focal pressure waveforms, normal-
ized on their respective principal frequency component.

The normalized frequency spectrum in Figure 3.4 illustrates the increase in generation
of higher harmonic components in the focal point as the acoustic output power is increased.
Comparing the 1.0 kW to the 0.2 kW pulses, that is the most non-linear case to the most
linear case, the relative amplitude of the second harmonic component is more than doubled,
and the relative amplitude of the third harmonic increases threefold.

3.3.2 Increased absorption & thermal dose

For the second set of experiments, Figure 3.5 shows the mean and standard deviation of the
temperature evolution in the hottest voxel of the focal area for both sonication protocols, as
measured by MR thermometry in each of the five animals using a baseline temperature of 37
◦C. Exemplary temperature maps at peak temperature are shown for both sonication protocols
in Figure 3.6.

In each of the respective animals, higher peak temperatures were observed for the pulsed
sonication protocol in comparison to the continuous wave protocol. In addition, the slope
of the temperature increase during sonication was steeper for the pulsed sonication protocol.
Another thing to note is that for the pulsed sonications in animals 1, 3, and 4, the standard
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Figure 3.4: Fast Fourier Transforms of the focal pressure waveforms displayed in Figure 3.3, normalized on their
respective principal frequency component.

deviations of the temperature measurements were large compared to those observed in the
temperature measurements of continuous wave sonications.

Table 3.1 summarizes the necrotic thermal dose volumes, defined as the volume that
received a thermal dose of at least 240 cumulative equivalent minutes at 43 ◦C as measured
by MR thermometry, obtained in each of the 5 animals during the first set of experiments.

Table 3.1: Necrotic thermal dose volumes in milliliters (number of cells in parenthesis) for both sonication protocols
as measured in 5 animals in the coronal MR thermometry slice centered on the focus.

Animal TDV [mL], 1 kW pulsed TDV [mL], 350 W CW

1 0.63 (N=6) 0.00 (N=6)

2 0.31 (N=7) 0.00 (N=7)

3 0.88 (N=8) 0.28 (N=8)

4 0.78 (N=4) 0.00 (N=4)

5 0.31 (N=4) 0.03 (N=4)

The 350 W continuous wave sonications induced a necrotic thermal dose volume in only
2 of the animals, whereas the pulsed 1 kW sonications induced a substantial necrotic thermal
dose volume in all animals. In these two cases where the 350 W continuous wave sonica-
tion induced a necrotic thermal dose volume, the size of the volume was small compared to
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Figure 3.5: Mean ± standard deviation of the temperature evolution over time in the hottest voxel in the focal area
during the 1 kW pulsed (red) and the 350 W continuous wave (blue) sonications in 5 animals (number of sonications
in parentheses). The dashed lines indicate the start of sonication at t = 10 sec, around which all curves have been
centered. Linear interpolation was applied between successive data points.
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Figure 3.6: (a) Coronal and (b) sagittal PRF-thermometry maps at peak temperature for two adjacent sonications in
the porcine liver. (i): 1 kW pulsed sonication, (ii): 350 W continuous wave sonication. H = Heart, L = Liver, G =
Galbladder, S = Stomach. Note that the temperature is underestimated in the sagittal slice due to the orientation of
the voxels and partial volume effects.

necrotic volumes induced by the 1 kW pulsed sonications.

3.3.3 Pre-focal temperature change

Figure 3.7 shows an overview of the MR thermometry measurements in the pre-focal muscle
layer during 4 pulsed and 4 continuous wave sonications, which were recorded during the
second set of experiments in animal 5. Comparing the two sonication methods, a similar
mean change of the temperature as well as comparable standard deviations are observed in
the pre-focal muscle layer during energy delivery.
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Figure 3.7: Mean ± standard deviation of the temperature change in the pre-focal muscle layer 1.5 cm anterior to the
geometric focus during 4 pulsed (red) and 4 continuous wave (blue) sonications, as measured by MR thermometry.
The dashed lines indicate the start of sonication at t = 10 sec, around which all curves have been centered. Linear
interpolation was applied between successive data points.

3.3.4 Ablation rate
Table 3.2 summarizes the non-perfused volumes that were achieved in the third set of exper-
iments, where in 3 of the animals a large sonication cluster was planned to investigate the
achievable ablation rate.

Table 3.2: Non-perfused volume, number of sonications (in parenthesis), treatment time, number of re-sonications,
and ablation rate for 3 large sonication clusters.

Animal NPV [mL] Treatment time [min] Re-sonications Ablation rate [mL / hour]

3 2.0 (N=12) 30 0 4.0

4 2.1 (N=14) 30 0 4.2

5 3.2 (N=22) 45 5 4.3

Five cells had to be re-sonicated in animal 5 based on the feedback obtained from MR
thermometry, which showed an insufficient thermal dose had been delivered to the target
area. For all other sonications, sufficient thermal dose was delivered to the target area to
induce tissue necrosis. In all 3 experiments, an ablation rate of at least 4 mL / hour was
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achieved. A contrast-enhanced MR image of the non-perfused volume achieved in animal 5
is shown in Figure 3.8.

L

S

V

Figure 3.8: Coronal section of the 3D contrast-enhanced T1-weighted gradient echo MR image, with the non-
perfused volume achieved in the liver of animal 5 indicated by the yellow dotted line. This non-perfused volume
was achieved over a total sonication time of 45 minutes. L = Liver, V = Vessel, S = Spleen.

3.3.5 Gross anatomical inspection
Figure 3.9 shows a number of exemplary lesions that were created in the porcine liver during
the third set of experiments, using the pulsed sonication protocol.

Upon visual inspection, the lesions created using the pulsed sonication protocol consisted
out of a confluent white necrotic core surrounded by a well-defined hemorrhagic rim. The lo-
cal presence of larger vessels did not appear to have hampered tissue necrosis in the treatment
area. No damage to the tissue layers in the near field of the beam path could be identified for
any of the experiments conducted.

3.3.6 Histopathology
Figure 3.10 shows two H&E and NADH-d stainings of tissue that was subject to pulsed
sonications with a large vessel in its vicinity.

Over all 48 histopathological sections, a total of 9 vessels with a diameter larger than 1
mm were identified, of which 3 showed decreased NADH-d activity similar to that shown in
Figure 3.10aii. The other 6 vessels were completely ablated with the target area, as depicted
in Figure 3.10bii.

Figure 3.11 shows typical examples of H&E and NADH-d stainings of healthy tissue, tis-
sue sonicated using the pulsed sonication protocol, and stainings of the border zone between
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Figure 3.9: Several lesions created in the in vivo porcine liver using pulsed HIFU ablation, demonstrating the ability
to create large confluent necrotic volumes despite the effects of local perfusion and respiratory motion.

healthy and sonicated tissue.

The healthy tissues in Figure 3.11 show clear cellular structure on H&E staining (Figure
3.11ai) and abundant NADH-d activity (Figure 3.11bi). When comparing the sonicated and
healthy tissues, we see that a large amount of both mechanical as well as thermal damage
was done to the cells by the pulsed HIFU sonications. Figure 3.11bii shows a complete lack
of NADH-d activity in the sonicated area, indicative of thermal damage done to the tissue.
Additionally, the H&E section of the sonicated tissue in Figure 3.11aii is more eosinophilic
than the healthy tissue and contains several large voids. A clear border can be distinguished
on the H&E section in Figure 3.11aiii between the healthy tissue and the sonicated tissue.
In contrast to the sonicated tissue, the healthy tissue contains an abundance of dark-purple-
stained cell nuclei and pink-stained connective tissue. Similar to what is observed in the H&E
sections, Figure 3.11biii shows a distinctive border between healthy and sonicated tissue.
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Figure 3.10: Exemplary H&E (i) and NADH-d (ii) stainings of lesions induced in the in vivo porcine liver using the
pulsed sonication protocol. The yellow arrows indicate the presence of a large vessel in each of the respective slices.
H&E staining reveals cellular structures, whereas a lack of NADH-d staining indicates thermal damage to the tissue.
a) shows a case where the presence of the vessel disrupted the confluence of the lesion, b) shows a case where a large
vessel was ablated along with the target area.

3.4 Discussion

The first set of experiments described in this study was aimed at characterizing focal pressure
waveforms induced by a clinical HIFU system as a function of acoustic output power for a
beam path representative of an abdominal HIFU sonication. An increase in non-linearity of
the pressure waveform was observed while increasing the acoustic output power, resulting in
shock wave formation and an increase in generation of higher harmonic frequencies. In the
in vivo experiments, pressure waves were induced at acoustic output powers of 350 W and 1
kW. Figures 3.3 and 3.4 show that the 1 kW waveform is indeed substantially more non-linear
than the 350 W waveform. Since the in vivo experiments were in part aimed at validation of
the increased energy absorption due to non-linear wave propagation, it is concluded that the
use of these two acoustic output powers constitutes an appropriate comparison.

The second set of experiments was aimed at validating that a HIFU sonication protocol
using shock waves could be implemented on current clinical equipment in order to enhance
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Figure 3.11: (a) H&E and (b) NADH-d stainings of porcine liver tissue. Displayed are (i) healthy tissue, (ii) tissue
sonicated using the pulsed sonication protocol, and (iii) the border zone between sonicated (left) and healthy tissue
(right). Mechanical damage is evidenced by evaluating the cellular structure on H&E stainings, whereas thermal
damage is evidenced by a lack of NADH-d activity.

the energy uptake in the focal area with respect to energy-equivalent continuous wave soni-
cations, while maintaining the possibility for guidance by MRI. The MR thermometry data
in Figure 3.5 shows that the peak temperatures achieved in the focal area were indeed higher
when using the pulsed sonication protocol, and the temperature gradient during sonication
thus steeper. These results support the hypothesis that energy uptake can be enhanced by
using a pulsed sonication protocol in the non-linear pressure regime compared to an energy-
equivalent continuous wave sonication in the linear pressure regime41,44,67. Shortening of the
total time required to achieve thermal ablation of the target area is highly relevant, consider-
ing the fact that the ablation rate for abdominal HIFU applications is in general too low. A
possible explanation for the larger standard deviations observed in the temperature curves of
the pulsed sonication protocol is that the amount of energy uptake enhancement can vary sub-
stantially for different sonication positions, as it is strongly dependent on the local pressure
that is achieved during sonication. This dependency on the local pressure required to enhance
the energy uptake was also indicated by the fact that when using the pulsed high power soni-
cation protocol, the heating of the tissue was highly localized (Figure 3.6). It is not expected
that these larger standard deviations are a result of cavitation activity, as the voxel size used
for MR thermometry in this study is orders of magnitude larger than typical acoustic cavita-
tion bubble sizes. Although the impact on the local disturbance of the B0-field cannot easily
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be estimated, previous work has shown that for voxel sizes smaller than the ones used in this
study, the presence of cavitation bubbles did not interfere substantially with MR thermometry
measurements30. When sonicating in a pressure regime where complex acoustic phenomena
occur, the increased standard deviations of the temperature curves do however illustrate the
need for extensive treatment monitoring, in order to prevent any undesired damage to healthy
tissues in the vicinity of the focal area.

Using MRI, the temperature evolution in both the focal area as well as the pre-focal area
was successfully monitored during both pulsed as well as continuous wave sonications. Addi-
tionally, successful respiratory motion compensation was confirmed by the fact that confluent
lesions were observed in histopathological examination. The fact that no lesions induced by
the continuous wave sonication protocol were found in gross anatomical observation is in
agreement with the MR thermometry data, which shows peak temperatures below 55 ◦C at
insufficient durations to achieve thermal necrosis of the tissue60. However, it should be noted
that the continuous wave protocol was not necessarily set up to do so; it was set up to serve as
a point of comparison with respect to the pulsed 1 kW sonications. The results show however
that in order to induce thermal necrosis using continuous wave sonications, for the hardware
setup and tissue geometry described in this study, a higher acoustic output power is generally
required.

Considering the pre-focal muscle layer, the MR thermometry data shows comparable tem-
perature changes during energy delivery between the two sonication methods. In this study,
the temperature monitoring in the near field was interrupted between successive sonications,
changing the baseline value for PRFS thermometry. To observe accumulative heating in the
near field, continuous monitoring of the temperature change with respect to a single baseline
value is required. Also, monitoring of the near field could be improved by adding simulta-
neous MR thermometry measurements in the pre-focal fat layer, using both MR sequence
switching68 and T2-based thermometry69.

In the third set of experiments, it was shown in 3 animals that a pulsed sonication strategy
in the non-linear pressure regime can be implemented using current clinical hardware to
ablate a large, confluent volume in the in vivo porcine liver in a clinically realistic time-frame.
Although ablation rates of at least 4 mL per hour were achieved, it should be noted that the
effect of enhanced absorption can only be exploited at sufficient focal pressures. This limited
in practice the achievable shot depth, since the system used in this study was not designed
for sonications in the non-linear pressure regime at depths greater than approximately 5 cm
measured from the skin surface into the liver. Therefore, all sonications were placed at 3 – 4
cm depth measured from the skin surface, anticipating that a sufficient focal pressure could
be achieved to exploit the increase in local energy absorption.

Finally, this study aimed to demonstrate that confluent lesions could be created in the in
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vivo porcine liver using transcutaneous pulsed sonications in the non-linear pressure regime,
without causing damage to healthy tissue layers in the near field of the beam path. Addition-
ally, it was investigated whether the heat sink effect caused by the local presence of larger
vessels could be overcome. On gross anatomical inspection, no damage could be identified
to the skin surface, subcutaneous fat, or subcutaneous muscle layers during dissection of any
of the five animals. Large confluent lesions with a white necrotic core and clearly demarcated
hemorrhagic rims were observed on the liver capsule, as shown in Figure 3.9. Considering
the presence of larger vessels, in 6 out of 9 cases complete ablation of the vessel inside the
target volume was observed. In the remaining 3 cases, the NADH-d activity in the focal area
surrounding the vessel was only reduced compared to healthy tissue. This could potentially
be explained by a lack of sufficient pressure in the location of these vessels for complete abla-
tion. H&E and NADH-d sections confirmed that both mechanical as well as thermal damage
was done to the sonicated tissue using the pulsed sonication protocol. The presence of several
large voids in the H&E sections of the sonicated tissue, combined with the extensive thermal
damage observed on NADH-d staining, indicate that vacuolated thermal lesions were created
when using the pulsed sonication protocol. When considering the sonication parameters, this
observation is in agreement with previous work45,66.

3.5 Conclusion

This study has demonstrated in the in vivo porcine liver that pulsed sonications in the non-
linear pressure regime can be implemented with current clinical HIFU equipment to enhance
the energy uptake in the focal area, as validated by MR thermometry data and thermal dose
volume analysis. The effect of enhanced focal energy absorption was exploited to achieve a
clinically relevant ablation rate of 4 mL per hour, as confirmed by MR-based non-perfused
volume analysis. Gross anatomical examination showed that large non-perfused confluent
volumes were created in the liver, without causing undesired damage to healthy tissue layers
in the near field of the transducer. Histopathological examination indicated that non-viable,
vacuolated thermal lesions were created. At sufficiently high pressures, the heat sink effect
caused by the presence of larger vessels was overcome. However, when sonicating in the
non-linear pressure regime where complex acoustic phenomena occur, there is a clear need
for extensive treatment monitoring for safety reasons.
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EVALUATION OF A NOVEL THERAPEUTIC FOCUSED

ULTRASOUND TRANSDUCER BASED ON FERMAT’S SPIRAL

This chapter is based on:

Ramaekers, P., de Greef, M., Berriet, R., Moonen, C.T.W., & Ries, M. (2017). Evalua-
tion of a novel therapeutic focused ultrasound transducer based on Fermat’s spiral. Physics
in Medicine & Biology, 62(12), 5021-5045.
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Abstract

The purpose of this study was to evaluate a novel phased array transducer design rule for
therapeutic focused ultrasound applications. This design rule uses the discretized Fermat’s
spiral to determine the positioning of the transducer elements for a given number of ele-
ments and f-number. Using this principle, three variations of Fermat’s spiral were generated,
aimed at 1) grating lobe minimization, 2) side lobe minimization, and 3) an optimized el-
ement packing efficiency. For each spiral, sparse layouts using identical circular elements
and fully populated layouts based on additional Voronoi tessellation were evaluated numer-
ically. Evaluation criteria included the element size distribution, beam steering capabilities,
focal plane pressure distribution, prefocal pressure distribution, and practical considerations.
Finally, one Voronoi-tessellated design with a focal length and aperture diameter of 16 cm
and a natural frequency of 1.3 MHz was evaluated experimentally through hydrophone mea-
surements. The numerical evaluation showed that while sparse arrays possess superior beam
steering capabilities for a given number of elements, the focal point quality and prefocal pres-
sure distribution is substantially more favorable when using the Voronoi-tessellated designs.
Beam steering was shown to be feasible with the tessellated designs for lateral deflections
up to 10 mm and axial deflections up to 20 mm. The experimental evaluation showed that
such a transducer is capable of inducing 40.00 MPa rarefactional and 237.50 MPa compres-
sional peak pressure levels at 800 W instantaneous acoustic output power under free-field
conditions, making the system potentially relevant for thermal ablation therapy, histotripsy
applications, and shockwave-enhanced heating.
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4.1 Introduction

Therapeutic phased array transducer systems in the form of a spherical cap, which combine
electronic and geometric focusing capabilities, have been proposed as early as 1981 by Do-
Huu & Hartemann1 and with additional lateral beam steering capabilities in 1991 by Ebbini
& Cain2. For ideal focus quality, a therapeutic transducer design of this type should have a
large aperture and should be densely populated by individual phased array elements, which
should have a size below half the wavelength of the acoustic beam3. However, this leads
to large transducer arrays with a very high number of elements. In particular for large ex-
tracorporeal 2D arrays this approach has so far been prohibitively expensive and complex
for widespread adoption. As a consequence, most subsequent designs of extracorporeal 2D
arrays for clinical applications were designed around a moderate number of elements (16
< n < 1024) and individual element diameters which exceed the wavelength of the emitted
acoustic beam. The main disadvantages of this type of phased array design are 1) the occur-
rence of undesired grating lobes in the focal plane, 2) the occurence of secondary maxima
in the focal plane, and 3) the rapid degradation of the focus quality for off-axis sonications4.
This limited the usable lateral steering range considerably for early designs, for example as
proposed by Fan & Hynynen5. Hutchinson et al. proposed a random distribution of phased
array elements of varying size for a prostate transducer system as a potential solution to this
problem6. Goss et al. extended this sparse random design to an extracorporeal array in the
form of a spherical cap7. Dupenloup et al. investigated a matched apodization and the use
of broadbanding for additional side lobe suppression8. Daum & Hynynen proposed a spheri-
cally sectioned phased array for optimal non-invasive surgery9. Gavrilov & Hand extensively
investigated regular and irregular element patterns for spherical cap transducer designs with
numerical simulations and also varied the individual element sizes4. Their findings confirmed
that a randomized element distribution significantly improves the focus quality. Lu et al. pro-
posed a genetic algorithm to optimize the placement and the phase of the array elements
to achieve optimal focus quality10 and also validated this design experimentally at a later
point11. Hand et al. validated the conclusions of the work of experimentally4,12. Finally, Ji et
al. presented an annular phased array design with a comparatively low element number (90)
of large diameter13. Commercially, sparse phased arrays have been introduced by Insightec in
2003 (the ExAblate 2000 system)14, followed by the Sonalleve system by Philips in 200915.

The common design criteria for the majority of these designs of sparsely populated phased
array transducers has been an optimal focus quality both on-axis and off-axis, whereby the
latter is required for electronic beam steering capabilities. However, the more widespread
adoption of High Intensity Focused Ultrasound (HIFU) in clinical practice, and in partic-
ular of sparse phased array designs with large f-numbers14,15, indicated that optimal focus
quality is not the only important design criterion for a therapeutic phased array transducer.
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In particular for the ablation of large tumors such as uterine fibroids, an increasing amount
of clinical evidence indicates that the acoustic pressure in the prefocal zone also represents
an important design parameter16–18. One of the practical limitations of clinical HIFU abla-
tions is the requirement to avoid undesired tissue damage in the prefocal zone. During the
ablation of large target volumes, accumulative buildup of heat has been identified as one of
the principal limitations of the achievable ablation speed and thus the overall duration of the
intervention17. There is a growing consensus that for oncological applications, long treatment
times for clinically relevant ablation volumes currently represent one of the main handicaps of
non-invasive clinical HIFU with extracorporeal transducers. Compared to large hemispher-
ical single-element transducer designs, such as clinically deployed in the Haifu JC series
instruments (Chongqing Haifu Medical Technology Co. Ltd., Chongqing, China)19, sparsely
populated phased array designs display inherently much larger acoustic pressure variations
in the prefocal zone. These variations can, during prolonged energy depositions or burst-type
energy depositions under high duty cycles, enhance the formation of local accumulative heat
buildup in the prefocal zone. As a consequence, phased array designs with high local acoustic
intensities in the prefocal zone in practice require lower duty cycles to allow the deposited
energy to dissipate from the hotspots in order to avoid undesired tissue damage.

However, optimizing sparsely populated HIFU arrays for both focus quality for on-axis
and off-axis sonications as well as uniform intensities in the prefocal zone is a much more
complex problem, as recent work in the field of optimal intercostal HIFU ablations with ex-
tracorporal transducers has shown20,21. This is due to the fact that the required optimization
process for a sparse array not only has to adjust the transducer frequency, the aperture, the el-
ement diameter, the number of elements, and the overall acoustic power, but also the position
of each of the individual transducer elements. In particular the latter renders the optimization
process complex and cumbersome due to the high dimensionality of the solution space, as
shown by Gavrilov & Hand4 and Lu et al.10.

Beyond thermal HIFU ablation, which generally requires transducers to deliver acous-
tic powers in the range of 100-400 W in continuous wave mode over durations of typically
10-100 s, novel HIFU applications are represented by cavitation-cloud histotripsy22, boiling
histotripsy23, and shock wave enhanced thermal ablation24,25. In these HIFU applications, the
therapeutic interaction of the acoustic wave is either an entirely non-linear mechanical inter-
action, or a mixture of non-linear mechanical and thermal interactions. However, non-linear
acoustic effects occur only at threshold pressures, which are typically substantially higher
than pressure levels used for thermal ablation. Consequently, these types of applications re-
quire phased array transducer designs which do not need to be optimal with respect to their
beam-steering capabilities, but rather should induce sufficiently high acoustic intensities at
the focus.
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In a first step, the presented work here summarizes prior art on the design of sparse
phased arrays and the recent clinical experience with these designs into a pragmatic set of
design rules for an efficient extracorporeal therapeutic phased array transducer in the form
of a spherical cap or disc. This design process is demonstrated for the design of a therapeu-
tic transducer for abdominal focused ultrasound therapy. In particular the additional aspect
of undesired energy deposition in the prefocal zone is taken into account. In a second step,
the presented work investigates numerically if a phased array element placement according
to the construction principle of Fermat’s spiral is a possible algebraic solution that fulfills
these design criteria. Subsequently, we propose a set of derived designs based on additional
Voronoi tessellation26, which aims to decrease the peak power density in the prefocal zone
and to improve the on-axis focal point quality even further, approaching the on-axis perfor-
mance of a single-element transducer while maintaining the beam steering capabilities over
a large range under the boundary condition of a limited number of elements. Finally, one
of the transducer designs based on the construction principle of Fermat’s spiral and Voronoi
tessellation is evaluated experimentally.

4.2 Methods

4.2.1 Transducer design criteria
Based on the extensive prior art on the design of phased array transducer systems in the form
of a spherical cap, the main design criteria used in the scope of this paper can be summarized
as follows:

1. One of the key performance criteria for a therapeutic transducer design is to achieve
the highest possible power density in the focal point. To achieve this, the packing
density of the phased array elements (i.e. elements / unit area ratio) should be as high
as possible. There are several reasons for the inclusion of this design criterion:

• A high packing density of the elements on the transducer surface leads to a uniform
acoustic pressure in the prefocal zone. This leads to uniform prefocal heating, even
for continuous wave sonications at moderate power levels, and is particularly favor-
able for extracorporeal transducers with large f-numbers27.

• Many pathological tissues in the abdomen, for example type 2 and type 3 uterine fi-
broids or malignant tumors in liver and kidney, display a high rate of perfusion which
decreases heating efficiency. Both clinical and preclinical evidence shows that high
acoustic intensities at the focus are required to overcome the high heat dissipation
rate of these targets28. Since the currently employed piezocomposite materials for
phased array elements are in practice limited to power densities of up to 30 W/cm2
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for continuous wave emissions29 under favorable cooling conditions, a large active
surface of the transducer facilitates achieving the required overall acoustic output
power and spreading the resulting acoustic pressure evenly in the prefocal zone in
order to avoid undesired local hotspots.

2. The arrangement of the phased array elements should avoid any symmetries, in par-
ticular symmetry with respect to the optical axis of the transducer or line symmetries
between groups of phased array elements. As has been described in the prior art dis-
cussed in the Introduction, these are essential properties to achieve a good performance
for energy deposition off-axis through beam steering or beam forming. Symmetries in
the arrangement of the phased array elements in the aperture plane give rise to unde-
sired focus degradation and grating lobes in the focal plane. Similarly, the acoustically
non-active space between the elements should also avoid any symmetries, in particular
symmetry with respect to the optical axis of the transducer or line symmetries between
groups of elements. This is essential to prevent undesired focus degradation for energy
delivery both on-axis and off-axis.

3. Preferably, an optimal design rule for element placement to satisfy these criteria should
be applicable to phased arrays of any aperture diameter, element number, and curva-
ture of the transducer. The reason for this is that the complete design process of a
sparse phased array transducer has to find the optimal combination of frequency, cur-
vature, and aperture (thus the f-number) and the shape, surface, and placement of each
of the phased array elements for criteria (i) and (ii), while respecting the following
constraints:

• Required penetration depth of the beam in the tissue, frequency dependent absorption
in the target, and frequency dependent attenuation in the beam path.

• Required acoustic pressure and form of the focal point.

• Required beam steering range for a particular application or selected ablation strat-
egy.

• Physiological limitations arising from the target position (such as partial obstruc-
tion by absorbing structures, or a limited acoustic access window), which frequently
limits possibilities for choosing the f-number.

• The costs and complexity of arrays with high element numbers, which in practice
limits the number of available phased array elements.

• Technical constraints, such as size limitations due to mechanical integration require-
ments, in particular for magnetic resonance imaging-guided therapeutic ultrasound
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systems, or limits imposed by the technically achievable surface power densities of
the chosen transducer element material.

The high amount of degrees of freedom and constraints render the design process math-
ematically very complex and cumbersome4,10,30. In particular, this is a result of the fact
that any optimization step essentially requires to solve the Rayleigh-Sommerfeld in-
tegral for any given configuration. Consequently, an algebraic rule to determine the
optimal element position with respect to criteria (i)-(iii) for any given combination of
phased array element size, overall transducer diameter, element number, and curvature
of the transducer would simplify this optimization problem considerably.

4.2.2 Solution strategy
In this study, a potential solution strategy to fulfill the aforementioned design criteria is in-
vestigated for a phased array transducer design of 256 elements, an aperture diameter and
radius of curvature of 16 cm, and a frequency of 1.3 MHz. The phased array elements n are
positioned on the transducer surface according to the discretized Fermat’s spiral31:

rn = c
√
θn, θn = nφ (4.1)

where rn is the radius of element n as measured from the optical axis of the transducer, c is a
scaling constant, θn is the angle of element n, and φ is the divergence angle of the spiral. The
translation of this 2D design rule to a hemispherical 3D design is straightforward, when n and
φ in 2D polar coordinates are replaced by the azimuthal angle and polar angle in spherical
coordinates and the radial distance is fixed to the desired curvature of the transducer. A trans-
ducer element placement based on Fermat’s spiral potentially has very favorable properties
for therapeutic phased array transducer designs, as it can be used to algebraically generate an
element pattern with a high packing efficiency that intrinsically lacks any form of point or
line symmetry31, as was required by design criteria (i)-(iii).

In Part I of this study, transducers based on the design principle of Fermat’s spiral were
evaluated for two different element shapes and three different spirals. The element shapes
were defined as follows:

• Circular elements, using an element diameter of 3.8 mm ('3.2λ). This diameter was the
largest possible size applicable to all three of the different spirals due to spatial constraints.
The three arrays with circular elements were chosen to evaluate the performance of sparsely
populated arrays based on Fermat’s spiral.

• Element shapes generated by applying Voronoi tessellation26 to the predefined element
positions, using an inter-element gap size of 0.5 mm ('0.45λ). The motivation to apply
Voronoi tessellation was to investigate whether increasing the available array surface could
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further improve the design with respect to the prefocal pressure distribution and on-axis
focus quality, as was required by design criterion (i).

For both these element shapes, the following three spirals were generated:

• A Fermat’s spiral using a divergence angle of φ = 87.85◦. This divergence angle has been
shown to minimize peak grating lobe levels in a study on 2D ultrasound imaging arrays
based on Fermat’s spiral32.

• A Fermat’s spiral using a divergence angle of φ = 137.51◦ (the golden angle). A favorable
property of using the golden angle is that the element packing efficiency is optimized,
meaning that the distance between adjacent element centers is nearly constant33. As a
result, the element size distribution of the Voronoi tessellated array is highly uniform, which
has practical advantages with respect to electrical matching of the array. Additionally,
when applying equal amounts of power to each of the elements, the uniform element size
distribution ensures that for the Voronoi tessellated array, the power density on the elements
is maximized.

• A Fermat’s spiral using a divergence angle of φ = 137.51◦ (the golden angle), but with a
Taylor amplitude tapering function characterized by a sidelobe level of -30 dB (nbar = 4)
applied34. This tapering function increases the element density in the center of the array by
modifying the radial distribution of the elements. It has been shown that for array antennas
based on Fermat’s spiral and the golden angle, such a tapering function can substantially
reduce sidelobe levels35.

An overview of the evaluated transducer designs is shown in Figure 5.1.
To evaluate which of the arrays shown in Figure 5.1 best fulfills the design criteria, the

arrays were evaluated under free field conditions on three different aspects:

• Element size distribution & active surface ratio: the surface areas of the transducer elements
and the active surface ratio were evaluated for each of the arrays.

• Beam steering & focal plane pressure distribution: maximum pressure levels and pressure
distributions were evaluated after steering the beam up to ±20 mm in three orthogonal
directions.

• Prefocal pressure distribution: pressure levels were evaluated in the prefocal zone using
cumulative pressure histograms.

In Part II of this study, a Voronoi tessellated transducer based on Fermat’s spiral and the
golden angle was evaluated both numerically and experimentally. This evaluation was aimed
at validating the technical feasibility as well as the predicted acoustic performance of such
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Figure 4.1: 2D projections of the evaluated transducer designs based on Fermat’s spiral and a divergence angle of a)
φ = 87.85◦, b) φ = 137.51◦, and c) φ = 137.51◦ with a Taylor tapering window of -30 dB, using (i) circular elements
of 3.8 mm diameter, (ii) Voronoi tessellation. All transducers were designed using an aperture diameter and radius
of curvature of 16 cm.

a transducer. Additionally, the acoustic waveform in the focal point induced by this design
was characterized as a function of instantaneous acoustic output power to validate that the
transducer is capable of inducing pressure levels relevant for focused ultrasound therapy in
the abdomen. Such pressure levels are typically on the order of p− ∼ 2-5 MPa rarefactional
pressure and p+ ∼ 6-12 MPa compressional pressure for thermal ablation25, p− ∼ 15-25
MPa and p+ > 80 MPa for cavitation-cloud histotripsy36, and p− ∼ 10-15 MPa and p+ > 40
MPa for boiling histotripsy36. The transducer was designed using 256 elements, an aperture
diameter and radius of curvature of 16 cm, and includes a small recess that allows for the
placement of an ultrasound imaging probe. The final element layout of this transducer design
is shown in Figure 4.2.

For the element layout shown in Figure 4.2, the mean distance between the geometric
centers of neighbouring elements is 8.3 mm ('7.5λ). The inter-element spacing is∼0.2 mm,
and the cross-coupling at an operating frequency of 1.3 MHz was measured to be < -50 dB
between neighbouring elements and< -60 dB between elements without a common side. The
transducer was manufactured out of a high intensity 1-3 piezocomposite structure based on
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Figure 4.2: 2D projection of the transducer design which was evaluated both numerically and experimentally. The
array is constructed based on Fermat’s spiral, a divergence angle of φ = 137.51◦, and Voronoi tessellation. The
rectangular box indicates a small recess which serves as a placeholder for an integrated ultrasound imaging probe.

lead zirconate titanate ceramic, also known as PZT37,38. On the front face of the transducer a
broadband acoustic matching layer was applied. On the back end of the transducer, the active
piezocomposite part is supported by a rigid backing structure, which allows for an improved
mechanical behaviour, better stability of the transducer shape, and an active water cooling
inside the transducer.

4.2.3 Acoustic simulations
Acoustic simulations were carried out using propagation of the angular spectrum of plane
waves (ASPW)39,40. A three-dimensional cartesian coordinate system (X, Y, Z) was defined
using the natural focal point as the origin, with X and Y the orthogonal axes in the plane
perpendicular to the optical axis of the transducer and Z the axis parallel to the optical axis
of the transducer, pointing along the ultrasound propagation direction. An illustration of the
coordinate system is shown in Figure 4.3.

The 2D steady-state pressure distribution, induced by each of the transducer’s elements i
at a frequency of 1.3 MHz, was calculated in a reference plane of LX x LY = 12 x 12 cm2,
discretized by NX x NY = 513 x 513 pixels. The reference plane was situated 7 cm above the
geometrical center of the transducer surface, as this distance resembles the conditions of the
hydrophone measurements where the transducer was situated in an oil reservoir 7 cm below
a mylar membrane. For the transducers with circular elements, the 2D steady-state pressure
distribution was calculated through the far-field approximation of the Rayleigh integral41,42:

pij = D(ri, rj)
e−ik|ri−rj |

2π|ri − rj |
(4.2)

with pij the pressure induced by element i at the position of pixel j, D(ri, rj) the direc-
tivity function, ri the position vector of the center of element i, and rj the position vector of
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Figure 4.3: Illustration of the 3D cartesian coordinate system (X, Y, Z) used in this study. Rays are drawn between
the center of each transducer element and the origin to illustrate the beam cone and the natural focal point.

pixel j. By summing the pressure contributions of each element i, the total pressure in each
pixel j of the reference plane could be determined. For the Voronoi tessellated transducers,
each polygonal element was sampled as a collection of point sources on a grid of 101 x 101
points covering the polygon’s boundaries. The pressure contribution of each point source
within the polygon’s boundaries was calculated in the reference plane using the Rayleigh
integral, and consecutively summed per polygon to obtain the pressure contributions pij . Us-
ing the ASPW method, the 2D steady-state pressure distribution was then propagated through
water parallel to the beam axis in 513 incremental steps over a distance of 15 cm, resulting
in a 3D pressure distribution of NX x NY x NZ = 513 x 513 x 513 voxels with a resolution
of 0.23 x 0.23 x 0.29 mm3. It was assumed that within every plane of this volume, the steady
state pressure field p(r) satisfied the linear wave equation42:

∇2p(r) + k2p(r) = 0 (4.3)

with ∇2 the Laplace operator, and k = ω/c − iα the complex wave number as defined
by the angular frequency ω, the celerity c, and the attenuation coefficient α in each respective
medium. Therefore, non-linear wave propagation was not included in these simulations.

In Part I of this study, simulations were carried out in water only. However, since for the
physical measurements in Part II of this study the transducer was situated in an oil reservoir,
the simulations in Part II were conducted with the transducer placed in an oil layer to mimick
the experimental conditions. The reason for the use of oil instead of water is that the HIFU
system is designed to be used under guidance of magnetic resonance imaging at magnetic
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field strengths of 1.5 T and 3.0 T. At these field strengths, the oil has dielectric properties that
are more favorable for the Q-factor of the coil than those of water, resulting in an improved
signal-to-noise ratio in the images. Table 5.2 gives an overview of the acoustic parameters
used to define the oil and water layers, respectively.

Table 4.1: Acoustic parameters used to simulate the steady-state pressure distribution in the oil and water layers.

Medium c (m/s) ρ (kg/m3) α (Np/m)

Oil 1430 1070 1.04

Water 1500 1000 0

4.2.4 Hydrophone measurements
To validate the acoustic performance of the transducer design, two types of acoustic pressure
measurements were conducted in a degassed water bath placed on top of an oil reservoir con-
taining the transducer, separated by a mylar membrane. In the first set of measurements, 2D
acoustic field mapping was conducted using a fiber optic probe hydrophone (FOPH) (Pre-
cision Acoustics Ltd, Higher Bockhampton, Dorchester, Dorset, UK). The hydrophone was
placed in a holder whose position could be controlled by three orthogonal stepper motors (M-
ILS150PP, Newport, Irvine, CA, USA), driven by a stepper driver (NI-MID-7604, National
Instruments, Austin, TX, USA). Every acquisition was initiated by a transistor-transistor
logic (TTL) trigger pulse, emitted by the stepper driver. This pulse was used to trigger a
programmable ultrasound beamformer (Verasonics, Inc., Redmond, WA, USA), which then
emitted a 15-cycle sinusoidal pulse at an acoustic frequency of 1.3 MHz from all transducer
elements. In addition, the trigger pulse initiated a read-out of the signal acquired by the
hydrophone, which was stored and displayed using a LabVIEW (National Instruments Cor-
poration, Austin, TX, USA) interface that was built in-house. Both the TTL pulse and the
hydrophone read-out were monitored by an oscilloscope (DSO-X 3024A, Agilent Technolo-
gies, Santa Clara, CA, USA), which was then used to measure the delay between the TTL
pulse and the signal acquisition and set the appropriate acquisition time window in the Lab-
VIEW interface. A schematic diagram of the experimental setup used in the first set of
measurements is shown in Figure 4.4a. For every point on a 2D grid of 162 x 162 steps with
a step size of 0.2 x 0.2 mm, signals of 1024 samples were acquired at a sampling rate of 20
MHz. These measured signal voltages were converted into pressure values using calibration
data provided by the hydrophone manufacturer. In order to evaluate the pressure distribution
in the prefocal zone, transversal pressure maps were taken at prefocal distances of 10, 25,
and 50 mm. To evaluate the pressure distributions for off-axis sonications, the ultrasound
beamformer was used to steer the beam in the transversal focal plane from -20 to +20 mm
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in three orthogonal directions, using incremental steps of 5 mm. For each of these sonica-
tions, a transversal and an axial pressure map centered around the theoretical focal point were
obtained.

In the second set of measurements, acoustic waveforms were recorded at the focus of the
transducer at instantaneous acoustic output powers ranging from 25 to 800 W using a fiber
optic probe hydrophone (FOPH 2000, RP Acoustics, Leutenbach, Germany). For this set
of measurements, the arbitrary waveform generator (AWG) on the oscilloscope was used to
send a TTL trigger pulse to a Philips Sonalleve MR-HIFU therapy system (Philips Health-
care, Vantaa, Finland), which in turn supplied the required amount of electrical power to the
transducer to emit the desired level of instantaneous acoustic output power. The transducer
then emitted 7-cycle pulses at an acoustic frequency of 1.3 MHz and a pulse repetition fre-
quency of 40 Hz from all acoustic elements simultaneously, and at the start of each emission
sent a TTL trigger pulse back to the oscilloscope which then recorded and stored the received
7-cycle pulses using a sampling rate of 2.0 GSa/s and averaging over 64 consecutive measure-
ments. A voltage amplifier (DHPVA-100, FEMTO Messtechnik GmbH, Berlin, Germany)
was placed between the hydrophone and the oscilloscope to provide 30 dB amplification of
the received signals. Finally, the data was transferred to MATLAB (The MathWorks, Natick,
MA, USA) for analysis. A schematic diagram of the experimental setup used for this second
set of measurements is shown in Figure 4.4b.

Beamformer

Oscilloscope
Stepper

motors
Fiber tip

Transducer

Oil reservoir

FOPH

control unit

Degassed water

Stepper

driver

Generator

Oscilloscope

(AWG)
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Transducer

Oil reservoir

Voltage
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a) b)

Degassed water

FOPH photodetector

& main device

Figure 4.4: Schematic diagrams of the experimental setups used to conduct pressure measurements in degassed water
using a fiber optic probe hydrophone for a) 2D acoustic field mapping, b) pressure and waveform measurements as
a function of instantaneous acoustic output power.
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4.3 Results

4.3.1 Part I: Evaluation of the different array designs

Element size distribution & active surface ratio

For the arrays with circular elements, taking into account the surface curvature, the element
sizes were 0.1134 cm2 and the active surface ratio was 0.135. Figure 4.5 shows the distribu-
tion of element sizes for each of the three Voronoi tessellated arrays, and Table 4.2 shows the
mean, minimum, and maximum element sizes, the number of elements with an area within
≤ x% of the mean element area, and the active surface ratio.
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Figure 4.5: Element size distribution for the three Voronoi tessellated array designs.

Table 4.2: Mean, minimum, and maximum element area for arrays 4-6, number of elements with an area within ≤
x% of the mean element area, and the active surface ratio (ASR).

Array Mean (cm2) Min (cm2) Max (cm2) ≤ 5% ≤ 10% ≤ 15% ≤ 20% ASR

4 0.6436 0.5361 1.0403 218 230 243 252 0.764

5 0.6197 0.5981 0.7283 252 253 254 256 0.735

6 0.4613 0.2475 0.8819 27 48 68 89 0.548

From Figure 4.5 and Table 4.2, the majority of the element areas of array 4 lies within
20% of the mean area. Array 4 has 6 notable outliers, 4 of which have areas that deviate
more than 20% from the mean area. Array 5 is observed to have the most uniform area
distribution, as 252 of the element areas are within just 5% difference of the mean area, and
all of the 4 outliers fall within 20% of the mean area. Array 6 has the most non-uniform area
distribution, with only 89 elements within 20% of the mean element area. Considering the
minimum element area, the smallest element in arrays 4 and 5 is more than double the size
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of the smallest element in array 6. While tessellating the arrays increases the active surface
ratio to values > 0.7 for arrays 4 and 5, Table 4.2 shows that applying the density tapering
function to the array reduces this ratio by ∼0.2.

Beam steering & focal plane pressure distribution

Figure 4.6 shows the numerically obtained normalized maximum pressure levels for each of
the six arrays after steering the beam up to ±20 mm in three orthogonal directions under
free-field conditions.
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Figure 4.6: Maximum pressure levels in water for sonications deflected in a) the X-direction, b) the Y-direction, c)
the Z-direction, as obtained by the acoustic simulations for three transducers based on Fermat’s spiral with i) circular
elements of 3.8 mm diameter, ii) Voronoi tessellation.

From Figures 4.6ai and 4.6bi it is observed that when using circular elements of 3.8 mm
diameter, the three different spiral placements of the elements have only a minor influence on
the lateral beam steering capabilities of the array. Array 3 gives the overall best performance,
showing normalized pressure levels > -2 dB for off-axis sonications up to ±20 mm, but the
difference with the other two arrays is < 0.5 dB. Figures 4.6aii and 4.6bii show that tessel-
lating the arrays leads to a decrease in lateral beam steering performance. Array 6 gives the
best performance, showing normalized pressure levels of approximately -2.4 dB for off-axis
sonications at ±10 mm, whereas array 5 gives pressure levels around -2.7 dB. Array 4 gives
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the worst performance compared to the other two tessellated arrays, with normalized pressure
levels around -3.4 dB for this off-axis position. The differences between the three tessellated
arrays increase with increasing lateral steering range, but all of them closely approach or
surpass the -6 dB level at off-axis positions ≥ ±15 mm.

Figure 4.6ci shows that for axial deflections towards the transducer, the achievable pres-
sure increases up to ∆Z = - 20 mm by approximately 1 dB for the sparse arrays. The inverse is
observed for axial deflections beyond the natural focal point, where pressure levels decrease
by ∼1 dB between 0 < ∆Z < 20 mm. While a slighly better axial steering performance is
observed for array 2, the differences between the different sparse arrays are generally small.
Considering axial deflections for the tessellated arrays, Figure 4.6 shows that the achievable
pressure increases up to ∆Z = - 10 mm, after which it decreases by ∼0.5-1.0 dB up to ∆Z =
- 20 mm. Similar to the sparse arrays, differences between the tessellated arrays are small for
axial deflections. However, differences between the tessellated arrays increase as the beam
is steered closer towards the transducer, with array 6 giving the best on-axis steering perfor-
mance. The axial steering capabilities of the tessellated arrays are observed to be similar to
those of the sparse arrays within a steering range of ∆Z = ±20 mm.

Figure 4.7 shows pressure distributions as a function of off-axis position for sonications
where an acoustic power of 1 W is emitted by each element, steering the beam on-axis, at
∆X = -10 mm, and at ∆X = -20 mm.

Looking at the on-axis sonications in Figure 4.7a, the tessellated arrays induce substan-
tially higher focal pressure levels. Arrays 1-3 induce a pressure of 8.15 MPa, whereas arrays
4 and 5 give pressure levels of 18.5 MPa. Array 6 loses some focal point pressure compared to
the other tessellated arrays, inducing a pressure of 16.0 MPa on-axis. Figure 4.7aiii confirms
that out of arrays 1-3, array 1 has the overall lowest grating lobe levels, and array 3 shows
the strongest side lobe suppression. Comparing Figures 4.7aiii and 4.7aiv, it is observed that
the tessellated arrays outperform the sparse arrays in terms of grating lobe levels for on-axis
sonications.

Figures 4.7bi and 4.7bii show that when steering the beam to ∆X = -10 mm, the focal
point pressure induced by arrays 1-3 only drops to 7.75 MPa, whereas for arrays 4-6 peak
pressures between 12.2 and 13.5 MPa are observed. For arrays 1-3, the normalized grating
lobe pressure levels in Figure 4.7biii are comparable to those observed for the on-axis soni-
cation. In the case of arrays 4-6, the normalized grating lobe pressure levels have increased
by ∼10-20 dB compared to the on-axis sonication.

Figures 4.7ci and 4.7cii indicate that when steering the beam to ∆X = -20 mm, the sparse
arrays 1-3 induce higher focal point pressure levels than the tessellated ones. While arrays
1-3 induce a focal point pressure of 6.51 MPa, array 5 and 6 show pressure levels of 4.27 MPa
and 5.23 MPa, respectively. Array 4 is observed to be unable to adequately steer the beam up
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Figure 4.7: Pressure as a function of off-axis position ∆X, steering the beam a) on-axis, b) at ∆X = -10 mm, c) at
∆X = -20 mm, using (i,ii) absolute linear scaling, (iii,iv) normalized logarithmic scaling.

to this location, inducing a focal point pressure of 3.72 MPa at ∆X = -14.5 mm. In terms of
normalized grating lobe pressure levels, Figure 4.7ciii shows that for arrays 1-3, the pressure
levels of the grating lobes are still comparable to the on-axis sonication, while Figure 4.7civ
shows that for arrays 4-6, peak grating lobe levels have increased by∼10-20 dB compared to
the sonications on-axis and at ∆X = -10 mm.
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Prefocal pressure distribution

Figure 4.8 shows cumulative histograms of the numerically obtained pressure levels in the
prefocal zone for -10 mm ≤ Z ≤ -90 mm, with Z measured from the theoretical focal point
parallel to the optical axis of the transducer, steering the beam at three different locations in
the transversal plane.
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Figure 4.8: Cumulative histograms of the prefocal pressure levels in water between Z = -10 mm and Z = -90 mm,
where Z is the axial distance measured from the theoretical focal point, steering the beam a) on-axis, b) at ∆X = 10
mm, c) at ∆X = 20 mm, using (i) absolute linear scaling, (ii) normalized logarithmic scaling.

Figure 4.8a shows that tessellating the arrays leads to a substantial reduction in prefocal
pressure levels for on-axis sonications. Using equal acoustic power levels, as shown in Figure
4.8ai, the sparse arrays expose a volume of ∼320 cm3 to pressure levels ≥ 0.2 MPa, whereas
arrays 4 and 5 only expose∼220 cm3 and array 6 only∼180 cm3 to such pressure levels. This
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reduction of prefocal pressure levels that is observed under equal acoustic power levels is also
observed when comparing the arrays at identical focal point pressures. Figure 4.8aii shows
that the volume exposed to pressure levels ≥ 30 dB is ∼200 cm3 for arrays 1-3, whereas the
tessellated arrays only expose∼50 cm3 to such pressure levels. For these on-axis sonications,
the sparse arrays give very comparable prefocal pressure distributions. Similar observations
are also made when comparing tessellated arrays 4 and 5, with array 5 performing slightly
better than array 4. Array 6 gives the worst performance compared to the other tessellated
arrays, but only minor differences of ∼30 cm3 are observed.

From Figures 4.8bi and 4.8bii it is observed that when steering the beam towards ∆X =
10 mm, the difference in prefocal pressure distributions between the sparse and the tessellated
arrays becomes smaller. The sparse arrays induce pressure levels very similar to the levels
observed for the on-axis sonication, whereas for the tessellated arrays an increase in pressure
levels is observed. All three of the tessellated arrays give very similar pressure distributions
for this off-axis sonication, with differences on the order of ∼20 cm3 in both the histogram
based on absolute pressure levels (Figure 4.8bi) as well as the histogram normalized on focal
point pressure (Figure 4.8bii).

Figure 4.8ci shows that when steering the beam towards ∆X = 20 mm, arrays 5 and 6 still
provide a more favorable prefocal pressure distribution than the sparse arrays. For example,
the sparse arrays expose ∼320 cm3 to pressure levels ≥ 0.2 MPa, whereas arrays 5 and 6
only expose ∼230 cm3 to such pressure levels. Array 4 is observed to perform worst with
respect to the prefocal zone. At equal focal point pressure levels, as shown in Figure 4.8cii,
all of the tessellated arrays induce higher prefocal pressure levels than the sparse arrays. In
particular for array 4, a substantial increase in pressure levels is observed. Array 5 gives a
better performance, but still differs from the sparse arrays by volumes of ∼70 cm3. Array 6
gives the best performance of the three tessellated arrays, differing from the sparse arrays by
volumes of ∼40 cm3.

Figure 4.9 shows cumulative histograms of pressure levels in the prefocal zone after steer-
ing the beam ±20 mm in the axial direction.

With respect to pressure levels in the prefocal zone, Figure 4.9 shows that the sparse
arrays perform highly comparable. Only when steering the beam towards ∆Z = -20 mm does
array 2 induce slightly lower prefocal pressure levels than its sparse counterparts, both in the
absolute as well as in the normalized comparison. Looking at the tessellated arrays, Figures
4.9ci and 4.9di show that array 6 gives a better performance in terms of absolute prefocal
pressure levels when steering the beam closer to the transducer. For the sonication at ∆Z =
-10 mm, array 6 induces pressure levels≥0.2 MPa in∼130 cm3 of the prefocal zone, against
∼160 cm3 for arrays 4 and 5. For the sonication at ∆Z = -20 mm, this difference increases to
∼170 cm3 for array 6 against∼210 cm3 for arrays 4 and 5. However, the normalized pressure
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Figure 4.9: Cumulative histograms of the prefocal pressure levels induced in water by each of the six arrays, steering
the beam a) at ∆Z = +20 mm, b) at ∆Z = +10 mm, c) at ∆Z = -10 mm, d) at ∆Z = -20 mm, using (i) absolute
linear scaling, (ii) normalized logarithmic scaling. Pressure levels are shown for the prefocal volume between
Z = ∆Z − 10 mm and Z = ∆Z − 70 mm.

histograms in Figures 4.9aii-dii show that at the same focal point pressure, array 6 induces
higher prefocal pressure levels compared to arrays 4 and 5. The largest difference is observed
for sonications at ∆Z = +20 and +10 mm, where between the pressure levels of -50 and -40
dB the volume curve of array 6 is observed to be ∼70 cm3 higher than array 4 and ∼100
cm3 higher than array 5. For the sonication at ∆Z = -10 mm, the differences between the
normalized pressure histograms are observed to be small. At ∆Z = -20 mm, array 6 performs
slightly better than arrays 4 and 5, exposing ∼220 cm3 to pressure levels ≥ -40 dB against
∼270 cm3 for array 4 and 240 cm3 for array 5.
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4.3.2 Part II: Experimental validation of the design

Beam steering capabilities

Figure 4.10 shows the normalized maximum pressure levels obtained through simulation
and experimental measurements for off-axis sonications up to ±20 mm in three orthogonal
directions, using array 7 as shown in Figure 4.2.
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Figure 4.10: Maximum pressure levels for sonications deflected in a) the X-direction, b) the Y-direction, c) the
Z-direction, as obtained by the acoustic simulations (ASPW) and the hydrophone measurements (FOPH). Each
pressure curve is normalized to its respective maximum pressure.

From Figure 4.10a and 4.10b, good correspondence is observed between the acoustic
simulations and the hydrophone measurements for the off-axis sonications up to ±15 mm.
For the transducer examined in this study, beam steering appears to be feasible for lateral de-
flections up to ±10 mm, where pressure levels of approximately -3 dB are observed. At ±15
mm, the maximum pressure level drops below -6 dB, thus reducing the amplitude ratio by a
factor of 0.5. For the off-axis sonications at ±20 mm lateral deflection, the acoustic simula-
tions overestimate the maximum achievable pressure. Figure 4.10c shows that for deflections
on-axis, pressure reductions are small compared to those observed for lateral deflections. De-
flections up to ±15 mm give a pressure reduction between 0 and -3 dB. Similar to the lateral
deflections, the simulations slightly overestimate the achievable pressure for deflections of
+15 mm and ±20 mm. Since pressure reductions are generally smaller than those observed
for the lateral deflections, this overestimation is < 2 dB for the axial deflections.

Figure 4.11 shows the transversal pressure distributions corresponding to Figure 4.10a,
normalized to the maximum on-axis pressure and centered around their respective theoretical
focal point, for each of the two methods.

For deflections up to ±10 mm, a coherent focal point is observed for both methods. At
±15 and 20 mm, the hydrophone measurement shows a slight loss of coherence of the focal
point compared to the simulated pressure field. Figure 4.12 shows the axial pressure maps
corresponding to each respective transversal pressure map in Figure 4.11.
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Figure 4.11: Transversal pressure distributions in the XY-plane as obtained by (a-i) the acoustic simulations, and (j-r)
the hydrophone measurements, for off-axis sonications up to ∆X = ±20 mm lateral deflection, normalized to the
maximum on-axis pressure of each method. For each sonication, the field of view of 16.2 x 16.2 mm was centered
around its respective theoretical focal point.

From Figure 4.12, similar to Figure 4.11, focal point coherence is observed for both
methods up to a beam steering range of ±10 mm. For the measurements at ±15 and 20 mm,
the FOPH measurement shows a loss of focal point coherence. Apart from this deviation,
the FOPH measurements are generally observed to be in good agreement with the results
obtained through ASPW simulations.

Prefocal pressure distribution

Figure 4.13 shows the pressure distributions obtained at three different locations in the pre-
focal zone by both the acoustic simulations and the hydrophone measurements.

From Figure 4.13, the acoustic simulations and the hydrophone measurements show good
correspondence at prefocal distances of 10 and 25 mm. In both these cases, a homogeneous
pressure distribution without secondary foci is observed within the acoustic beam cone. At a
prefocal distance of 50 mm the pressure distribution is highly homogeneous for both meth-
ods, but the simulated field shows a more clearly defined geometrical pattern. This can be
explained by the fact that at this prefocal distance, using the maximum available output power
of the beamformer, absolute pressure levels are within the order of magnitude of the measure-
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Figure 4.12: Axial pressure distributions in the XZ-plane as obtained by (a-i) the acoustic simulations, and (j-r)
the hydrophone measurements, for off-axis sonications up to ∆X = ±20 mm lateral deflection, normalized to the
maximum on-axis pressure of each method. For each sonication, the field of view of 16.2 x 16.2 mm was centered
around its respective theoretical focal point.

ment noise.

Waveform characterization

Figure 4.14 shows the acoustic waveforms recorded in the focal point of the transducer as a
function of instantaneous acoustic output power.

The rarefactional and compressional pressures measured for these 7-cycle waveforms
ranged from 14.47 and 66.53 MPa respectively at 100 W, to 40.00 and 237.50 MPa at 800 W.
In addition, Figure 4.14 illustrates the transition of the waveform from a sinusoidal wave into
a shock wave as the instantaneous acoustic output power, and thus the acoustic pressure, is
increased.

4.4 Discussion

Six different array designs based on Fermat’s spiral, following the transducer design criteria
as specified in the Methods section, were evaluated in this study. In Part I, the arrays were
evaluated on three aspects: element size distribution, beam steering & focal plane pressure
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Figure 4.13: Normalized transversal pressure distributions in the prefocal zone as obtained by acoustic simulations
(a-c) and measured by hydrophone (d-f), at prefocal distances of 10, 25, and 50 mm for a 32.5 x 32.5 mm field of
view.

distribution, and prefocal pressure distribution. In Part II, the technical feasibility of such an
array design was evaluated numerically and experimentally. An array based on Fermat’s spi-
ral and Voronoi tessellation was assessed on beam steering capabilities and prefocal pressure
distribution. Finally, acoustic pressure waveforms were recorded in the focal point to validate
the transducer’s capability of inducing pressure levels that are relevant for abdominal focused
ultrasound therapy.

4.4.1 Part I: Evaluation of the different array designs

Element size distribution, active surface ratio, and practical considerations

In order to make an equal comparison between the different sparse arrays with circular el-
ements, the element diameters were chosen to be equal for arrays 1-3. This resulted in the
fact that the maximum element diameter was mainly limited by the spatial constraints in the
centers of arrays 1 and 3, whereas the element configuration of array 2 would allow for ele-
ment diameters of 8.2 mm. Using such elements, the active surface ratio of array 2 could be
increased up to 0.628.
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Figure 4.14: Pressure as a function of time for different instantaneous acoustic output powers, as measured by the
fiber optic probe hydrophone, for a) the full 7-cycle waveform, b) the cycle with the maximum amplitude.

Considering the technical constraints imposed on therapeutic focused ultrasound trans-
ducers, the evaluation of the element size distributions of the Voronoi tessellated arrays shows
that array 6 has unfavorable properties compared to arrays 4 and 5 for two reasons. First, the
non-uniformity of its element size distribution means that for such an array, several differ-
ent electrical matching circuits would have to be designed to ensure an adequate electrical
matching of all elements of the transducer. Second, since the maximum surface power den-
sity is effectively limited by the smallest element size and the smallest element of array 6 is
less than half the size of that of arrays 4 and 5, array 6 could sustain less than half of the
maximum power density that arrays 4 and 5 could withstand. Naturally this could be com-
pensated for by introducing a power distribution where smaller elements receive less power
than larger ones, but this would negate the apodizing effect of the density tapering of the ele-
ments. Array 5 is therefore technically the most favorable array of the three, since its uniform
element size distribution ensures that only one or two matching circuits would be required to
electrically match the array, and that the surface power density is maximized. With respect to
physical construction of the evaluated arrays, all of the presented arrays are equally complex
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to build. Current piezocomposite technology seems particularly suitable for the construction
of this type of array, as it allows for elements of different shapes while achieving a good
homogeneity in vibration and maintaining low crosstalk between the individual elements.

Beam steering & focal plane pressure distribution

An advantage of the tessellated arrays over the sparse ones is that the increased active sur-
face leads to a higher degree of directionality, resulting in higher focal point pressures at
the same acoustic power level while reducing grating lobe levels. Naturally, this comes at
the cost of reduced beam steering capabilities. This also explains the observation that the
positioning of the elements made almost no difference with respect to lateral beam steering
performance for the sparse arrays, since the elements are rather small and therefore emit more
omnidirectionally. However, although the relative drop in pressure levels off-axis is greater
for the tessellated arrays, they still maintain higher absolute focal point pressure levels than
the sparse arrays at equal acoustic output powers up to an off-axis position of ±10 mm, since
the tessellated arrays induce much higher focal point pressure levels on-axis. Which of the
two design types is more favorable is therefore highly dependent on the application scenario.
If a steerable high power array dedicated to deliver the highest possible pressure in the vicin-
ity of the natural focus is required, then the tessellated designs would be preferable over the
sparse designs. For applications which can accomodate a reduced acoustic pressure output
but require a larger steering range, in particular in the transversal plane, a sparse design pat-
tern would be preferable. These considerations are a direct consequence of increasing the
surface of the individual array elements in the tessellated design, while keeping the number
of elements constant. If larger steering ranges in conjunction with high output powers would
be required, the number of array channnels would have to be increased.

Figures 4.6ci and 4.6cii show that when steering the beam towards the transducer, the
focal pressure level initially increases. This can be explained by considering the combined
effects of the divergence of the ultrasonic beam and attenuation. As the transducer element
diameters become smaller, the beam divergence increases, enhancing the steering range of
the array. This effect, combined with the fact that attenuation is reduced with decreasing
sonication depth, shifts the location of the maximum achievable pressure towards the trans-
ducer. For the sparse arrays with circular elements of 3.8 mm diameter, the beam divergence
is relatively high, and therefore the maximum achievable pressure is not yet reached for beam
steering up to ∆Z = -20 mm. The tessellated arrays consist of larger elements which exhibit
lower beam divergence, resulting in an optimum at ∆Z between -5 and -10 mm.

Another notable observation from Figure 4.7 is that array 4 was unable to steer the beam
up to ∆X = -20 mm off-axis. This can be explained by the high degree of anisotropy in the
shapes of the individual elements. In particular the elements in the center of the array show a
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more elongated shape, reducing their ability to steer the beam in the direction orthogonal to
the elongation axis. As array 6 has the smallest mean element size of the tessellated arrays, it
performed best compared to its counterparts in terms of beam steering in the transversal focal
plane.

Prefocal pressure distribution

Although the tessellated arrays are outperformed by the sparse arrays in terms of beam steer-
ing, Figure 4.8 shows that the increase in active surface substantially lowers pressure levels
in the prefocal zone for sonications on-axis. This effect reduces with increased lateral beam
steering distance, as the increased active surface increases the directionality of the elements
and therefore gives rise to undesired side lobes at higher steering angles, as shown in Figure
4.7. As was stated in design criterion (i), the observed reduction of prefocal pressure levels
is highly relevant for focused ultrasound therapy in the abdomen, as one would like to spread
out the acoustic pressure in the prefocal zone as evenly as possible to avoid the occurrence
of local hotspots during sustained sonications. With this it should be noted that irreversable
tissue damage caused by high thermal dose exposure is a highly non-linear function. As a
consequence, undesired tissue damage is often determined by the peak temperature exposure
in the prefocal beam cone.

Motivation for the tessellated array with φ = 137.51◦

Taking all three of the evaluated aspects into account, the numerical evaluation shows that
the tessellated array based on Fermat’s spiral with a divergence angle of φ = 137.51◦ (array
5) has the most favorable properties for an abdominal focused ultrasound therapy system. It
is technically the most practical out of the three tessellated arrays, since it does not require
multiple matching circuits due to its relatively homogeneous element size distribution. In
addition, since the packing efficiency of its elements is optimized, the available surface energy
density is also maximized compared to the other arrays. While in terms of beam steering
capabilities it is outperformed by the sparse arrays, it induces substantially reduced prefocal
pressure levels. Array 4 also gives a good performance in terms of prefocal pressure levels
for on-axis sonications, but was shown to induce increased prefocal pressure levels under
beam steering due to the high degree of anisotropy in the shapes of its elements. Array 6
performs somewhat better than array 5 in terms of beam steering, but induces a slightly lower
focal point pressure at the same acoustic output power and therefore higher prefocal pressure
levels for on-axis sonications under equal focal pressure levels. The potential benefits of array
6 compared to array 5 are thus observed to be limited, and are consequently outweighed by
technical considerations.
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4.4.2 Part II: Experimental validation of the design

Beam steering capabilities

For sonications up to an off-axis position of ±10 mm in the transversal plane, normalized
pressure levels corresponded well between simulations and hydrophone measurements. As
was mentioned in the Results section, for the off-axis positions ≥ ±15 mm in the transversal
plane, the simulations showed higher normalized pressure levels compared to the physical
measurements. A possible explanation for this observation is that the influence of the mylar
membrane that separates the oil reservoir and the water bath was not modelled in the simula-
tions, and that this membrane aberrates the beam at higher steering angles with respect to the
optical axis of the transducer. This could also explain the loss of focal point coherence that
was observed in the measured pressure distributions for sonications at ≥ ±15 mm off-axis,
as shown in Figures 4.11 and 4.12.

Prefocal pressure distribution

As was described in the Introduction, undesired overheating of the prefocal zone has be-
come one of the major practical limitations for abdominal HIFU therapy. Therefore, when
designing a transducer for abdominal HIFU applications, it is important to validate that the
design not only performs well in terms of on-axis and off-axis pressure levels, but also that
secondary foci and local hotspots in the prefocal zone are avoided (design criterion (i)). Fig-
ure 4.13 gives experimental validation of the fact that for on-axis sonications, an array based
on Fermat’s spiral and Voronoi tessellation induces a highly homogeneous prefocal pressure
distribution within its acoustic beam cone. Therefore, design criterion (i) is expected to be
fulfilled when performing sonications with such an array.

Waveform characterization

Figure 4.14 confirms that an array based on Fermat’s spiral and Voronoi tessellation is ex-
pected to be well capable of inducing pressure levels relevant for HIFU thermal ablation
therapy in the abdomen. Additionally, Figure 4.14 shows the transition from a sinusoidal
waveform into a shock wave, resemblant of a sawtooth wave. This is a direct result of the
high degree of focusing that the transducer design inherently possesses, making the design
potentially suitable for therapeutic ultrasound interventions based on histotripsy43,44 or shock
wave enhanced heating24,25.
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4.5 Conclusion

This study investigated whether spherical transducer designs based on Fermat’s spiral, both
as sparse layouts and as fully tessellated layouts, can lead to transducers which provide a
high degree of focusing while maintaining the possibility of beam steering. In addition to the
conventionally used evaluation criteria such as the shape and amplitude of the beam on- and
off-axis and the presence of undesired side lobes and / or grating lobes, the performance of
the arrays in the prefocal zone of the propagation path was also evaluated.

The results demonstrate that this type of design principle in conjunction with Voronoi
tessellation appears to be very favorable for applications which require either sustained high
acoustic power output at a high duty cycle, or very high pressure levels when used in burst
type applications. Most of the limitations with respect to the beam steering capabilities are
a result of prioritization on the acoustic performance on-axis and in the prefocal zone while
maintaining a fixed number of transducer elements, which defines the element surface areas
and therefore their directivity. Consequently, most of these limitations can be addressed by
releasing this boundary condition and equipping the transducer with an increased number of
acoustic elements.

Of particular importance for these kind of design considerations is the fact that the design
principle can be expressed in algebraic form. All transducer layouts can easily be adapted
to any number of elements, transducer aperture, and radius of curvature and subsequently
evaluated with a small set of acoustic simulations. This facilitates direct comparison and
therefore also the design process of dedicated transducers for particular application scenar-
ios, since the entire evaluation can be conducted in a matter of minutes. It should be noted
that the main property which allows for this degree of scalability is essentially the use of
the spiral construction principle based on the golden angle to determine the positioning of
the elements. As described by Vogel31, a Fermat’s spiral based on the golden angle leads to
a non-replicating element packing strategy, whose density is among the highest for known
non-regular patterns45. The additional Voronoi tessellation allows to maintain this princi-
ple property while further increasing the acoustically active surface. Finally, the proposed
transducer geometries are well compatible with the current production process of piezocom-
posite technology and do not add complexity with respect to production and / or integration
compared to existing sparse phased array designs.
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IMPROVED INTERCOSTAL HIFU ABLATION USING A PHASED

ARRAY TRANSDUCER BASED ON FERMAT’S SPIRAL AND

VORONOI TESSELLATION: A NUMERICAL EVALUATION
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HIFU ablation using a phased array transducer based on Fermat’s spiral and Voronoi tessel-
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Abstract

Purpose
A major complication for abdominal High Intensity Focused Ultrasound (HIFU) applica-
tions is the obstruction of the acoustic beam path by the thoracic cage, which absorbs and
reflects the ultrasonic energy leading to undesired overheating of healthy tissues in the pre-
focal area. Prior work has investigated the determination of optimized transducer apodization
laws, which allow for a reduced rib exposure whilst (partially) restoring focal point intensity
through power compensation. Although such methods provide an excellent means of reduc-
ing rib exposure, they generally increase the local energy density in the pre-focal area, which
similarly can lead to undesired overheating. Therefore, this numerical study aimed at eval-
uating whether a novel transducer design could provide improvement for intercostal HIFU
applications, in particular with respect to the pre-focal area.

Methods
A combination of acoustic and thermal simulations was used to evaluate 2 mono-element
transducers, 2 clinical phased array transducers, and 4 novel transducers based on Fermat’s
Spiral (FS), two of which were Voronoi-tessellated (VTFS). Binary apodizations were de-
termined for the phased array transducers using a collision detection algorithm. A tissue
geometry was modeled to represent an intercostal HIFU sonication in the liver at 30 and 50
mm behind the ribs, including subsequent layers of gel pad, skin, subcutaneous fat, muscle,
and liver tissue. Acoustic simulations were then conducted using propagation of the angular
spectrum of plane waves (ASPW). The results of these simulations were used to evaluate pre-
focal intensity levels. Subsequently, a finite difference scheme based on the Pennes bioheat
equation was used for thermal simulations. The results of these simulations were used to
calculate both the energy density in the pre-focal skin, fat, and muscle layers, as well as the
energy exposure of the ribs.

Results
The acoustic simulations showed that for a sonication in a single point without beamsteering,
comparing the best performing clinical phased array in this study to an equivalent VTFS
transducer, the maximum intensity in the focal point was increased from 19.0 to 27.0 W/mm2

for the sonication 30 mm behind the ribs, while the rib area exposed to ≥20 J/cm2 was
reduced from 0.88 to 0.14 cm2. For the sonication 50 mm behind the ribs, the maximum
focal point intensity was increased from 13.4 to 21.5 W/mm2, while the rib area exposed
to ≥40 J/cm2 was lowered from 2.71 to 0.01 cm2. The thermal simulations showed that
for a circular sonication cell of 4 mm diameter in the transversal plane, sonication times for
sonications 30 / 50 mm behind the ribs were reduced from 13.9 to 8.38 s / 38.2 to 17.4 s,
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respectively. Energy density levels in the skin for these sonications were decreased from 5.28
to 2.22 / 9.45 to 3.78 J/mm2.

Conclusions
VTFS transducers are expected to provide improvement for intercostal HIFU applications
compared to currently available clinical transducers, as they reduce both the energy density
in the pre-focal zone and the energy exposure of the ribs. These characteristics allow for
increasing either the re-sonication rate or the treatment volume per sonication.
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5.1 Introduction

Liver cancer is one of the most prevalent cancers worldwide, with over 750.000 new cases di-
agnosed each year1. Given the fact that its ratio of mortality to incidence is very high (0.95), it
is the second most frequent cause of death from cancer worldwide1. Currently the only cura-
tive treatment option for patients with colorectal liver metastases is surgery, but at the time of
diagnosis only 20% of patients are eligible for surgical resection2. Several palliative treatment
options are available, including (minimally) invasive procedures such as radio-frequency
ablation3, cryo-ablation4, microwave ablation5, laser ablation6, radioembolization7, and che-
moembolization8. Other treatment options include radiotherapy9 and chemotherapy10, which
apart from palliation can induce down-staging of the liver metastases, potentially enabling
surgical resection. However, these methods require the use of ionizing radiation or cytotoxic
agents, which can induce harmful effects to healthy tissues.

An alternative treatment option for liver cancer is thermal therapy using high-intensity
focused ultrasound (HIFU)11. A major advantage of HIFU is that it requires neither the use
of radiation or cytotoxic agents, nor the insertion of an instrument into the body. Therefore,
HIFU thermal therapy can easily be combined with other treatment modalities. However,
performing HIFU thermal therapy in the liver poses a number of challenges, such as over-
coming the liver’s high perfusion rate12 and compensating for physiological motion, which
can complicate both energy delivery as well as magnetic resonance thermometry13.

Another major problem that is encountered in applying HIFU for thermal therapy in the
liver is that the thoracic cage obstructs the ultrasonic beam. Absorption and reflection of the
ultrasonic beam by the thoracic cage can lead to a number of severe side-effects, including
third-degree skin burns14 and full necrosis of the ribs in the ultrasonic beam cone15. Several
solutions have been proposed that can potentially overcome this problem. A highly invasive
option is to perform a costectomy16, essentially removing the part of the ribs that obstructs the
ultrasonic beam. An alternative option is to provide an external shielding of the ribs through
a physical mask17. Although this method has been shown to provide an adequate shielding
of the ribs, a disadvantage of this method is that the external shielding loses its efficiency if
it cannot be placed sufficiently close to the ribs.

A different solution, when using a phased array transducer for HIFU sonication, is to ap-
ply an apodization to the transducer elements18, which can reduce rib exposure while partially
restoring focal intensity. Several methods for the determination of transducer apodizations
have been suggested, including geometric ray tracing18, phase conjugation19,20, the DORT-
method21, cavitation-enhanced back projection22, and constrained optimization23. A compre-
hensive overview of focusing methods was given in a recent study, in which each method’s
merits and disadvantages were investigated numerically24.

Although the use of transducer apodization and focusing methods are in general an ex-
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cellent way to prevent undesired heating of the ribs, these methods too possess an inherent
problem. When applying an apodization to the transducer, power compensation has to be ap-
plied in order to restore a sufficient amount of focal intensity. This inherently means that the
acoustic intensity in the pre-focal space of the beam cone will have to increase. Therefore, a
greater amount of energy will be transmitted per unit area of the pre-focal space of the beam
cone to ensure sufficient focal heating. For a current clinical system, a prior study has shown
that the pre-focal energy exposure can become the effective treatment limitation25. In this
study it was concluded that when using the clinical system evaluated, for a number of dif-
ferent treatment geometries and sonication trajectories, intercostal sonication through beam
shaping is unfeasible in a clinically realistic time-frame. Therefore, the approach taken in
this study was not to attempt further optimization of focusing methods, but rather to evaluate
whether an alternative transducer design could provide improvements for intercostal HIFU
therapy.

A recent study suggested a novel HIFU phased array transducer design in which the
acoustic elements are positioned following the pattern of Fermat’s spiral26,27, after which
Voronoi-tessellation28 was applied to increase the transducer’s active surface. This numerical
study showed that such a design can decrease acoustic intensity in the pre-focal space of the
beam cone compared to a pseudo-random array, while maintaining good on-axis and off-
axis focal point quality. This effect is attributed to the optimal element packing efficiency,
meaning that the minimum of distances between the element centers of the spiral arrangement
is maximized29, combined with an increase in active surface compared to current clinical
transducers.

The purpose of the research reported in this paper was to evaluate whether phased ar-
ray transducer designs based on a Voronoi-tessellated Fermat Spiral (VTFS) can improve
intercostal HIFU sonications in the liver. To this end, a numerical study was conducted that
combined both acoustic and thermal simulations using mono-element transducers, clinically
available phased array transducers, and transducers based on Fermat’s spiral, both with and
without Voronoi-tessellation. The comparison with the mono-element transducers was made
because theoretically they provide the most homogeneous pre-focal intensity distribution that
can be achieved with a spherical focused ultrasound system, and additionally a mono-element
transducer has been used in a clinical study to treat hepatocellular carcinoma14. The compari-
son with the clinical phased array transducers was made to evaluate whether the VTFS design
could provide improvements for intercostal HIFU ablation using a binary element apodiza-
tion strategy, as described in a previous study18. Additionally, results are presented for phased
array transducers based on Fermat’s spiral without tessellation, so that the effects of the ele-
ment positioning and the tessellation of the transducer can be evaluated independently. Since
the most prevalent complications for intercostal HIFU sonications occur due to undesired
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overheating of the pre-focal space, the energy density in the pre-focal skin, fat, and muscle
layers and the energy incident on the ribs were evaluated for different treatment cells and
tissue depths.

5.2 Materials and Methods

5.2.1 FS and VTFS element geometry
The placement of the acoustic elements of the FS and VTFS transducers is defined by Fer-
mat’s spiral, discretized through the golden angle as described by Vogel et al.27:

rn = c
√
θn, θn = n× 137.508◦ (5.1)

where rn is the geodesic distance over the spherical cap measured from the center of the
transducer for the element with index number n, c is a scaling constant, and θn is the re-
spective angle. An advantage of using Fermat’s spiral to determine the element positioning
is that it can be used to construct a transducer for any given focal length, aperture, and num-
ber of elements. Previous work has shown that while such an element pattern is inherently
asymmetrical, the acoustic grating lobe levels are highly dependent on the divergence angle
of the spiral30. However, since phased array HIFU transducers typically consist out of large
elements, the possibilities for the divergence angle of the spiral are limited due to spatial con-
straints. An advantage of using the golden angle is that the packing efficiency of the elements
is optimized29, which enables the use of large elements. For the FS design, the first 256
points of this discretized Fermat’s spiral were used to define the center points of identical,
circular elements with a diameter of 6.6 mm. While such a transducer design is expected to
generate large grating lobe levels around the main beam30, it does allow for the application of
Voronoi-tessellation28. Therefore, for the VTFS design, the element geometries were defined
by applying Voronoi-tessellation to the discretized Fermat’s spiral, increasing the active sur-
face of the transducer and therefore decreasing grating lobe levels around the main beam31.
An inter-element gap of 0.5 mm was used to ensure that the manufacturing of the evaluated
arrays would be technically feasible.

5.2.2 Evaluated transducer designs
Eight spherical transducer designs were evaluated in this study: two mono-element transduc-
ers (hereafter referred to as M1 and M2), two clinically available phased array transducers
(C1 and C2), two phased array transducers based on Fermat’s Spiral (FS1 and FS2), and
two VTFS transducers (VTFS1 and VTFS2). The mono-element, FS, and VTFS transducers
were constructed using the f-numbers of the two respective clinical transducers, where the
f-number is defined as the focal length (here equal to the radius of curvature) divided by the
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aperture. In this way, both clinical phased array transducers could be compared to equivalent
mono-element, FS, and VTFS transducers. An overview of the evaluated transducers is given
in Table 5.1, and the phased array transducer designs are shown in Figure 5.1.

Table 5.1: Overview of the transducer designs evaluated in this study. FL = focal length, AP = aperture diameter, N
= number of elements, d = element diameter.

Abbreviation Type Elements FL (cm) AP (cm) Max active surface (cm2)

M1 Mono-element - 12.0 14.0 169.9

C1 Phased array Circular (N = 256, d = 6.6 mm) 12.0 14.0 106.0

FS1 Phased array Circular (N = 256, d = 6.6 mm) 12.0 14.0 106.0

VTFS1 Phased array Tiles (N = 256) 12.0 14.0 123.1

M2 Mono-element - 14.0 14.0 165.0

C2 Phased array Circular (N = 256, d = 6.6 mm) 14.0 14.0 106.0

FS2 Phased array Circular (N = 256, d = 6.6 mm) 14.0 14.0 106.0

VTFS2 Phased array Tiles (N = 256) 14.0 14.0 119.1
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Figure 5.1: 2D projections of the spherical phased array element configurations that were evaluated in this study,
showing a) C1, b) C2, c) FS, and d) VTFS. Only one FS and VTFS geometry is shown, as they only differ in focal
length (FL) and therefore their element projections are nearly identical.
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5.2.3 Modeled tissue geometries
All numerical evaluations conducted in this study were carried out using a pre-defined ide-
alized tissue stack representative of an intercostal sonication in the liver. For a hypothetical
patient placed in prone position on a HIFU treatment platform, the physical layers seen from
the transducer towards the target area were water, gel pad, skin, subcutaneous fat, muscle +
intermuscular ribs, and liver. The dimensions of the intermuscular ribs were based on com-
puted tomography data of the lateral and dorsal parts of the thoracic cage, available in our
institution. Based on this data, four cylindrical ribs of 15 mm diameter were placed in the
muscle layer, spaced 15 mm apart. The complete modeled tissue geometry had dimensions
of Lx×Ly×Lz = 120×120×150 mm3, discretized by Nx×Ny×Nz = 513×513×513

voxels. Sonications in the liver were simulated at two different depths, with the center of the
sonication placed at D = 30 mm and D = 50 mm measured from the transversal plane crossing
the center of the ribs, respectively. An illustration of the modeled tissue geometry is shown
in Figure 5.2.

Figure 5.2: Illustration of the modeled tissue geometry for a sonication in liver tissue at a depth of 50 mm behind the
ribs. The C2 transducer element configuration is displayed in the bottom, and is situated in an oil reservoir. Moving
from the transducer towards the target, the beam cone intersects with the following layers: gel (15 mm thickness),
skin (2 mm), subcutaneous fat (5 mm), abdominal muscle (10 mm) including the four ribs (15 mm diameter, 15 mm
spacing), and liver. The oil reservoir and liver tissue are omitted from the illustration for visual clarity.

5.2.4 Acoustic simulations
For each respective transducer and sonication depth, the acoustic intensity distribution in the
modeled tissue geometry was determined by propagation of the angular spectrum of plane
waves (ASPW)32,33.

For the phased array transducers, binary apodizations were determined using a collision
detection algorithm. A triangular mesh of the rib surface was created using a maximum
edge length of a quarter of the acoustic wavelength. For each transducer / sonication cell
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type / sonication depth configuration, a line segment was constructed from the center of
each respective element to the geometrical focus of the transducer. Every element whose
line segment intersected with a triangle of the surface mesh representing the ribs was then
switched off, and the acoustic output power of the remaining active elements was increased
uniformly to normalize the total acoustic output power between all cases.

Within every plane of the modeled tissue stack, the steady-state pressure field p(r) was
assumed to satisfy the linear wave equation34:

∇2p(r) + k2p(r) = 0 (5.2)

where ∇2 is the Laplace operator, and k = ω/c − iα is the complex wave number
determined by the angular frequency ω, the celerity c, and the attenuation coefficient α in the
respective medium. Therefore, non-linear wave propagation was not taken into account.

The steady-state pressure field was calculated at 1.0 MHz in a reference plane positioned
in the oil tank containing the transducer, perpendicular to the beam axis (Lx×Ly = 120×120

mm2, Nx × Ny = 513 × 513 pixels). For the clinical phased arrays, this pressure field was
obtained through the far-field approximation25,34:

pij = D(ri, rj)
e−ik|ri−rj |

2π|ri − rj |
(5.3)

where pij is the pressure induced by element i at the position of pixel j, D(ri, rj) is the
directivity function, ri is the position vector of the center of element i, and rj is the position
vector of pixel j. The pressure in each pixel j in the reference plane was thus obtained by
summation of the pressure contributions from every transducer element i.

For the VTFS transducers, every polygonal element was sampled as a collection of point
sources on a 101 x 101 point grid covering the polygon’s boundaries, each point source
being an approximation of a surface area < 10−5 cm2. The steady-state pressure field in the
reference plane was then obtained for each element by calculating the Rayleigh integral for
each of the point sources on the polygon’s surface and summing the pressure contributions to
obtain pij , the pressure induced by element i at the position of pixel j.

The steady-state pressure field was propagated plane-wise through the tissue stack by
incremental steps of ∆z = 0.29 mm, parallel to the beam axis. Phase and amplitude errors in
the pressure field, caused by the use of average acoustic properties for propagation through
a heterogeneous tissue geometry, were locally corrected per layer as described in prior art33.
First, the spectral propagator was used to obtain the homogeneous pressure field ph(r) in the
output slice. This pressure field was then corrected for variable speed of sound c, density ρ,
and absorption A as follows:

pm(r) = ph(r)ei∆φτe(Ah−Am)∆z (5.4)
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with pm the pressure field corrected for inhomogeneous media, the subscripts h andm de-
noting the homogeneous case and the case corrected for inhomogeneous media respectively,
and the phase difference ∆φ given by

∆φ =

(
ch
cm
− 1.0

)
−ω∆z

ch
(5.5)

with τ the transmission coefficient as given by

τ = 1.0 +
Z2 − Z1

Z2 + Z1
(5.6)

where Z2 is the acoustic impedance of the current slice and Z1 the acoustic impedance
of the previous slice. After propagation through the tissue geometry, the corrected pressure
values were converted into intensity values taking into account the local acoustic impedance
Z(r):

I(r) =
p2
m(r)

2Z(r)
(5.7)

After calculation of the full acoustic intensity field, the maximal acoustic intensity would
in general be shifted towards the transducer due to refractive effects. Therefore, to re-align
the natural focus of the transducer with the desired point of sonication, an iterative focal point
position correction was applied to correct for this effect, in which the transducer was shifted
along the beam axis by the offset between the geometrical focus and the maximum intensity.
After application of this offset correction, the intensity field was recalculated. This procedure
was repeated until the offset between the geometrical focus and the maximum intensity was
< 1 mm, which in all cases took either one or two reiterations. In pseudocode, this algorithm
looks as follows:

{ f i r s t c a l c u l a t i o n o f i n t e n s i t y f i e l d }
o f f s e t = z ( g e o m e t r i c a l f o c u s ) − z ( maximum i n t e n s i t y )
whi le o f f s e t > 1 mm

z ( t r a n s d u c e r ) = z ( t r a n s d u c e r ) + o f f s e t
{ r e c a l c u l a t e i n t e n s i t y f i e l d }
o f f s e t = z ( g e o m e t r i c a l f o c u s ) − z ( maximum i n t e n s i t y )

end

Two types of sonication trajectories were evaluated in this study. The first is a single-point
sonication, which is aimed at achieving the lowest possible sonication time and therefore the
minimum energy density at the rib surface and in the pre-focal area. The second is a circular
trajectory with a diameter of 4 mm in the coronal plane, consisting out of 8 equally spaced
points (hereafter referred to as 4 mm sonication cell). The time-averaged acoustic intensity
field Iavg(r) of this 8-point trajectory was obtained through:
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Iavg(r) =
p2
rms(r)

16Z(r)
(5.8)

where prms(r) is the root-mean-square pressure amplitude. Such a trajectory was found
to provide a feasible sonication cell size in a prior in vivo animal study35. The required lateral
deflections of the sonication beam for this trajectory were achieved by changing the relative
phases of the transducer elements. These phase changes were determined based on differ-
ences in path length towards the respective treatment cell, assuming a homogeneous layer of
oil between the transducer and the target cell. It should be noted that for such lateral deflec-
tions, the intensity that can be induced± 2 mm off-axis is reduced by< 0.13 dB compared to
an on-axis sonication under free-field conditions for all of the evaluated phased arrays. Natu-
rally for the mono-element transducers, only single-point sonications could be evaluated. To
compare the intensity distributions in the pre-focal area between all eight transducers, cumu-
lative histograms were used to quantify the intensity levels per volume in the pre-focal skin,
fat, and muscle layers within the acoustic beam cone for a sonication using an acoustic output
power of 450 W.

5.2.5 Thermal simulations
For the phased array transducers, the obtained acoustic intensity distributions were used as
input for subsequent thermal simulations. The mono-element transducers were omitted from
the thermal simulations as they do not possess the possibility of applying an apodization law,
and therefore power compensation could not be applied. A finite difference (FD) technique,
based on central differences in 3D space and forward finite differences in time, was used
to determine the temperature evolution in each voxel of the tissue geometry over time. A
temporal resolution of 30 ms was chosen to ensure numerical stability for the given resolution.
The finite difference scheme is based on Pennes’ bioheat equation36:

ρjcj Ṫ + wbcb(T − Ta) = ∇ · k∇T +Q (5.9)

where ρj is the tissue density in voxel j, cj is the specific heat capacity in voxel j, T
is the temperature, wb is the tissue perfusion, cb is the specific heat capacity of blood, Ta
= 37 ◦C, the arterial blood temperature, k is the thermal conductivity, and Q is the heating
source term. The initial conditions were Tt=0 = 37 ◦C and Ṫ(t=0) = 0 ◦C/s. The oil reservoir
and the gel pad were kept at a fixed temperature of 15 ◦C, and the field of view in all other
directions was sufficiently large to overcome heat diffusion and ensure an isotherm of 37 ◦C
at the boundaries. An overview of all physical quantities and their values used in both the
acoustic and thermal simulations is given in Table 5.237–41.

In all thermal simulations, a continuous total acoustic output power of 450 W was applied
using gating (2 seconds on, 1 second off) to represent a clinical scenario in which respiratory
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Table 5.2: Overview of physical quantities used in both the acoustic and the thermal simulations. TH = thickness
(mm), c = speed of sound (m/s), ρ = density (kg/m3), A = ultrasound absorption (Np/m), α = ultrasound attenuation
(Np/m), cp = specific heat capacity [J/(kg/K)], k = thermal conductivity [J/(kg/K)], wb = tissue perfusion [ml/(100
g/min)]. The last two columns indicate whether the temperature (◦C) in the tissue was fixed, and if so, which
temperature was used.

Medium TH c ρ A α cp k wb Fixed Temperature

Oil - 1430 1070 1.04 1.04 4200 0.5 0 Yes 15

Gel pad 15 1580 1030 0.8 0.8 3600 0.65 0 Yes 15

Skin 2 1610 1200 10 50 3600 0.56 25 No -

Subcut. fat 5 1478 950 5.0 5.65 2387 0.2 5 No -

Muscle 10 1547 1050 5.0 9.8 3600 0.56 25 No -

Ribs - 2300 1600 100 100 1000 0.5 5 No -

Liver - 1578 1050 5.0 5.65 3600 0.56 100 No -

motion-compensated sonications are applied35. Treatment cells were predefined as cylindri-
cal regions of interest with their axis oriented parallel to the axial direction of the transducer.
The cylindrical region of interest had a length of 7.5 mm in the axial direction and a diam-
eter of 1.0 mm for the single-point sonication and 4.0 mm for the 8-point circular trajectory
sonication. Representative for a clinical thermal ablation procedure42–44, acoustic power was
applied until every voxel in the predefined treatment cell had a temperature exceeding 65
◦C, after which the sonication was terminated. The energy density in the pre-focal skin, fat,
and muscle layers was then calculated by multiplying the local acoustic intensity by the total
sonication duration.

5.2.6 Rib exposure

The total rib exposure induced by each of the different transducer designs was calculated
using the triangular surface mesh representing the ribs. For every triangular element of the rib
surface mesh in the beam cone, the acoustic intensity vector field was sampled at its centroid.
Consecutively, the dot product between the normal vector of each triangular element (pointing
into the rib) and the sampled intensity vector field was calculated. Positive values of this dot
product give a measure of the acoustic intensity incident onto those respective elements of the
rib mesh, whereas negative values indicate that the intensity vector field is not directed into
the ribs. Therefore, all positive values of the dot product were stored per triangular element
of the rib mesh, and using the areas of these elements a measure of the total rib exposure was
calculated for each respective intensity vector field. For the phased array transducers, the rib
exposure calculations were done using the intensity vector field obtained after apodization
and power compensation had been applied.
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5.2.7 Overview
An overview of all steps involved in the complete simulation chain is given in Figure 5.3.

Define:

- Tissue geometry

- Transducer design

- Sonication cell size

- Determine 

apodization 

- Apply power 

compensation

Acoustic 

simulations 
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Acoustic intensity map
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- Sonication duration

- Calculate energy density

- Calculate rib exposure
Input

Adjust 

transducer 

position

InputInputInput

Correction for 

tissue 

inhomogeneity Offset 

< 1mm?

No

Yes

Figure 5.3: Flowchart summarizing all consecutive steps in the simulation chain.

After defining the tissue geometry, transducer design, and sonication cell size, the binary
collision detection algorithm was applied to determine the element apodization, after which
power compensation was applied to ensure equal acoustic output power between all cases.
These definitions and apodizations were then used as input to obtain the acoustic intensity
distribution, using the ASPW method32,33. An iterative correction for tissue inhomogeneity
was applied using mechanical beam steering to ensure that the natural focus of the transducer
through the tissue stack was realigned with the desired point of sonication. Consecutively, the
intensity distributions were used as input for thermal simulations based on a finite difference
scheme and Pennes’ bioheat equation36. From the thermal simulations, temperature maps
and sonication durations were obtained, which were then used to calculate the energy density
in specific pre-focal tissue layers as well as the incident intensity and energy onto the rib
surfaces.

5.3 Results

5.3.1 Acoustic simulations
Figure 5.4 shows the transducer apodizations obtained using collision detection for all single-
point sonications. The apodizations for the 4 mm cell are omitted for brevity, as they are
nearly identical to the single-point apodizations for each respective tissue depth.

The apodizations in Figure 5.4 display the acoustic shadow cast by the ribs onto the
transducer surfaces. For the sonication of 30 mm behind the ribs (row (i)), the active surfaces
after apodization of the VTFS transducers are larger than their respective clinical counterparts
by factors of 60.7/43.9 = 1.38 and 69.8/43.1 = 1.62, respectively. For the sonication of 50
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(ai) 43.9 cm2 (bi) 45.1 cm2 (ci) 60.7 cm2 (di) 43.1 cm2 (ei) 49.3 cm2 (fi) 69.8 cm2

(aii) 54.7 cm2 (bii) 57.6 cm2 (cii) 61.6 cm2 (dii) 46.4 cm2 (eii) 50.9 cm2 (fii) 52.0 cm2

Figure 5.4: Binary apodizations (red = on, blue = off) for the (a) C1, (b) FS1, (c) VTFS1, (d) C2, (e) FS2, and (f)
VTFS2 transducers obtained for single-point sonications using collision detection. Row (i): D = 30 mm behind the
ribs, (ii): D = 50 mm behind the ribs. The active surface after apodization is given for each configuration.

mm behind the ribs (row (ii)), an increase of factors 61.6/54.7 = 1.13 and 52.0/46.4 = 1.12 in
active surface after apodization is observed when comparing the VTFS transducers to their
respective clinical counterparts.

Figure 5.5 shows the acoustic intensity distributions obtained for single-point sonications
at 30 mm behind the ribs for the M1, C1, FS1, and VTFS1 transducers.

Comparing the different intensity distributions in Figure 5.5, it is observed that intensity
levels for the C1 in the space between the transducer and the ribs, as shown in the YZ-
plane, are lower than those of the FS1 transducer. When comparing the C1 to the VTFS1
transducer, the acoustic intensity levels in this space are lower for the VTFS1 transducer in
both planes. In regions where ultrasonic energy is transmitted after apodization, the pre-focal
intensity distribution of the VTFS1 transducer is observed to be more comparable to the M1
transducer.

Figure 5.6 shows the acoustic intensity distributions obtained for single-point sonications
at 30 mm behind the ribs for the M2, C2, and VTFS2 transducers.

Figure 5.6 shows that the intensity distribution of the C2-transducer contains notable
grating lobes, both on-axis as well as in the space between the transducer and the ribs. These
grating lobes are somewhat reduced when considering the intensity distribution of the FS2
transducer in the XZ-plane, but similar intensity values are observed between these two trans-
ducers in the YZ-plane. Lower intensity values are observed in the intensity distribution of
the VTFS2 transducer, which gives a distribution more resemblant of the M2 transducer in
regions where ultrasonic energy is transmitted.

Figure 5.7 shows cumulative histograms of the intensity values in the pre-focal tissue lay-
ers intersecting with the geometrical beam cone for the single-point sonications at an acoustic
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Figure 5.5: Acoustic intensity distributions centered on the beam axis for the (a) M1, (b) C1, (c) FS1, and (d) VTFS1
transducer, in the (i) XZ-plane, (ii) YZ-plane for single-point sonications at D = 30 mm behind the ribs. For the C1,
FS1, and VTFS1 transducers, the apodizations displayed in Figure 5.4 were applied. The circumferences of the ribs
are overlaid in white on the YZ-plane. All intensity distributions are scaled to their respective maximum.
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Figure 5.6: Acoustic intensity distributions centered on the beam axis for the (a) M2, (b) C2, (c) FS2, and (d) VTFS2
transducer, in the (i) XZ-plane, (ii) YZ-plane for single-point sonications at D = 30 mm behind the ribs. For the C2,
FS2, and VTFS2 transducers, the apodizations displayed in Figure 5.4 were applied. The circumferences of the ribs
are overlaid in white on the YZ-plane. All intensity distributions are scaled to their respective maximum.
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Figure 5.7: Cumulative histograms of intensity values in the pre-focal skin, fat, and muscle layers within the geo-
metrical beam cone for single-point sonications at D = 30 and D = 50 mm behind the ribs for all eight transducer
designs, using an acoustic output power of 450 W. For the phased array transducers, binary element apodization and
power compensation has been applied. The focal point intensity Ifoc is given for each configuration.

Figure 5.7a shows that for the sonication 30 mm behind the ribs, the mono-element trans-
ducer M1 performs best in terms of pre-focal intensity levels, but since it is lacking the possi-
bility of power compensation it also induces the lowest focal point intensity of 11.1 W/mm2.
The pre-focal intensity levels between the C1 and FS1 transducers are observed to be similar,
but the C1 maintains a higher focal point intensity after power compensation of 19.0 W/mm2

against 16.9 W/mm2 for the FS1. The VTFS1 provides slightly lower pre-focal intensity
levels compared to the other phased arrays, but provides a substantially higher focal point
intensity at 27.0 W/mm2. Figure 5.7b shows that for the transducers with a focal length of
14 cm, the M2 performs best in terms of pre-focal intensity levels, but it provides the lowest
focal point intensity at 12.6 W/mm2. The FS2 performs slightly better than the C2, both in
terms of pre-focal intensity levels as well as in focal point intensity. The VTFS2 performs
worse than the FS2 with respect to pre-focal intensity levels, but provides a substantially
higher focal point intensity at 23.3 W/mm2 against 16.3 W/mm2 for the FS2.

For the sonication 50 mm behind the ribs, Figure 5.7c shows that the M1 outperforms
the three phased arrays in terms of pre-focal intensity levels. All three phased arrays provide
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very similar intensity levels, but the focal point intensity of the VTFS1 is much higher at 21.5
W/mm2, while none of the other transducers induces a focal point intensity >14.0 W/mm2.
Looking at Figure 5.7d, it is observed that the M2 outperforms the phased arrays in terms of
pre-focal intensity levels, and with respect to the C2 transducer also provides a slightly higher
focal point intensity. The C2 and FS2 transducers induce very similar pre-focal intensity
levels, but the focal point intensity of the FS2 is higher at 10.7 W/mm2 against 8.15 W/mm2

for the C2. The VTFS2 performs worst with respect to pre-focal intensity levels for this
configuration, but its focal point intensity is substantially higher at 14.1 W/mm2.

5.3.2 Thermal simulations
Figure 5.8 shows temperature maps for each of the phased array transducers after sonicating
a 4 mm cell in the liver at a depth of 30 mm behind the ribs.

From Figure 5.8, the worst performance in terms of overheating of the pre-focal area is
observed for the FS1 and FS2 transducers, where the influence of the increased grating lobes
manifests itself as local hot spots on the ribs. For the C1 transducer, this sonication also
overheats the pre-focal area, but to a lesser extent. While local peak temperature values are
in general lower for the C2 compared to the FS2, this transducer is shown to overheat large
areas of the pre-focal space. Although there are still some overheated areas when using the
VTFS transducers, the size of these areas is an order of magnitude smaller.

Figure 5.9 shows similar end-temperature maps for sonications in the liver at a depth of
50 mm behind the ribs.

For this particular sonication, the worst performance is observed for the FS1, C2, and
FS2 transducers, which overheat substantial areas of the pre-focal space and the ribs. This
overheating is somewhat reduced when considering the C1 transducer, where the overheated
areas have become more localized. The VTFS transducers are again observed to be more
favorable for these deeper sonications: end-temperatures at the rib surfaces are observed to
be around 45 ◦C for both these transducers.

5.3.3 Overview of results
Table 5.3 gives a quantitative overview of results obtained through numerical evaluation of
the different transducer designs: the active surface after apodization, the maximal intensity
after apodization for an acoustic output power of 450 W, the time required to bring all voxels
in a single sonication cell (single-point or 4 mm cell) to 65 ◦C, and the maximum energy
density in the skin, fat, and muscle layers are given for both tissue depths.

Maximal intensity

From Table 5.3, looking at a 4 mm sonication cell at 30 mm behind the ribs, the FS1 induces
a slightly lower maximum intensity than the C1 at 4.07 against 4.74 W/mm2. The VTFS1
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Figure 5.8: End-temperature maps for a 4 mm sonication cell in the liver at a depth of 30 mm behind the ribs,
showing the (i) XZ-plane centered on the beam axis, (ii) XY-plane crossing the center of the ribs for the a) C1, b)
FS1, c) VTFS1, d) C2, e) FS2, and f) VTFS2 transducer, using a total acoustic output power of 450 W.
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Figure 5.9: End-temperature maps for a 4 mm sonication cell in the liver at a depth of 50 mm behind the ribs,
showing the (i) XZ-plane centered on the beam axis, (ii) XY-plane crossing the center of the ribs for the a) C1, b)
FS1, c) VTFS1, d) C2, e) FS2, and f) VTFS2 transducer, using a total acoustic output power of 450 W.
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Table 5.3: Active surface after apodization, maximal intensity after apodization at 450 W, time to 65 ◦C per sonica-
tion cell, and maximum energy density ρE in the skin, fat, and muscle layers for the C1, FS1, VTFS1, C2, FS2, and
VTFS2 transducers; sp = single-point sonication, 4mm = 8-point circular trajectory sonication with a diameter of 4
mm, D30 / D50 = sonication depth of 30 / 50 mm behind the ribs, respectively.

Active surface (cm2) Max intensity (W/mm2) Time to 65 ◦C (sec))

sp 4mm sp 4mm sp 4mm sp 4mm sp 4mm sp 4mm

D30 D30 D50 D50 D30 D30 D50 D50 D30 D30 D50 D50

C1 43.9 43.9 54.7 54.7 19.0 4.75 13.4 2.28 2.21 13.9 10.4 38.2

FS1 45.1 45.5 57.6 57.1 16.9 4.07 14.0 2.37 4.19 17.2 13.7 47.4

VTFS1 60.7 60.7 61.6 61.6 27.0 6.33 21.5 3.79 1.54 8.38 4.63 17.4

C2 43.1 42.2 46.4 46.4 14.2 3.59 8.15 1.72 3.97 17.0 14.1 47.4

FS2 49.3 49.3 50.9 51.8 16.3 4.20 10.7 2.06 2.21 13.9 8.38 32.2

VTFS2 69.8 69.8 52.0 52.4 23.3 5.62 14.1 3.27 1.32 8.16 3.97 14.1

Max ρE skin (J/mm2) Max ρE fat (J/mm2) Max ρE muscle (J/mm2)

sp 4mm sp 4mm sp 4mm sp 4mm sp 4mm sp 4mm

D30 D30 D50 D50 D30 D30 D50 D50 D30 D30 D50 D50

C1 1.65 5.28 3.48 9.45 1.54 4.72 3.56 7.35 2.53 7.25 3.43 7.89

FS1 2.87 5.16 5.54 10.29 3.09 4.36 4.13 8.86 3.62 7.38 5.96 10.76

VTFS1 0.56 2.22 0.97 3.78 0.61 2.19 0.87 3.26 1.23 4.52 1.35 3.95

C2 2.28 6.12 4.88 13.0 2.17 5.91 4.51 10.7 5.72 10.5 5.08 13.1

FS2 1.34 4.14 4.11 7.80 1.13 4.00 2.56 5.94 1.32 5.86 3.11 5.69

VTFS2 0.56 2.47 1.33 3.24 0.52 2.32 1.22 3.03 1.12 5.11 1.84 4.42

induces a maximum intensity of 6.33 W/mm2, which is a factor 6.33/4.07 = 1.56 increase
compared to the C1. Comparing the FS2 to the C2, a small increase in maximum intensity
is observed from 3.59 W/mm2 for the C2 to 4.20 W/mm2 for the FS2. The VTFS2 further
increases this maximum intensity to 5.62 W/mm2, which is a factor 5.62/3.59 = 1.57 increase
compared to the C2. For the sonication at 50 mm behind the ribs, the FS1 provides a slightly
higher maximum intensity than the C1 at 2.37 against 2.28 W/mm2. Comparing the VTFS1
against the C1, an increase of factor 3.79/2.28 = 1.66 is observed. For the VTFS2 against the
C2 and FS2, these factors were 3.27/1.72 = 1.90 and 3.27/2.06 = 1.59, respectively.

Pre-focal energy density

Considering the maximum energy densities in the skin layer for a 4 mm sonication cell at
a depth of 30 mm behind the ribs, the maximum energy densities between the C1 and FS1
are nearly equal at 5.28 against 5.16 J/mm2. When comparing the C1 to VTFS1, a factor
5.28/2.22 = 2.38 decrease is observed. Between the C2 and the FS2 and VTFS2, this factor
is 6.12/4.14=1.48 and 6.12/2.47 = 2.48, respectively. The energy density at the skin surface
after completion of such a sonication is shown for each of these transducers in Figure 5.10.

Table 5.3 shows that for sonications at a depth of 50 mm behind the ribs, the maximum
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Figure 5.10: Energy density at the skin surface after completion of a 4 mm sonication cell in the liver at a depth of
30 mm behind the ribs for the a) C1, b) FS1, c) VTFS1, d) C2, e) FS2, and f) VTFS2 transducer.

energy density in the skin layer increases. Comparing the different transducer designs for
such a sonication, the maximum energy density in the skin layer is slightly increased from
9.45 to 10.29 J/mm2 between C1 and FS1. However, a factor 9.45/3.78 = 2.50 decrease
is observed between C1 and VTFS1. When comparing C2 with FS2 and VTFS2, factors of
13.0/7.80 = 1.67 and 13.0/3.24 = 4.01 decrease are observed, respectively. The energy density
at the skin surface for these sonications is shown in Figure 5.11.

Considering the pre-focal fat layer, Table 5.3 shows that for a 4 mm sonication cell at 30
mm behind the ribs, the maximum energy density between the C1 and FS1 transducer is sim-
ilar at 4.72 and 4.36 J/mm2, respectively. The VTFS1 reduces the maximum energy density
by a factor of 4.72/2.19 = 2.16 compared to the C1. For the FS2 and VTFS2 compared to the
C2, this factor is 5.91/4.00 = 1.48 and 5.91/2.32 = 2.55, respectively. For sonications at 50
mm behind the ribs, this factor is 7.35/3.26 = 2.25 for C1 against VTFS1. The FS1 performs
slightly worse than the C1 in this aspect, showing an increase of factor 8.86/7.35 = 1.21.
For C2 against FS2 and VTFS2, reductions of 10.7/5.94 = 1.80 and 10.7/3.03 = 3.53 were
observed, respectively. In the pre-focal muscle layer, looking at a 4 mm sonication cell at 30
mm behind the ribs, FS1 performed similar to the C1 in this aspect, with a slightly increased
maximum energy density of 7.38 against 7.25 J/mm2. A reductions of factor 7.25/4.52 =

130



Chapter 5

0 2 4 6 8 10

Energy density (J/mm²)

(c)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

(b)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

(a)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

(f)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

(e)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

(d)

Y (mm)

-50 -25 0 25 50

X
 (

m
m

)

-50

-25

0

25

50

Figure 5.11: Energy density at the skin surface after completion of a 4 mm sonication cell in the liver at a depth of
50 mm behind the ribs for the a) C1, b) FS1, c) VTFS1, d) C2, e) FS2, and f) VTFS2 transducer.

1.60 was found for C1 against VTFS1. Comparing C2 against FS2 and VTFS2, reductions
of 10.5/5.86 = 1.79 and 10.5/5.11 = 2.05 were found, respectively. Sonicating the same vol-
ume at 50 mm behind the ribs, the difference between the FS1 and C1 increases to a factor
10.76/7.89 = 1.36. The VTFS1 reduces the maximum energy density in the muscle compared
to the C1 by a factor 7.89/3.95 = 2.00. Comparing C2 against FS2 and VTFS2, these factors
were 13.1/5.69 = 2.30 and 13.1/4.42 = 2.96.

Rib exposure

Figure 5.12 shows cumulative histograms of the acoustic intensity incident on the rib surface
for each of the eight transducer designs, calculated for single-point sonications. For the
phased array transducers, Figure 5.12 additionally shows the energy density incident on the
ribs.

Figure 5.12a shows that the cumulative acoustic intensity incident on the rib surface is
very similar for the C1, VTFS1, C2, and VTFS2 when sonicating a single-point at a depth of
30 mm behind the ribs. Increased intensities are observed for the FS1 and FS2 transducers
compared to the other phased arrays. Since the mono-element transducers do not possess the
possibility of applying an apodization, their incident intensity on the ribs is naturally observed
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Figure 5.12: Cumulative histograms of the surface acoustic intensity (a,b) and energy density (c,d) incident on the
rib mesh for all of the evaluated transducers. Results are shown for single-point sonications at D = 30 mm and D =
50 mm behind the ribs. For the phased array transducers, binary apodization based on collision detection had been
applied.

to be a lot higher. For a depth of 50 mm behind the ribs, Figure 5.12b shows an increase in
the area that is exposed to a lower incident acoustic intensity, and a decrease in the amount
of high incident acoustic intensity compared to sonications at 30 mm behind the ribs (note
the difference in scaling of the axes). For this particular sonication geometry, the rib surface
exposed to intensities ≥5 W/cm2 was 1.51 cm2 for the C1 against 2.41 cm2 for the FS1 and
0.25 cm2 for the VTFS1. These surfaces were 2.77 cm2 for the C2 against 3.90 cm2 and 1.36
cm2 for the FS2 and VTFS2, respectively.

Figure 5.12c shows that for a single-point sonication 30 mm behind the ribs, the rib
surface area exposed to energy densities≥20 J/cm2 was 0.88 cm2 for the C1 against 3.75 and
0.14 cm2 for the FS1 and VTFS1 respectively, and 2.38 cm2 for the C2 against 1.43 for the
FS2 and 0.12 cm2 for the VTFS2. Rib surface areas exposed to energy densities ≥40 J/cm2

were 0.08 cm2 for the C1, 1.61 cm2 for the FS1, 0.77 cm2 for the C2, and 0.38 cm2 for the
FS2. Energy densities ≥60 J/cm2 were only found for the FS1 and C2, in areas of 0.43 and
0.24 cm2, respectively. For a single-point sonication 50 mm behind the ribs, Figure 5.12d
shows that the rib surface exposed to ≥40 J/cm2 was 2.71 cm2 for the C1 against 5.94 cm2

for the FS1 and 0.01 cm2 for the VTFS1. These surfaces were 6.18 cm2 for the C2 against
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4.18 for the FS2 and 0.08 cm2 for the VTFS2. Energy densities≥80 J/cm2 were observed on
rib surface areas of 0.40 cm2 for the C1, 1.76 cm2 for the FS1, 2.20 cm2 for the C2, and 1.10
cm2 for the FS2. The VTFS transducers did not expose any area of the rib surface to these
energy density levels.

5.4 Discussion

The purpose of this study was to numerically evaluate whether a novel HIFU transducer
design, based on a Voronoi-tessellated Fermat spiral, could improve intercostal sonications
in the liver in comparison to existing, clinically available transducers. This evaluation was
emphasized in particular on the acoustic intensity distribution, the energy density in the pre-
focal tissue layers, and the energy exposure of the ribs.

5.4.1 Acoustic intensity distribution
An important feature of the VTFS transducers is that the active surface is in general larger
than the active surface of current clinical phased array transducers. As a consequence, the
active surface that remains after applying a binary apodization law to the transducer elements
is also larger, as shown in Figure 5.4 and Table 5.3. Due to this increase in the available active
surface after apodization, every respective transducer element transmits at a lower intensity.
Figures 5.7 and 5.12 show that the element configuration based on Fermat’s spiral and the
golden angle in itself actually gives a pre-focal intensity distribution similar to a quasi-random
element configuration when considering identical, circular elements. This is in agreement
with prior work, which showed that a transducer based on Fermat’s spiral and the golden
angle generates large grating lobe levels30. It does however allow for an effective Voronoi-
tessellation due to its optimized element packing efficiency, which enables the increase in
active surface and therefore a higher degree of focusing.

5.4.2 Pre-focal energy density
The results of the thermal simulations show that the acoustic intensity distributions of the
VTFS transducers have a favorable effect on thermal ablations. The time required to reach
the therapeutic endpoint in a pre-defined sonication cell, in this case either a single-point
sonication or a 4 mm sonication cell, is reduced compared to the time required by the other
phased array transducers, as shown in Table 5.3. This reduction can mainly be attributed to
the fact that the VTFS transducers maintain a higher focal point intensity after apodization
and power compensation has been applied, without substantially increasing the presence of
acoustic grating lobes. As a result, the energy density in the pre-focal part of the beam cone
has been reduced, as shown in Table 5.3 and Figures 5.10 and 5.11.

Considering the pre-focal energy density at the end of a volumetric HIFU ablation, it has
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been suggested that a value of 3.0 J/mm2 at the gel pad-skin interface and 2.5 J/mm2 at the
fat-muscle interface at an acoustic frequency of 1.2 MHz would be the maximum allowable
energy densities37. Looking at Table 5.3, for the sonications at 1.0 MHz evaluated in this
study, this criterium would imply that the only possible sonication type when using either
of the clinical phased arrays is a single-point sonication 30 mm behind the ribs. For these
transducers, larger sonication cells or greater sonication depths appear to be unsafe for the
evaluated sonication geometries. Considering the VTFS transducers, the pre-focal energy
densities stay below the 2.5 J/mm2 criterium for both a 4 mm sonication cell at 30 mm behind
the ribs as well as a single-point sonication at 50 mm behind the ribs.

Another method to mitigate overheating of the pre-focal tissue layers would be to use an
external cooling device applied to the skin during sonication. However, while the application
of such devices provide an effective means of reducing superficial overheating, external cool-
ing quickly loses its effect with increasing tissue depth. For depths larger than typically 1
cm, the combined effect of both the isolating properties of the abdominal fat layer as well as
the perfusion of deeper abdominal tissue layers render such devices ineffective45. Therefore,
regardless of whether an external cooling device is applied during sonication in practice, the
intensity distribution and the required sonication time will effectively determine the energy
density in the pre-focal tissue layers, and thus whether undesired damage of healthy tissues
in the pre-focal area will occur.

5.4.3 Energy exposure of the ribs
Figures 5.8, 5.9, and 5.12 show that the FS1 transducer performed worse than the C1 in terms
of overheating of the ribs in all of the evaluated sonication scenarios. This can mainly be
explained by the fact that local grating lobe intensity levels are higher for the FS1 transducer,
as shown in Figure 5.12, leading to an overall increase in incident energy density on the
surface of the ribs. For the FS2 transducer, higher incident intensities were observed on the
rib surface compared to the C2 transducer, but its higher focal point intensity ensured that
shorter sonication times were required (Table 5.3), and therefore the total incident energy
density on the rib surfaces was decreased.

Considering the VTFS transducers, the observed decrease in pre-focal energy density
compared to current clinical phased array transducers does not appear to result in an increase
in energy exposure of the ribs. Although the total exposure of the ribs is highly dependent
on the selected sonication depth and position, the cases evaluated in this study show either
similar or decreased surface intensities on the ribs when comparing VTFS transducers to their
respective phased array counterparts, as shown in Figure 5.12. However, a decrease in the
energy density on the rib surface was observed for the VTFS transducers. This is a direct re-
sult of the fact that VTFS transducers are able to maintain a higher focal point intensity after
binary apodization has been applied, which reduces the required sonication time (Table 5.3)
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and therefore the total amount of energy that is transmitted into the ribs. Additionally, the
rib exposure evaluation highlights the major benefit of using a phased array transducer for
intercostal applications compared to a mono-element transducer. While the mono-element
transducer has an optimal pre-focal intensity distribution, the lack of beam-shaping possibil-
ities results in a higher incident intensity onto the ribs, as shown in Figure 5.12. The VTFS
transducers combine the favorable features of both transducer types, providing low pre-focal
intensity levels as well as a reduced incident intensity onto the ribs through element apodiza-
tion.

5.4.4 Limitations of the model
With respect to the acoustic modeling in the vicinity of the ribs, it should be noted that propa-
gation of the ASPW does not fully describe every aspect of the complex acoustic interactions.
As there is a high contrast in impedance between the intercostal muscle tissue and the corti-
cal bone, the angle of incidence of the acoustic wave becomes a relevant parameter as it can
result in mode conversions from longitudinal waves to shear waves and/or surface waves46.
Since these interactions are not included in the ASPW propagator, this study only reports on
the intensity and energy density incident on the rib surface. Nevertheless, considering the
complexity of the acoustic interaction in the vicinity of the ribs, these results should be taken
with care.

In this study, binary transducer apodizations were obtained using a collision detection
algorithm. As mentioned earlier, prior studies have described more advanced methods to
determine highly optimized transducer apodizations, aimed at maximizing the ratio between
the pressure in the focal point and the pressure on the surface of the ribs24. For the soni-
cation geometries and configurations discussed in this study, the limitations on possibilities
for sonications are to a greater extent determined by the energy density in the pre-focal area.
Therefore, more advanced apodization techniques24 would only be beneficial if they would
lead to better focusing. If specific applications or different treatment geometries would be-
come mainly limited by the rib exposure instead of the pre-focal energy density, this would
motivate the use of more advanced apodization techniques. Since for the treatment geome-
tries discussed in this study this was not the case, only the binary apodization method based
on collision detection was evaluated.

5.4.5 Potential improvements
A further improvement to the presented transducer design for intercostal applications could
be to increase the transducer aperture, distributing the total transmitted energy over a greater
surface and thereby reducing the pre-focal energy density. However, increasing the transducer
aperture will reduce the available range for mechanical steering, both in the radial as well as
in the axial direction. This limitation could (partially) be compensated for by increasing the
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number of transducer elements, which increases the transducer’s electronic steering range.

5.5 Conclusion

The results of this numerical study show that VTFS transducers outperform the evaluated
clinical transducers for intercostal applications. VTFS transducers provide a higher degree of
focusing than the sparse phased arrays evaluated in this study, resulting in an increased focal
point intensity and therefore a decrease in the required sonication time. In addition, VTFS
transducers provide low intensity levels in the pre-focal tissue layers due to their increased
active surface, which ensures that the energy emitted by the array is spread out over a larger
area. These characteristics lead to a reduction in both the energy density in the pre-focal tis-
sue layers as well as the energy exposure of the ribs. Therefore, limitations currently imposed
on intercostal applications by beam shaping are reduced by the VTFS design, rendering ap-
plication of intercostal HIFU sonications in a clinically realistic time-frame more feasible.
Future work will focus on the experimental validation of the results obtained in this study.
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6.1. Cavitation-enhanced back projection

The work presented in this dissertation was aimed at developing methods that could po-
tentially improve image-guided focused ultrasound ablation therapy for abdominal organs.
In particular, methodology was developed to improve intercostal FUS interventions, and to
increase the achievable ablation rate. This included a method for acoustic rib detection and at-
tenuation mapping, a novel sonication protocol aimed at enhanced energy uptake in the focal
area, and a novel phased array transducer design aimed at combining a high focal point qual-
ity with a favorable pressure distribution in the acoustic near field. In what follows, potential
improvements and / or limitations to the presented methodology are discussed, concluding
with an outlook on future perspectives.

6.1 Cavitation-enhanced back projection

In Chapter 2, the cavitation-enhanced back projection-method (CEBP) aimed at acoustic at-
tenuation mapping was described and shown to give comparable results to ray tracer simula-
tions on a polymer phantom. Such a method could be used to determine non-binary apodiza-
tion laws, driving each individual transducer element at a different acoustic output power and
therefore optimizing the focal energy deposition. Advantages of this method are that it does
not require any form of sophisticated image analysis, the insertion of an instrument into the
body, or the presence of an additional imaging modality. However, it does require a phased
array with transmit and receive capabilities, and the applied focal pressure should stay below
Blake’s threshold1,2 in order to prevent potentially harmful inertial cavitation events.

6.1.1 Passive cavitation detection

In order to ensure that the applied focal pressure is within the desired pressure regime, CEBP
could potentially be guided by passive cavitation detection (PCD)3. While several different
methods for PCD have been investigated, the most prevalent ones are based on distinguish-
ing both non-inertial and inertial cavitation through the analysis of radiofrequency emissions,
where non-inertial cavitation is characterized by subharmonic emissions and inertial cavita-
tion by high frequency broadband emissions4,5. Such a detector, capable of reliably detecting
cavitation activity in realtime and distinguishing between non-inertial and inertial cavitation,
would be a valuable addition when employing the CEBP method. If a sufficient amount of
acoustic output power is available, such a detector would allow the operator to gradually
increase the acoustic output power of the therapeutic transducer up to the point where the
pressure threshold for non-inertial cavitation is exceeded. With this it should be mentioned
that the high frequency broadband emissions are attenuated much stronger than the first and
subharmonic frequencies, meaning that a highly sensitive detector would be required to reli-
able detect their occurrence.
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6.1.2 Cavitation and metastasis
Another issue that needs to be addressed with respect to cavitation-based methodology is the
possibility of inducing metastasis. A prior study on the spread of cancer cells as a result of
shock wave exposure in a murine model, using a highly metastatic prostate cancer cell line,
has shown an increase of the occurence of metastases from 25% in the control group to 82%
in the group where shock waves were applied6. A later study obtained similar results using
a different cell line, and evidenced that the enhanced metastasis was the result of cavitation
activity7. On the contrary, later studies have shown that mechanical FUS can actually induce
an anti-tumor immune response, effectively supressing metastasis8,9. In addition, a study on
the effect of histotripsy on metastasis in a rabbit model showed no significant difference in
the number of metastases or the metastatic density between the treatment and the control
group10. Therefore, it remains to be shown whether or not cavitation activity in solid tumors
could enhance metastasis in humans.

6.2 Shock wave enhanced heating

In Chapter 3, a novel sonication strategy was presented that is aimed at enhancing energy
delivery in the focal area through the use of shock waves. Compared to the traditional soni-
cation protocols for thermal ablation, which employ continuous wave sonication at moderate
acoustic power levels, the novel sonication protocol operates at a substantially higher acous-
tic output power at a reduced duty cycle. This sonication protocol was implemented on the
clinical Philips Sonalleve system, and compared to an energy-equivalent sonication proto-
col which operates in continuous wave mode. Ex vivo measurements through a porcine tissue
stack evidenced that the high power sonication protocol indeed produced waveforms of a sub-
stantially higher degree of non-linearity compared to the waveforms generated at a moderate
acoustic output power. Consecutively, it was shown in the in vivo porcine liver that employing
the high power sonication protocol did indeed lead to an increased energy uptake compared to
the continuous wave sonications at equivalent energy. Furthermore, histopathological exam-
ination showed that the high power sonication protocol was capable of generating confluent
vacuolated thermal lesions, and that at sufficient power levels the local heat sink effect caused
by the presence of larger vessels can be overcome.

6.2.1 Realtime MR guidance of cavitation-based methods
An important aspect of the shock wave enhanced sonication strategy is the possibility of real-
time therapy guidance through MR thermometry, both in the focal area as well as in the acous-
tic near field. With respect to histotripsy-based methods, MR imaging currently lacks the
temporal and / or spatial resolution to provide reliable realtime guidance of the treatment11.
With respect to cavitation-enhanced heating, MR thermometry for realtime therapy guidance
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has been shown to be feasible12,13. An advantage of the shock wave enhanced method over
cavitation-enhanced heating however is that there is no intrinsic pressure threshold that needs
to be exceeded for the method to increase heating efficiency. As was shown in Chapter 3, the
degree of nonlinearity of the emitted waveform increases as a function of increasing acous-
tic output power. This effectively provides a spectrum of possible power levels that scale
the degree of efficiency of the method. Additionally, prior studies on cavitation-enhanced
heating under MR guidance reported a shift of the focal point towards the transducer on the
order of several millimeters12,13, which was used as an indicator that the pressure threshold
for cavitation-enhanced heating was in fact exceeded13. For the shock wave enhanced heat-
ing method, the location where maximum heating was observed corresponded well with the
planned treatment cell location in all observations. Whether an offset of several millimeters
is problematic in clinical practice naturally depends on the application scenario, but from
a treatment planning perspective a cavitation-dependent focal point shift does add a certain
degree of unpredictability.

6.3 System design for focused ultrasound ablation therapy

In Chapters 4 and 5, a novel phased array transducer design was presented that could poten-
tially provide improvements to phased arrays that are currently available in clinical practice.
The novel transducer design was shown to provide a higher focal point quality while reducing
pressure levels in the acoustic nearfield of the transducer. Such a transducer design has partic-
ularly favorable properties for abdominal applications, as the increased focal point pressure
combined with the reduced nearfield pressure levels allows for shorter sonication times and
reduction of overheating in the prefocal area. However, these improvements come at the cost
of reduced beam steering capabilities. In what follows, further improvement of the design
including a potential solution to the reduction of beam steering capabilities is discussed.

6.3.1 Additional phased array improvements
The main motivation for the design of a novel ultrasonic phased array transducer, as was
described in Chapters 4 and 5, was the fact that current clinical focused ultrasound systems
are usually designed for one specific application. For example, a recent dissertation on MR-
guided HIFU ablation of liver tumors discussed that one of the major limitations on their
investigations was the fact that the system that they used, and in particular the therapeutic
transducer, was designed for the treatment of uterine fibroids14. As uterine fibroids are gen-
erally speaking more easily accessible by HIFU than liver tumors, the design criteria for this
therapeutic transducer did not prioritize the prefocal energy distribution. Additionally, the
heat-sink effect due to the high perfusion rate of the liver increased the amount of sonication
time required to achieve thermal necrosis. Finally, the necessity for respiratory gating limited
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the available duty cycle to ∼70%. These factors combined resulted in the fact that overheat-
ing of healthy tissues in the prefocal zone due to the accumulative heat build-up became one
of the major limiting factors on the achievable ablation speed for HIFU sonications in the
liver. This example illustrates the need for a FUS ablation system that is designed to treat
multiple types of cancer. With this it should be mentioned that such a system would not only
be favorable from a practical point of view, but would also be more cost-efficient. The phased
array transducer developed in this dissertation was therefore aimed at progressing towards a
multifunctional system capable of treating multiple types of cancer, under the boundary con-
ditions presented by the current technical infrastructure of the Philips Sonalleve HIFU system
integrated in the 1.5 T Achieva MR scanner. These boundary conditions include:

• A geometrical constraint on the aperture diameter, posed by the dimensions of the robot
arm that is used to position the transducer and the dimensions of the oil reservoir in which
the transducer resides.

• A fixed number of 256 transducer elements based on the electrical infrastructure.
• Limitations on the ultrasonic frequency bandwidth, based on the characteristics of the elec-

trical matching board.

Since these boundary conditions are predominantly the result of technical implementation,
it is interesting to discuss how the system could be further optimized when these boundary
conditions are relaxed or removed entirely.

In the work described in this dissertation, the available transducer aperture diameter was
effectively limited by the dimensions of the robot arm and the oil reservoir, which are indi-
rectly determined by the diameter of the bore of the MR scanner. Changing the transducer
aperture diameter can have several consequences for the resulting pressure field. An increase
in aperture diameter naturally decreases the energy density on the transducer surface, and
spreads the total emitted energy out over a larger volume. At a fixed number of elements
however, an increase in aperture diameter also makes the system more directional, and thus
reduces its beam steering capabilities. This was observed in Chapter 3 when Voronoi tessel-
lation was applied to transform circular elements into polygons, which increased the surface
of each individual element. Increasing the aperture diameter while keeping a fixed number of
elements also increases the inter-element spacing, which can result in the formation of grat-
ing lobes as a consequence of constructive interference in regions other than the focal zone.
Finally, increasing the aperture diameter is only useful up to the point where the outmost
elements of the array can still overcome the attenuation between their respective positions
and the focal point to deposit a relevant amount of energy. These considerations combined
indicate that the optimal choice of aperture diameter is thus highly dependent on the available
number of elements.

As was described in Chapter 3, an advantage of the VTFS transducer design principle is
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that it provides an algebraic rule to generate spherical arrays of any f-number and number of
elements. This allows for an evaluation of how the pressure field would be modified for a
given f-number when increasing the number of elements. First, a cartesian coordinate system
is defined as shown in Figure 6.1.
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Figure 6.1: Illustration of the 3D cartesian coordinate system (X, Y, Z). Rays are drawn between the center of each
transducer element and the origin to illustrate the beam cone and the natural focal point.

Using this coordinate system, VTFS arrays of 256, 512, and 1024 elements can be con-
structed for a focal length and radius of curvature of 16 cm and a frequency of 1.3 MHz, as
shown in Figure 6.2.
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Figure 6.2: 2D projections of VTFS arrays consisting out of a) 256 elements, b) 512 elements, c) 1024 elements.

Using these three arrays, the maximum focal point pressures as a function of deflection
can be simulated under free-field conditions for a total emitted acoustic power of 256 W. The
resulting pressure curves are shown in Figure 6.3.

Figures 6.3ai-ci confirm that for an increased number of elements at a given f-number,
the relative steering range of the transducer in both the transversal and the axial directions
is improved substantially. This naturally comes at the cost of focusing quality, which is in-
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Figure 6.3: Maximum focal point pressure under free-field conditions for different numbers of elements as a function
of deflection in a) the X-direction, b) the Y-direction, c) the Z-direction, using a frequency of 1.3 MHz. Displayed
are (i) normalized values, (ii) absolute values for a total emitted acoustic power of 256 W, equally distributed over
the available number of elements.

dicated by the reduced absolute pressure levels observed in Figures 6.3aii-cii. While the
absolute maximum pressures can of course be increased by increasing the total acoustic out-
put power, it should be noted that the electrical impedance is higher for smaller elements,
which makes it more difficult to deliver a sufficient amount of RF power. In addition, the
conversion efficiency from electrical to acoustical power decreases as the element size is
decreased. Provided that an adequate electrical matching solution could mitigate these prob-
lems, VTFS arrays with a high element count could be constructed that possess both a high
focusing quality as well as great beam steering capabilities.

Another possible way to improve the beam steering capabilities of the VTFS system
would be to adapt the ultrasonic frequency. When choosing the ultrasonic frequency, a trade-
off is made between two competing mechanisms. First, the ultrasonic absorption coefficient
in biological tissue α scales with the frequency,
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α = af b, (6.1)

where a and b are constants dependent of the tissue type, and f is the ultrasonic frequency15.
For most biological tissues, the value of b is slightly above unity, which means that the absorp-
tion increases with increasing frequency. On the other hand, the ultrasonic wavelength for
sinusoidal waves is inversely proportional to the frequency. This means that when attempt-
ing to decrease the inter-element spacing in wavelengths λ, a lower ultrasonic frequency is
desired. However, increasing the wavelength by lowering the ultrasonic frequency also de-
creases the system’s spatial resolution. Based on these considerations, improvements could
be made to the VTFS system by adapting the ultrasonic frequency based on the desired beam
steering capabilities and spatial resolution for a given application.

6.4 Future perspectives

6.4.1 Hybrid systems
An interesting concept that could potentially improve image-guided focused ultrasound ther-
apy in the future would be the development of hybrid image-guided systems. Several studies
on the development of such systems have already been conducted16–19. The combination
of MR and ultrasound guidance could be achieved by either a stand-alone imaging probe
complementing an MR-guided system, an imaging probe integrated into an MR-guided sys-
tem, or the development of a transducer capable of full dual mode operation. Combining
the possibilities for image guidance from both modalities would result in a system capable
of providing extensive therapy guidance, including reliable thermometry, realtime motion
tracking and compensation, cavitation detection, and acoustic obstruction detection. While
potentially costly, such systems would provide improved therapy guidance and therefore add
to the clinical feasibility of image-guided abdominal focused ultrasound therapy.

6.4.2 Phased arrays with λ/2 inter-element spacing
In order to construct an ultrasonic phased array with full, 2π steradian beam steering capa-
bilities, an inter-element spacing of λ/2 is required. Achieving this inter-element spacing
for aperture sizes and frequencies typical for focused ultrasound applications results in ele-
ment counts on the order of several thousands are required. This introduces several technical
challenges, such as the large number of RF-lines required to connect all of the elements, and
the increased electrical impedance due to the small size of the elements, which makes the
conversion from electrical into acoustical output power highly inefficient. However, recent
studies have found ways to mitigate these complications. The number of required RF-lines
can for example be reduced by combining a limited number of high power RF-lines with an
array of switches that relay each respective element to the RF-line that is closest in phase20.
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Using this method, adequate beam steering was achieved for an array of 128 × 128 elements
using only four RF-lines. A potential solution to the increased electrical impedance of the
elements is to use lateral mode coupling, in which the electrodes that drive the piezoelectric
elements are placed on the element sides instead of their front and back surfaces21, which
increases the electrode surface and decreases the element thickness. Since both of these fac-
tors act to decrease the element impedance, it is possible to tune the impedance by keeping
the acoustic frequency constant and varying the thickness of the piezoelectric material. An
additional advantage of this method is that tuning the electrical impedance of the elements
to the impedance of the driving electronics obviates the necessity for an electrical match-
ing board. Using these technologies, fully steerable flat phased arrays with an aperture of 8
cm, 1024 elements, and a driving frequency of 516 kHz have been developed and shown to
be capable of providing acoustic output powers relevant for therapeutic focused ultrasound
applications22. Future studies will have to show to which degree such a driving frequency
imposes other limitations on treatment scenarios, such as the potential increase in far-field
heating, but initial results on this type of phased array are very promising.

6.4.3 Conclusion
Over the past few decades, substantial progress has been made to meet the challenges hamper-
ing clinical application of abdominal focused ultrasound therapy. With improved transducer
designs, enhanced heating strategies, and developments in the fields of adaptive focusing23

and motion compensation24,25, many of the challenges posed by these abdominal sites such as
beam obstruction by the thoracic cage and the relatively low ablation rate can be overcome26.
However, many of the proposed methods have so far only been investigated in simulation
studies, phantom studies, and animal models. The results obtained in these studies, including
the work described in this dissertation, implicate that focused ultrasound therapy in abdomi-
nal organs such as the liver and the pancreas is becoming clinically feasible. Therefore, it is
now of paramount importance that clinical data is gathered to evaluate the efficacy of these
newly developed techniques and methodologies, so that ultimately the patient can benefit
from them.
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Lever- en alvleesklierkanker vormen een globaal gezondheidsprobleem, dat tot op heden
enkel volledig genezen kan worden door middel van een chirurgische ingreep. Ten tijde
van dit schrijven bestaan er drie curatieve behandelmethoden voor mensen gediagnosticeerd
met leverkanker: chirurgie, levertransplantatie, of een transcutane ablatie van het tumorweef-
sel. Voor patiënten met alvleesklierkanker is een chirurgische ingreep tot op heden de enige
curatieve ingreep. Helaas komt voor beide vormen van kanker slechts zo’n 20% van de
patiënten in aanmerking voor een curatieve behandeloptie. Voor de overige patiënten bestaat
er een variëteit aan behandelingen gericht op verzachting van pijn, verlenging van de lev-
ensduur, en verbetering van de levenskwaliteit. Voorbeelden van dergelijke behandelingen
zijn chemotherapie, radiotherapie, transarteriële embolizatie, en transcutane ablatie van het
tumorweefsel. Een nadeel van zulke behandelmethoden is dat zij allen een zekere mate van
invasiviteit met zich meebrengen, bijvoorbeeld doordat er gebruik gemaakt wordt van cyto-
statica of ionizerende straling, of doordat een instrument door de huid in het lichaam gebracht
dient te worden.

Een relatief nieuwe methode die ingezet kan worden om tumorweefsel te vernietigen
maakt gebruik van gefocust ultrageluid. Een groot voordeel van gefocust ultrageluid ten
opzichte van andere behandelmethoden is dat het volledig niet-invasief is, wat wil zeggen dat
er geen gebruik gemaakt wordt van cytostatica of ionizerende straling en dat er geen instru-
ment door de huid het lichaam in gebracht hoeft te worden. Door golven van ultrageluid,
gegenereerd door een ultrasone transducer, van buitenaf het lichaam in te zenden en deze op
een bepaald punt samen te laten komen kan er lokaal een brandpunt gecreeërd worden. De
aanwezigheid en sterkte van dergelijke ultrasone trillingen kan in en rondom dit brandpunt
een aantal biomechanische effecten teweeg brengen die gebruikt kunnen worden voor ther-
apeutische doeleinden. Het induceren van zulke effecten door golven van ultrageluid wordt
ook wel een sonicatie genoemd. Een voorbeeld van een dergelijk effect als gevolg van een
sonicatie is dat een deel van de energie die door de golven het lichaam ingebracht wordt geab-
sorbeerd wordt, met warmteproductie als gevolg. Als er voldoende energie in het brandpunt
omgezet wordt in warmte, kan dit necrose van het weefsel teweeg brengen. Er bestaat een fy-
sische relatie tussen de vereiste tijdsduur en temperatuur van deze opwarming: hoe hoger de
temperatuur, hoe minder tijd er nodig is om het weefsel tot necrose te brengen, en vice versa.
Een veelgebruikte vuistregel is dat bij temperaturen boven de 65◦C het weefsel instantaan tot
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necrose gebracht wordt. Een ander biomechanisch effect dat geëxploiteerd kan worden om
weefsel tot necrose te brengen maakt gebruik van de vorming van cavitatiebellen ten gevolge
van het aangelegde ultrasone veld. Dit veld induceert namelijk drukverschillen in het weef-
sel, welke bij overschrijding van een zekere ondergrens leiden tot de vorming van kleine
gasbellen. Deze gasbellen kunnen op meerdere manieren gebruikt worden om de necrose van
weefsel teweeg te brengen. Allereerst zorgt de aanwezigheid van cavitatiebellen voor een
efficiëntere opname van de ultrasone energie, doordat de golven meerdere malen reflecteren
tussen de bellen en er dus meer absorptie plaatsvindt. Daarnaast kunnen cavitatiebellen bij
voldoende drukverschillen tot instorting gebracht worden, waarbij zij het weefsel kunnen
eroderen.

Om de behandeling met gefocust ultrageluid zo goed mogelijk te plannen, begeleiden, en
evalueren, wordt er gebruik gemaakt van medische beeldvorming. In de huidige praktijk wor-
den behandelingen met gefocust ultrageluid begeleid door echografie of magnetic resonance
imaging (MRI). Voordelen van echografie zijn dat het relatief goedkoop en handzaam is,
en dat hoge ruimtelijke en temporele resoluties van de beeldvorming behaald kunnen worden
waardoor realtime planning en begeleiding van de behandeling mogelijk is. Ook is echografie
in staat om de formatie van cavitatiebellen te detecteren en (tot op zekere hoogte) in beeld te
brengen, en kan de necrose van het weefsel geëvalueerd worden door een contrastverandering
tussen de beelden van vóór en na de behandeling te bestuderen. Nadelen van echografie zijn
dat er tot op heden geen betrouwbare methoden bestaan die de temperatuursveranderingen in
het weefsel kunnen meten voor temperaturen boven de 50◦C, en dat obstakels zoals de ribben
de beeldvorming van het orgaan kunnen belemmeren. MRI daarentegen is in staat tot zowel
een volledige 3-dimensionale beeldvorming als temperatuurmetingen tijdens de behandeling,
welke gebruikt kunnen worden om de necrose van het weefsel tijdens en na de behandeling
in beeld te brengen. Een nadelige kant van MRI is echter dat het relatief duur is, en dat
de aanwezigheid van het sterke magnetische veld restricties oplegt met betrekking tot andere
apparatuur die eventueel nodig is tijdens de interventie. Daarnaast is MRI gevoeliger voor be-
wegingsartefacten, en is het tot op heden aanzienlijk moeilijker om met MRI cavitatiebellen
te registeren en in beeld te brengen.

Hoewel er al enkele decennia onderzoek gedaan wordt naar de ablatie van tumoren met
behulp van gefocust ultrageluid, wordt deze techniek in de kliniek voor lever- en pancreaskanker
tot op de dag van vandaag maar beperkt toegepast. Eén van de voornaamste redenen hiervoor
is dat voor veel locaties in de lever en de alvleesklier de ultrasone bundel door de ribbenkast
gestuurd moet worden. Deze absorbeert en verstrooit de geluidsgolven, waardoor er niet ge-
noeg energie in het brandpunt terecht komt en er ongewenste schade aan de ribben en de
tussenliggende weefsellagen ontstaat. Een manier om dit te voorkomen is door het deel van
de ultrasone transducer dat op de ribben gericht staat uit te schakelen en een hoger vermogen
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uit te zenden met het resterende deel, maar dit zorgt voor een hogere energie dichtheid in
weefsellagen tussen de ribben en daardoor dus voor een groter risico op complicaties. Een
andere belemmering van de toepassing van gefocust ultrageluid wordt gevormd door de be-
weging van de organen als gevolg van de ademhalingscyclus. Doordat de organen tijdens
het uitzenden van de geluidsgolven continu in beweging zijn wordt een deel van de uitge-
zonden energie op een ongewenste locatie afgeleverd, en komt er te weinig energie in het
doelwit terecht. Er zijn twee methoden om dit probleem te verhelpen. De eerste is om de
ultrasone bundel alleen te activeren op het moment dat het doelwit op een vooraf bepaalde
positie staat, bijvoorbeeld in de rustfase van de ademhalingscyclus. Nadeel van deze methode
is dat hoewel zij technisch makkelijk te implementeren is, zij een aanzienlijke vertraging van
de behandeling als gevolg heeft. Een andere methode is om de bundel in realtime mee te
sturen met het doelwit gedurende de gehele ademhalingscyclus. Ondanks het feit dat zo’n
methode technisch complexer is hebben recente studies aangetoond dat zij uitvoerbaar is met
zowel echografie als MRI. Een derde oorzaak voor de gelimiteerde toepassing van gefocust
ultrageluid, in het bijzonder in de lever, is de hoge mate van perfusie. Deze zorgt voor een
sterke afvoer van de gegenereerde warmte, waardoor het moeilijker is om afdoende hoge
temperaturen te bereiken en de behandeling substantieel vertraagd wordt.

Het werk gepresenteerd in dit proefschrift had als doel om methodologie te ontwikke-
len voor beeldgestuurd gefocust ultrageluid, in het bijzonder voor de behandeling van lever-
en alvleesklierkanker. Deze methodologie richt zich voornamelijk op het probleem van de
obstructie door de ribbenkast, en op het verhogen van de ablatiesnelheid en daarmee het ver-
snellen van de behandeling. Hoofdstuk 1 bestaat uit een introductie van de pathologie, de
bestaande technologie om deze te bestrijden, en de tekortkomingen van de huidige method-
ologie. In Hoofdstuk 2 wordt een nieuwe methode gepresenteerd die gebruikt kan worden
om zowel ribben als andere obstakels in de ultrasone bundel te detecteren met de transducer.
Voordelen van deze methode zijn dat deze werkt in realtime, en dat er geen gebruik gemaakt
hoeft te worden van complexe beeldanalyse-technieken. In principe kan de methode gebruikt
worden om per doelwit in realtime de optimale positie van de transducer voor sonicatie te
bepalen. In Hoofdstuk 3 wordt een nieuwe sonicatie-strategie beschreven die erop gericht is
om de ablatiesnelheid te verhogen. Deze strategie maakt gebruik van de fysieke principes
achter de vorming van schokgolven. Er wordt aangetoond dat de opwarming in de tumor
efficiënter gemaakt kan worden door de ultrasone golven uit te zenden op een hoger ver-
mogen, maar met een lagere arbeidscyclus. Het gevolg hiervan is dat er in het brandpunt
schokgolf-formatie kan optreden, wat zorgt voor een efficiëntere absorptie van de geluidsgol-
ven. Dit effect kan vervolgens worden benut om de sonicatie te versnellen, doordat er minder
tijd nodig is om de tumor boven de temperatuur te brengen die vereist is voor necrose. In
Hoofdstuk 4 wordt een nieuw transducerontwerp gepresenteerd dat, onder bepaalde rand-
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voorwaarden, geoptimaliseerd is voor interventies in het abdomen. Een voordeel van dit
ontwerp is dat de plaatsing van de individuele elementen gebaseerd is op een algebraïsche
formulering, welke gebruikt kan worden om transducerontwerpen te genereren voor elke
gegeven brandpuntsafstand, apertuur, en aantal elementen. Een ander voordeel van het gep-
resenteerde ontwerp is dat het een combinatie van een hoge akoestische druk in het brandpunt
en een lage energiedichtheid buiten het brandpunt induceert. Hierdoor kan de ablatiesnelheid
potentieel verhoogd worden, terwijl het aantal complicaties als gevolg van een te hoge afgifte
van energie buiten het brandpunt gereduceerd kan worden. Daarnaast is constructie van het
nieuwe ontwerp in principe niet duurder dan bestaande ontwerpen. Hoofdstuk 5 bestaat uit
een simulatiestudie waarin het nieuwe transducerontwerp uit Hoofdstuk 4 vergeleken wordt
met bestaande ontwerpen voor sonicaties in de lever, waarbij de golven tussen de ribben door
gestuurd moeten worden. De ontwerpen worden vergeleken op basis van een aantal criteria,
zoals de afgifte van energie op de oppervlakte van de ribben en de energie dichtheid in de
weefsellagen tussen de transducer en het brandpunt. De uitkomst van deze studie was dat
het nieuwe ontwerp een hogere druk in het brandpunt kan genereren dan bestaande ontwer-
pen, terwijl het de energie dichtheid op de ribben en in de tussenliggende weefsellagen juist
verlaagt. Als gevolg hiervan is het nieuwe ontwerp in staat om de snelheid van de ablatie
te verhogen ten opzichte van bestaande ontwerpen. In Hoofdstuk 6 wordt een korte samen-
vatting van het gepresenteerde werk gegeven, alsmede een discussie van potentiële limitaties
en verbeterpunten van de methodologie. Het proefschrift wordt afgesloten met een vooruit-
blik op toekomstige perspectieven voor behandeling van lever- en alvleesklierkanker met
beeldgestuurd gefocust ultrageluid.
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