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Abstract

The development of surgical instruments is a growing area where histotripsy is rel-
atively under represented. This work focuses on the miniaturization of histotripsy
devices for introduction into the neurosurgery, cardiac, and tumor resection fields.
Three devices were developed where the key to miniaturizing was a novel transducer
stack using an elliptical aluminum lens.

A 10mm aperture aluminum lens histotripsy transducer with an f-number of 0.7
was fabricated using an air-backed 5.0MHz, PZT-5A, 1-3 dice-and-fill piezoelectric
composite. A KLM model of the device showed maximum output pressure at 6.8MHz.
Cavitation was observed in water by driving the composite with a single-cycle, 6.8MHz
pulse at a 50Hz PRF and a bubble cloud 264µm long by 124µm wide was measured,
demonstrating the highest frequency histotripsy bubble cloud to date. Co-registered
imaging through the lens center was added by inserting a 30MHz phased array endo-
scope. Ex-vivo sub-surface tissue ablation was also demonstrated.

Two 5mm square aluminum lens histotripsy devices were built with two materi-
als: a 40% volume fraction 1-3 PZT-5A composite and Pz-39, a porous ceramic. The
composite-based device could not cavitate in water up to a 600V drive level, whereas
the Pz39 based device was able to cavitate in water at a drive level of 220V. In vivo
ablation of rat brain tissue was demonstrated through a skull opening while mon-
itoring using an endoscopic 30MHz ultrasound phased-array with B-mode imaging
and power Doppler overlay. Power Doppler showed the ablation zone grew steadily
over 12s. Immediately after treatment the ablated area appeared anechoic, slowly
becoming specular.

The final project focused on developing a 15mm diameter Fresnel-lens device, fill-
ing the lens with epoxy to create a flat aperture to simplify coupling. The Fresnel
lens has a reduced curvature compared to a non-Fresnel lens, allowing integration
of an imaging endoscope without excessive signal loss in the epoxy. The device was
designed for 6MHz, and demonstrated free-field cavitation in water. Hydrophone
measurements showed the optimal drive frequency was 6.0MHz, as designed. The
center element was removed to demonstrate future endoscope integration, and al-
though approximately 40% pressure loss was observed, the device was still capable of
free-field cavitation.
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Sign Description Unit

C0 clamped capacitance F

D dielectric displacement C/m2

Df offset distance between fresnel rings m

E electric field V/m

Nf integer cycles delay in Fresnel lens at frequency, f unitless

S strain m/m

T stress N/m2

ϵ permittivity unitless

tanδe dielectric loss factor unitless

ωp parallel resonance frequency rad/s

ωs series resonance frequency rad/s

Z characteristic acoustic impedance of a composite MRayl

ϵS clamped dielectric constant of a composite unitless

c0 acoustic wave propogation speed in a composite m/s

kt transversely clamped electromechanical coupling

factor for a composite

unitless

c0 acoustic wave propogation speed m/s

d piezoelectric constant

dx distance off-axis in medium x during lens calcula-

tion

m

fp parallel resonance Hz

k2 electromechanical coupling factor unitless

kt transversely clamped electromechanical coupling

factor

unitless

l piezo thickness m

s elastic modulus unitless
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Sign Description Unit

sx distance along focal axis in medium x during lens

calculation

m

vl longitudinal wave speed in lens material m/s

vm longitudinal wave speed in acoustic medium m/s

Q mechanical Quality Factor unitless

BH boiling histotripsy

CUSA Cavitron Ultrasonic Surgical Aspirator

FEM Finite Element Method

FWHM full-width at half maximum

HIFU High-Intensity Focused Ultrasound

KLM Krimholtz, Leedom, and Matthae

MIS minimally invasive surgery

MRI magnetic resonance imaging

TID thermal isoeffect dose



Chapter 1

Introduction

It has been shown for a number of surgical procedures that a minimally invasive

surgery (MIS) approach, when compared to open surgery, can offer improved patient

outcomes including: less blood loss, fewer complications, faster recovery time, and a

reduced chance of infection[1, 2, 3, 4]. These outcomes have led to a surgical trend of

avoiding open surgery in favor of MIS, when possible [5, 6]. To allow more procedures

to be performed as minimally invasive, it is important to develop new tools to add to

a surgeon’s repertoire, with the logical extension being if MIS procedures are good for

patient outcomes, then fully non-invasive procedures should be better still, assuming

the same surgical goal can be achieved.

The development of surgical instruments and equipment is a growing area of in-

terest among businesses and researchers alike. From 2016 to 2025 the global surgical

equipment market is expected to increase from a value of USD 10.5 billion to an

estimated value of USD 20.3 billion in 2025, according to a new report by Grand

View Research, Inc [7]. With this in mind, research into surgical tools could gain

1
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a lot of attention from physicians and medical device companies who wish to be at

the forefront of this technology growth while, additionally, the long-running surgical

trend toward MIS/non-invasive procedures means a large portion of this funding and

research could be aimed toward MIS devices. A relatively new surgical technology

which shows promise as being a disruptive force in MIS/non-invasive treatments is

an ultrasound ablation technique known as histotripsy.

Histotripsy, translated from Greek as ’soft-tissue breakdown’, is a tissue ablation

technique which was first explored in 2004 by Xu et. al. [8] where, at the time,

histotripsy was known under the acronym, CUTE, meaning Controlled Ultrasound

Tissue Erosion. Histotripsy uses high-intensity short duration ultrasound pulses to

cause cavitation in soft-tissue, ablating it and leaving the broken down tissue remains.

Following their publication, the University of Michigan group who published the

aforementioned paper, under the leadership of Professor Charles A. Cain, went on

publish numerous papers on the effects of histotripsy on various tissues, optimization

of histotripsy parameters during tissue ablation, and then began a company to market

histotripsy as a surgical tool. The bulk of work performed on histotripsy so far is with

respect to cancer treatments, specifically tumor ablation, with some work additionally

focused on thrombolysis. For all of their work so far, the University of Michigan

Histotripsy group has used extracorporeal histotripsy transducers, similar to that

shown in Figure 1.1 where this particular device was used to ablate renal tissue in a
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rabbit model [9].

Theses transducers transmit acoustic energy through the skin, into the body caus-

ing ablation at a focal point. No incision in the body is needed for many histotripsy

treatments, making them fully non-invasive. The particular device shown in Figure

1.1 has a co-registered 2.5 MHz imaging probe to monitor the ablation in real-time.

A review on histotripsy literature will be performed in Chapters 2 and 3, however,

for now it should be noted that using large, extracorporeal transducers, histotripsy

treatments cannot be easily performed adjacent to bone or near organs such as the

lung or colon where there are pockets of gas. When this work began, there were

no trans-cranial histotripsy devices so the only surgical ultrasound-based option for

resection was the cavitational aspirator - a tool with a rapidly oscillating ablation tip

which causes tissue destruction through direct contact. The project goal was, and

still is, to provide a neurosurgical alternative to these aspirators. As of now trans-

cranial devices exist in a research capacity, however, there are still some difficulties in

treating the brain as the skull attenuates and reflects the extracorporeal histotripsy

pulses limiting the usable frequencies and therefore ablation size, while imaging feed-

back remains limited to MRI-guidance without a partial craniotomy, also due to the

acoustic properties of the skull. The current state of histotripsy neurosurgical appli-

cations leaves a great deal of room for researchers to explore, ranging from new device

development to histological and neurological effects on the tissue itself, especially as
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Imaging Array

Annular Phased 
Array Histotripsy

Transducer

Figure 1.1: A 145 mm aperture, annular phased array histotripsy transducer with a
central hole for a co-registered imaging array, as used by Roberts et. al. [9]. and
presented with permission by Wolters Kluwer Health, Inc. and Copyright Clearance
Center.

the benefits of histotripsy to neurosurgery include: ability to target and ablate a

volume without damaging intervening tissues, non-thermal damage to surrounding

tissue, real-time guidance if co-registered ultrasound imaging through the skull were

possible, and synergy with immunotherapy treatments. With all of the above in mind

this leads to the problem statement of my thesis.

1.1 Problem Statement

The current gold standard for neurosurgery is the partial craniotomy, where surgeons

remove a small piece of the skull near the target site and perform resections or incisions
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using optical feedback, guided by pre-operative MRI images which only provide an

idea of where treatments need to take place. The tools used tend to be small to

minimize damage to the brain and can allow access down the sulci if needed, so it

is hypothesized that if a small, hand-held endoscopic histotripsy tool existed with

the ability to image and ablate at depth without damaging the intervening tissue,

surgeons may use it.

Histotripsy cannot easily be performed transcranially using the current genera-

tion of extracorporeal transducers because, as mentioned above, the skull blocks and

reflects a large amount of acoustic energy. Lu et. al. [10] has performed pre-operative

magnetic resonance imaging (MRI)-guided histotripsy ablation in a pig brain through

an excised human skull although mean targeting accuracy was 2.3 mm between tar-

geted ablation and actual ablation. Tumor ablation within the brain can also be

performed using High-Intensity Focused Ultrasound (HIFU) with MRI guidance

where this is done by monitoring small temperature increases near the HIFU focus

to guide the treatment and then increasing power once the focus is as desired [11].

For histotripsy, this MRI guiding technique cannot be used directly as histotripsy is

an on-off ablation technique and therefore could not be slowly ramped up find focus.

One caveat is that MRI can detect a temperature increase, so focus may be gained

through creation of a small local temperature increase prior to histotripsy ablation.

These current trans-cranial devices are relatively low frequency (<1 MHz) and so
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there are fundamental limitations in the achievable precision, especially without real-

time feedback. As was mentioned, currently surgeons use optical feedback to guide

their work; however, this is limited to only the tissue surface and can lead to inciden-

tal damage to sub-surface arteries while also requiring electrical stimulation checks

for nerve detection. With histotripsy ablating tissue below the surface, a real-time,

high precision imaging modality is needed to avoid these potential pitfalls.

Our lab has developed an endoscopic form factor ultrasound probe capable of

imaging sub-surface tissue which would be ideal for these neurosurgeries [12] and,

additionally, we have developed the supporting electronics [13] to image with these

probes. This solves the problem of imaging tissue sub-surface, so, if we could package

this imaging probe together with an endoscopic form-factor histotripsy device we can

then provide surgeons with a tool or tools which could change the way neurosurgery

is performed. Currently, an endoscopic form factor histotripsy tool does not exist,

and there will be challenges associated with combining both an imaging and ablation

probe into a single, small device, so preliminary work in the development of such a

tool will be broken down into tasks outlined in the following section.

So, overall it is believed that a device which can provide high-quality real-time

imaging feedback while also being capable of precision ablation for sensitive areas of

the brain, all under the umbrella of treating cancer through tumor ablation could be

a disruptive technology within the field, displacing many of the current treatment
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devices.

1.2 Research Objective

The goal of my PhD was to build up a base of work which could eventually lead to the

development of a tool, integrating both a histotripsy transducer and a high-frequency

ultrasound imaging array into a single co-registered device, allowing surgeons to both

image and ablate tissue on a very fine scale. For a tool measuring 5 mm x 5 mm

or smaller, the target would be endoscopic neurosurgery, cardiac surgery, pancreatic

surgery, and potentially thrombolysis, but there is also great potential in pre-clinical

small animal research for a somewhat larger device that is capable of high precision

targeting and ablating anywhere in an animal model without the need for a water

bath for coupling. The overall task of developing both a small endoscopic device and

a small-animal device can be broken down as follows:

1. Develop a 10 mm aperture co-registered histotripsy transducer: This task, out-

lined in detail in Chapter 4 was the development of a 10 mm aperture histotripsy

transducer that could be co-registered with our current generation of imaging

endoscope. Included are simulations, steps for transducer fabrication, and test-

ing on tissue. At the time of publication, this was the smallest histotripsy device

to exist.

2. Develop a 5 mm aperture histotripsy transducer, without co-registered imaging:
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This task, outlined in detail in Chapter 5, was to create a histotripsy device the

size of an endoscope or surgical aspirator, capable of performing tissue ablation.

3. Develop a hand-held small-animal histotripsy device using what was learned

in Tasks 1 and 2. This task, outlined in detail in Chapter 6, is to build upon

the knowledge from tasks 1 and 2 and to use a Fresnel lens to remove the

deep lens curvature needed for a larger device, developing a useful flat-aperture

device, capable of co-registered imaging and ablation in small animal models.

This would allow researchers to easily expand upon existing work on the in-

vivo effects of histotripsy. It is believed that this device could allow researchers

to rapidly expand into the histotripsy field by reducing the cost-barrier on

transducers.

Each of the above tasks combined are the bulk of this PhD thesis work. In

Chapter 2, a background review on the current state of ablative treatments and

therapeutic ultrasound is performed, with discussion focusing on method of action,

tumor ablation, and cancer treatment modalities. Chapter 3 provides background

information in ultrasound transducer fabrication. In Chapter 4, the work to develop

a 10 mm co-registered histotripsy transducer is presented with simulations, fabrication

steps, and experimental results of tissue ablation. In Chapter 5, the development of

a 5 mm square aperture device is presented, again, with steps for fabrication and



9

experimental results. Chapter 6 presents simulations and fabrication steps in the

development of a Fresnel-based small animal device. Finally, Chapter 7 summarizes

the results, how they contributed to the field of histotripsy device development, and

what future directions should be explored.



Chapter 2

Therapeutic Ultrasound and Cancer Treatments

Given the ultrasound devices developed in this work are being targeted in cancer

treatment and research, this section provides cancer and therapeutic ultrasound back-

ground within that scope.

Cancer is one of the leading causes of death world-wide, where, in the United States

in 2017, cancer was reportedly the second leading cause of death (approx. 600,000

total) behind only heart disease (approx. 650,000 total)[14]. The key to successfully

treating any cancer is early detection, where in many common cancers if found prior

to growth into nearby tissue, the treatment methodology is almost always surgical

or potentially combined with chemotherapy[15]. However, surgical treatments do

not come in a one-size-fits-all package and the consensus of what treatment is best

constantly changes as new technology is developed, and can vary depending on tumor

location, size, as well as patient health.

In the liver, for example, surgical tumor treatment options in the past involved

open-surgery for either resection or full transplant, and were limited to tumors which

10
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had not spread. In the early 1990’s, ultrasound-guided radio-frequency (RF) ablation

was commercialized for liver treatment as was percutaneous microwave hyperthermia,

allowing surgeons to use less invasive methods to treat smaller tumors or tumors

which could not easily be resected due to blood supply proximity [16]. RF ablation

is now accepted as a curative treatment in some parts of the world for very early

stage tumors [17]. More recently, surgeons in general have started to move toward

performing laparoscopic/non-invasive surgeries due to their inherently reduced risk,

the benefits of which include: reduction in blood loss, fewer complications, faster

recovery time, and a reduced chance of infection [2, 3, 4, 18, 19, 20, 1]. This shift

toward minimally invasive treatments has resulted in a push to research minimally

invasive techniques [5, 6], many of which are ultrasound-based, for fully non-invasive

cancer treatments. The use of ultrasound-based surgical tools is not a new concept

as ultrasound has been used in surgical applications since 1978 when the Cavitron

Ultrasonic Surgical Aspirator (CUSA) was introduced as a neurosurgery tool [21].

The CUSA, an ablation device which uses a rapidly oscillating tip to break-up

tissue on direct contact - acting essentially as an ’ultrasonic jackhammer’, was quickly

taken up in general surgery where, for example in the early 1980’s, Hodgson [22]

was able to effectively and rapidly de-bulk rectal and liver tumors. The CUSA has

since been further used in additional liver resections [23, 24] as well as renal surgery

[25]. Note, that these early surgeries were performed on soft-tissue, but the modern
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iteration of the CUSA is also capable of ablating dense, calcified tissue and even

bone [26]. Although widely used in surgical applications, the CUSA is limited to

targeting areas the surgeon can see and physically reach. Another ultrasound-based

technique, commonly know as high-intensity focused ultrasound, or HIFU, offers a

fully non-contact ultrasound-based ablation technique allowing treatments to take

place without tissue resection.

HIFU, typically used in reference to ultrasonic thermal ablation, was not seri-

ously considered for clinical usage until precise dosage monitoring and targeting was

made possible, as HIFU uses a focused ultrasound transducer to cause tissue necrosis

through sustained ultrasound absorption. The result is cell hyperthermia, typically a

few mm within the focal zone [11], and surgeons needed accurate targeting to avoid

collateral damage as much as possible while ensuring the specific tissue was suc-

cessfully ablated. High precision monitoring came from combining HIFU with mag-

netic resonance imaging, often abbreviated as MRgHIFU (magnetic-resonance guided

HIFU), which could be used to monitor treatment anywhere in the body. Ultrasound

monitoring could also be used in areas, such as the prostate, where the presence of

cavitation or vapor bubbles when tissue temperature is raised to boiling levels [27]

are clearly visible in a B-mode image. More recently, it has been shown possible

to correlate ultrasound B-mode brightness measurements with temperature increase

[28]. HIFU has been used to treat tumors in the prostate, breast and liver, among
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other organs with, in many cases, reported successes in tumor reduction and/or pain

relief [29]. It has also been used transcranially to treat tumors such as glioblastoma

multiforme (GBM), essential tremor, and tremor caused by Parkinsons disease [30].

HIFU treatments leave the tissue intact, but dead through coagulation necrosis. In

cases where it is critical to avoid thermal damage a non-thermal version of HIFU,

sometimes called cavitational-HIFU, cHIFU or more commonly, histotripsy, is an al-

ternative ultrasound tumor treatment method which relies on cavitation to break-up

and liquify tissue.

Histotripsy, a tissue ablation technique which was first explored in 2004 by Xu

et. al. [8], uses very high-intensity short duration ultrasound pulses to cause cav-

itation in soft-tissue, ablating it and leaving the broken-down tissue remains. This

differs from thermal-HIFU which causes cell death through coagulation necrosis. His-

totripsy causes tissue fractionation through short, powerful cavitation-inducing ul-

trasound bursts where the destruction is caused by cavitation bubbles collapsing [31]

and inducing large internal shear loads in the tissue. Histotripsy has had a number

of published animals trials reporting on the efficacy of treating ailments such as be-

nign prostatic hyperplasia in a canine model [32, 33], hepatocellular carcinoma on a

porcine model [34], and thrombolysis in a porcine model [35]. Additionally, recent

work has been reported on neural treatments in a porcine model [36] with the goal of
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eventually treating blood clots as well as brain tumors. Another similar ultrasound-

based ablation technique that also uses cavitation, but with reduced power, longer

duration pulses, is boiling histotripsy.

Boiling histotripsy, similar to histotripsy, breaks up tissue through mechanical

fractionation. However, the initiation of the cavitation event occurs due to rapid,

on the order of milliseconds, boiling of the target tissue due to non-linear absorption

of ultrasound. The result of this boiling is a vapor cavity that expands quickly and

further interacts with impinging acoustic waves to create acoustic micro-fountains

which cause water to rapidly jet away, destroying the surrounding tissue. Similar

to histotripsy, this effect, when controlled effectively, is non-thermal and does not

damage surrounding tissue[37, 38]. Boiling histotripsy is a more recent development

compared to HIFU and histotripsy, so at this time experimental work seems to be

limited to ex-vivo experiments such as those on bovine heart and liver[39] for le-

sion measurements, murine tumor models [40, 41], and a preliminary in-vivo healthy

porcine model for testing liver and kidney ablation [42].

As a visual comparison of tissue effects between HIFU, a more aggressive HIFU

where the tissue reached boiling, and histotripsy, observe the three lesions in Figure

2.1. The first, labeled a shows a thermal lesion (small white area) which would be

representative of a HIFU treatment where the tissue remains intact, however the cells

in the targeted volume would have gone through some kind of necrosis leading to
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death [43]. This type of treatment, in Figure 2.1a, would require accurate dosimetry

or MRI assistance to create consistent ablation regions and avoid collateral damage.

The second image, Figure 2.1b, shows what could happen in a HIFU style treatment

at higher acoustic intensities, where uncontrolled boiling has been induced at the

focus leading to thermal lesions with a vaporized core. This boiling induced ablation

could be visualized with ultrasound imaging as the boiling would be clearly visible

in a standard B-mode ultrasound imaging modality, or with MRI to determine the

thermal effects to surrounding tissue. Figure 2.1c shows the effects of a mechanical

fractionation, caused by either histotripsy or boiling histotripsy, where tissue is clearly

missing but no visual indication of thermal damage such as discoloration surrounding

the ablation site exists.

a b c

Figure 2.1: (a) A purely thermal lesion with tissue damaged but intact, (b) a thermal
lesion with boiling induced showing missing tissue and visible damage to surrounding
tissue, (c) a mechanical tissue lesion (boiling or cavitational histotripsy) with no
visible evidence of surrounding tissue damage. Image take from Khokhlova et. al.
[43]. See Appendix A for Copyright.

As an alternative to tissue ablation, ultrasound assisted chemotherapy drug de-

livery using microbubbles has been explored as a way to deliver drugs to specific

tumor locations more effectively. Originally designed as a contrast agent to improve
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ultrasound imaging, microbubbles, under sufficient ultrasound intensity, were found

to also disrupt the surrounding vasculature allowing pharmaceuticals to enter more

readily at the insonified location [44]. The microbubbles themselves can either have

the drug incorporated into their design, releasing it at their target location when tar-

geted with ultrasound, or the bubbles can be injected along-side the drug of interest,

assisting uptake of the drug by opening pores in the nearby cell walls [45] or opening

the junctions between cells for a short time [46].

A common area of research for microbubbles in cancer treatment is opening of

the blood-brain barrier, which is known to be relatively impermeable to standard

dosages of chemotherapy treatments, and allowing delivery of anti-cancer drugs such

as doxorubicin (DOX) and bis-chloroethylnitrosourea (BCNU) more effectively to tu-

mor sites in the brain [47]. Efficacy of DOX delivery has also been improved in a

mouse liver model through the destruction of microbubbles bound to hepatic tumor

blood vessel walls [48] allowing the drug to enter surrounding tissue. Additionally,

microbubbles have been associated with an increased efficacy of HIFU liver ablation

treatments in rabbit models which the authors attributed to either additional heat-

ing due to US absorption of the bubbles, or cavitation damage due to microbubble

implosion [49], as well as improved outcomes for treatment of pancreatic cancer with

gemcitabine[50].

Given that each of the above mentioned ultrasound-based techniques have been
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used in a variety of cancer treatments on tumor types in both animal models and

human clinical trials, it is important to more closely examine the method of action

for each treatment, its effect on surrounding tissue, and its targetability to gain a

better understanding of when each should be used. In the following section, each

treatment technique will be functionally explained in detail, its limitations provided,

and a comparison given between each other technique to better understand when and

where each may be used.

2.1 Ultrasonic Surgical Aspirator

Ultrasonic surgical aspirators such as the Sonopet (Stryker Corporation, Kalama-

zoo, MI, USA) or CUSA (Integra LifeSciences Corporation, Princeton NJ, USA), are

contact-based mechanical ablation tools with adjustable power and frequency to con-

trol how aggressively tissue is removed. The CUSA works by driving an electric coil

within the handpiece with a user variable amplitude alternating current at 23 kHz

or 36 kHz, depending on the handpiece used, which in turn induces an oscillating

magnetic field. The transducer, a nickel laminate alloy, couples with the magnetic

field, oscillating at controllable amplitudes up to 355 µm in the CUSA Excel . This

oscillating transducer connects directly to the surgical tip of the device, where vibra-

tion of the tip is the mechanism through which fragmentation occurs. Multiple tips
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are available for various applications. Irrigation fluid flows down around the trans-

ducer tip, providing both cooling to the tip and a constant flow of fluid to remove

fragmented tissue. [51]

The two frequencies of CUSA (23 and 36 kHz) offer differing levels of ablation,

where the 23 kHz device is typically used for fragmenting tougher, fibrous, or calcified

material, the 36 kHz handpiece is meant for precision operations requiring a more tac-

tile approach. Adjustment of the tip oscillation amplitude provides additional levels

of precision when attempting to avoid damage to surrounding tissue or vasculature.

In cancer treatments, typically, the CUSA is used for rapid debulking of tumors

or separation of healthy tissue from cancerous. However, one of the CUSAs major

benefits is also a limitation - rapid debulking means extra caution must be kept near,

arteries and vasculature as the CUSA can easily damage these, and lacks the ability

to then cauterize as it is or after cutting [52]. Due to this lack of specificity, tumors

that have grown near to, or around, major blood vessels in the liver can make a tumor

inoperable using the CUSA or mechanical resection alone[53]. Additionally, quoted

from the work of Brotchi[54], ”It must also be remembered that the CUSA does

not distinguish between tumor and spinal cord, only the surgeon does.” The CUSA,

lacking any form of advanced imaging feedback, relies on the surgeon to visually

distinguish healthy tissue from sick. Finally, the CUSA must sometimes cut through

healthy tissue to get to cancerous tissue. In a liver, colon, or other more robust tissue
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this may not be a problem, however, cutting into healthy brain tissue to reach a

tumor can leave a patient with cognitive or physical deficits.

2.2 High-Intensity Focused Ultrasound (HIFU)

HIFU is a transdermal ablation technique delivering large amounts of acoustic energy

to a focal point where the temperature increase due to acoustic absorption causes

hyperthermic tissue necrosis. As shown in Figure 2.2, volumes are commonly ablated

in two ways: a single, large HIFU transducer as shown in diagrams a and b can

be translated leaving an array of tissue lesions, or using a phased array as seen in

Figure 2.2c, made up of multiple smaller transducers, which can be phase delayed

with respect to each other to steer the acoustic focus. In both cases, delivery of a

thermal dose to a volume is measured in thermal isoeffect dose (TID).

TID is the time required to hold a volume at a fixed temperature to cause cell

necrosis. TID is typically expressed in reference to 43 degrees Celsius which, clinically,

is considered to have been a successful thermal ablation after 240 minutes, although

this is tissue dependent and can reach as low as 20-30 minutes. For temperatures

other than 43 degrees Celsius, the relationship

t43 = RT−43∆t
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Figure 2.2: (a) To ablate a large area, HIFU devices can be translated to create
a lesion of arrays or, (b) a phased array can be used to steer the beam to ablate
while holding the transducer fixed in place. Images taken from the book Therapeutic
Ultrasound [55]. See Appendix A for copyright.

where t43 is the TID value, R is a constant, R = 2, when temperatures are above

43 degrees Celsius and 4 ≤ R ≤ 6 below 42 degrees Celsius, and ∆t is the time over

which the temperature is held at T [56]. At 50 degrees Celsius, for example, to achieve

a TID of 240, the equivalent time is 1 minutes, 52 seconds. For tissues elevated to 60

degrees Celsius, less than one (1) second will generally lead to cell death [11]. The

TID for Chinese hamster ovary cells over a range of temperatures was reported in a

publication by Dewey [56], where it was shown that even for the small temperature

difference from 42 to 44 degrees Celsius cell survival rates can range from a 90%

survival rate to less than 1% at a 50 minute exposure.

The wide range of cell survival rates in such a small temperature range illustrates

how important temperature monitoring of HIFU treatments is, especially in regions
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like the brain where collateral damage could lead to significant neurological or motor

deficits, and insufficient ablation could lead to relapse. Additionally, avoiding over-

heating which is commonly associated with cavitation or boiling is important since

these events can be unpredictable if not controlled, and relatively large gas volumes

generated through boiling could act to shadow deeper regions from thermal treat-

ment. Areas near to large blood vessels have also been shown to be more difficult

to treat with HIFU, due to the heatsink effect of flowing blood in the vessel itself

[57, 58] suggesting it is more difficult to reach the desired TID, although, for short

high-energy treatments the heatsink effect is minimal [59]. For smaller vessels, re-

search shows HIFU treatments can damage vessels less than 2 mm in diameter [60]

and, in fact, Ichihara et. al. purposefully used HIFU to induce arterial occlusion in

a rabbit model [61].

Location of ablation can be of concern near organ walls where there is potential for

collateral damage to adjacent organs when treating tumor sites on the organ periphery

[62], or unintended damage to the targeted organ from reflections if treating adjacent

to a strong reflector. It is also of note that liver and spleen treatments are sometimes

limited due to the rib-cage blocking HIFU, causing rib heating, although this can be

solved by avoiding the rib using a phased array transducer and disabling elements with

direct line-of-sight between transducer and tumor. When the targeted treatment is

within the skull there is unfortunately no way to non-invasively avoid treating through
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bone without removing it.

HIFU treatments for GBM were successfully performed through a craniectomy

hole as early as 2006 [63], but, it was not until 2014 that transcranial HIFU treat-

ment on a centrally located glioblastoma was first successfully reported [64] using

the Insightec ExAblate Neuro, a commercially available system. Prior to this an at-

tempt was made [65] using an earlier model system (Insightec ExAblate 3000) which

was incapable of reaching temperature above 55 degrees Celsius, the temperature

reportedly required to cause coagulation necrosis [66]. Coagulation necrosis may be

preferred as the necrotised tissue remains solid and typically well targeted, whereas

below 55 degrees Celsius cells may be more apoptotic, where cells continue to be

liquid filled membranes, possibly leading to misshapen ablation sites and cavitation

events[67]. Additionally, margins may be larger with lower temperature HIFU as the

effects of apoptotic cell death may be delayed[68]. The authors in both transcranial

treatment papers admit that glioblastoma multiform is not the ideal candidate for

transcranial MRgHIFU due to the dendritic nature of the tumor, and suggest their

treatments would be better suited to inoperable metastatic tumors or other tumors

with well-defined margins, or benign tumors. They were also limited to centrally

located tumors due to the skull limiting the ability to focus peripherally.
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2.3 Histotripsy and Boiling Histotripsy

Both histotripsy and boiling histotripsy are mechanical ablation methods with the

mechanism of ablation initialization being different for each. Figure 2.3 shows how the

pulse sequences for regular and boiling histotripsy differ. Histotripsy (non-boiling)

has two methods of action: intrinsic threshold and shock-scatter histotripsy. Intrinsic

threshold histotripsy relies on the peak-negative pressure (labelled p− in Figure 2.3A)

generated by the transducer going below the pressure threshold (intrinsic threshold)

required in the specific medium or tissue to cause a cavitation event. The number of

ultrasound cycles in a pulse is only one or two, lasting in the range of microseconds as

is shown in Figure 2.3B, and the pulses are spaced milliseconds up to seconds apart

for generation of cavitation. The pressure thresholds that need to be reached vary

between tissue types and differ based on pulse rate[69]. At a 1000 Hz histotripsy pulse

rate, for example, the intrinsic threshold range is from 13 MPa in fatty tissue to up

to 27 MPa in cartilage and has some correlation to the tissue stiffness. Shock-scatter

histotripsy, instead of relying on the ultrasound waveform pressure going below the

intrinsic threshold in one or two cycles directly, requires that the waveform reflects

off of entrained gas bubbles, inverting pressure amplitude in the process, and then

constructively interfering with incoming waves to pass the intrinsic threshold. A

schematic of shock scatter histotripsy is shown in Figure 2.4.
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In Figure 2.4a a shock front is approaching a gas bubble (top) and the pressure

is plotted on the bottom. As the shock front passes the bubble in (b), the bubble

oscillates in size and the shockwave reflects backward, inverting in amplitude, which

is seen in the pressure plot where a strong negative pressure spike appears. This

negative pressure spike now passes the intrinsic threshold for water and, in Figure

2.4c, we can see initial bubbles forming in the upper image. This process is now

sustained so long as shock waves continue to impinge on the bubble cloud, reflecting

and generating new bubbles.

cavitation

1-20 µs 1-20 ms

Cavitation-Cloud Histotripsy
(B)

(A)

One cycle of 
the focal 
waveform

(C)

1-20 ms

1-2 s

boiling boiling

Boiling Histotripsy

Figure 2.3: (A) A typical asymmetric waveform due to strong nonlinear acoustic
behaviour (B) For cavitation cloud histotripsy (intrinsic threshold) one or two cycles
reach sufficient negative pressure to cause cavitation (C) Boiling histotripsy uses less
intense non-linear pulses over a longer period, relying on rapid heating to quickly boil
and cause cavitation. Figure reproduced based on work by Khoklova et. al. [37].

To perform shock-scatter histotripsy, multiple cycles of ultrasound are used (usu-

ally between 2 and 10), as the first few cycles will help release and expand entrained

gas bubbles in the medium, resulting in larger reflectors that the following cycles

can interact with and reflect from, inverting their pressure amplitude and reaching
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the intrinsic threshold. Shock scatter histotripsy can be achieved when a device is

capable of generating positive pressures greater than the magnitude of the intrinsic

threshold but negative pressures which do not reach the intrinsic level.

Figure 2.4: A shock front impinges on a gas bubble (1), reflecting and inverting the
pressure waveform (2 and 3) which leads to the inverted pressure passing the intrinsic
threshold and generating multiple smaller cavitation events (4). Used with permission
from [71]. See Appendix A for Copyright.

Boiling histotripsy, at the beginning, looks very much like HIFU. A long train

of ultrasonic pulses, seen in Figure 2.3C are delivered to a focal point, raising the

temperature. However, the pulse train becomes strongly nonlinear at the center of

the focal zone leading to rapid heating and boiling. This process, shown in Figure

2.5, generates a vapor cavity as the focal center raises temperature above 100 degrees

Celsius. Once a cavity is formed, it rapidly expands and subsequent ultrasound cycles

strike it, causing an acoustic-microfountain within the cavity which mechanically

fractionates the tissue surrounding the cavity before it collapses. The idea is that the

insonification time period is short, on the order of milliseconds, and the fractionation
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occurs much faster than local heating effects can damage the tissue, while additionally

the fractionation encompasses a volume greater than that where thermal damage may

have started.

Figure 2.5: Focused ultrasound heats a region of tissue, and at the focal center,
nonlinear heating leads to rapid temperature increase and a vapor cavity forming at
boiling. This vapor cavity expands, providing a reflector for follow-up acoustic waves
to generate an acoustic fountain effect, leading to mechanical ablation of tissue in
and around the vapor cavity. [38]. See Appendix A for Copyright Permission.

The controllability of intrinsic threshold histotripsy ablation volume is high, as the

ablated volume is limited to where pressure is increased above the intrinsic threshold

only, with zero cavitation in the surrounding area. A single pulse is not sufficient

to ablate an entire volume, however, so some amount of dwell time is necessary to

induce multiple cavitation events to fully ablate the volume[70].

Figure 2.6g-l shows the size of an intrinsic threshold ablation slice as pressure

increases. The cavitation events are limited to the volume above the intrinsic thresh-

old. Shock-scatter histotripsy ablation volume still depends on pressure amplitude,

however, the extent of the volume is strongly affected by the number of ultrasound
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cycles used per pulse [71] as demonstrated in the high-speed camera images presented

in Figures 2.6a-e. Figure 2.6a shows the multi-cycle pressure wave progressing with

a number of small bubbles visible, but no cloud initiation. The image in Figure 2.6b

captures bubble cloud initiation, where a reflected wave reached instrinic levels, and

additional cycles impinging on the cloud successively extend the length of the cloud

in images c and d, with the final cloud shown in Figure 2.6e. Each additional cycle

grows the cavitation region further toward the ultrasound transducer until, eventu-

ally, the cloud itself self-terminates as it blocks further acoustic energy from reaching

the initial cavitation events, limiting the maximum extent of the ablation volume.

Both histotripsy and boiling histotripsy have been shown to cause reduced damage

to vasculature as the vessel size increases [42, 34], typically destroying vessels mea-

suring below 100 µm and causing no measurable damage to vessels above 300 µm.

Additionally, non-boiling histotripsy requires no heating to initiate and is therefore

relatively immune to heatsink effects of the local environment. It is unclear if boil-

ing histotripsy, which relies on initial tissue heating, is affected by local heatsinking.

All forms of histotripsy are visible on standard ultrasound imaging, as the cavita-

tion events are highly echogenic, so once cavitation begins the targetability is high.

However, it is not always possible to perfectly predict the initial location of ablation

until cavitation is initiated, especially deep in tissue where layers of fat and bone may

change the focus and reduce focal pressure[42].
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a

b

c

d

e

Figure 2.6: (a-e) The progression of cavitation events due to shock-scattering is shown,
where cycles impinging on a previous bubble cloud add to the growth. (g-l) As
pressure increases, the volume of cavitation events also increases, but is strictly limited
to the volume above the intrinsic threshold. [71, 70]. See Appendix A for Copyright
Permission.

It should be noted that, for cavitational histotripsy, it is well documented that

the cavitation threshold varies based on tissue type and seems to be correlated with

stiffness, leading to difficulties in ablating tendon and cartilaginous tissues[69]. It is

unclear if this same limitation exists for boiling histotripsy, given the cloud initial-

ization mechanism is not the same. Both forms of histotripsy are limited near tissue

such as lung or bowel, as these contain gas-filled cavities and are difficult to either

target, or maintain a predictable ultrasound field.
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2.4 Microbubbles: Therapeutic Delivery and Ablation Assistance

Microbubbles and their uses warrant discussion as they are currently an active area

of study for treatment of brain tumors. Microbubbles themselves are either a lipid,

or protein based shells measuring one to seven micrometers in diameter surrounding

a gas. The gas is typically fluorine-based to remain inert and relatively water in-

soluble[72]. Often used to enhance ultrasound imaging or improve resolution, in

relation to cancer treatments, however, microbubble oscillation has been found to

improve vascular permeability and improve extravasation of cancer therapies[55].

In the brain, the method of action is thought to be the disruption of endothelial

tight junctions in microvasculature[73, 46], increasing vesicular transport, as well as

alteration of endothelial cell membrane proteins[74]. Microbubbles in the brain are

insonified to reach oscillation without destruction, a regime called stable cavitation.

Bubble destruction is avoided as it is more likely to lead to endothelial cell damage and

extended, or potentially permanent blood-brain barrier opening. A diagram outlining

the opening of the blood-brain barrier is shown in Figure 2.7, where microbubbles

roughly the size of the vasculature are insonified, expanding and contracting the vessel

wall and allowing smaller molecules access to the extravasal space. The blood brain

barrier remains open on the order of hours, depending on the vessel size, level of

insonification, and microbubble size used.



30

Figure 2.7: As microbubbles pass through comparable sized vasculature, ultrasound
insonification causes them to expand and contract, separating cells and opening the
tight junctions between them. Used with permission from [55]. See Appendix A for
Copyright.

The pressure window to maintain bubbles in the stable cavitation regime is small,

where, Choi et. al.[75] reported for a range of custom microbubble sizes from 1-

5µm, a pressure of 0.15 MPa was insufficient to open the blood-brain barrier, while

pressures of 0.45 MPa and 0.61 MPa were shown to clearly open the blood-brain

barrier. Higher pressures were avoided as to not destroy microbubbles. Monitoring

of acoustic feedback from the oscillating microbubbles allows detecting of cavitation

levels, which can ensure bubbles remain in the stable state[76].

Outside of the brain, it is less important to maintain a stable cavitation state and,

in fact, many treatments involve destruction of the microbubbles to open tissue access

to the blood supply, allowing entry of therapeutics. Although the method of action is

not entirely clear, it is expected to be a combination of sonoporation, puncturing of

the cell wall during bubble collapse, and stretching/collapsing of the tight junctions

during bubble oscillation. Figure 2.8 shows the introduction of microbubbles, either
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co-injected with a drug, combined with a drug, or modified to target and bind to

specific sites in the body, injected into the blood. The first two images of a bubble

growing and shrinking show separation of the tight junctions, similar to that seen in

BBB opening. The third image, involving liquid jetting, directly damages cells. The

targeted microbubbles are of particular interest as some have been modified to bind

to targets in rapidly vascularizing tissue, which is common for tumors, such as VEGF

receptors and integrins and have been successfully tested for binding in animal tumor

models (breast, pancreatic,glioma, and ovarian tumors) as well as successful targeting

in some clinical trials for prostate, ovarian and breast cancer[77].

Figure 2.8: Microbubbles can be co-injected with a therapeutic, or the therapeutic
can be part of the bubble shell. When injected and insonified, the bubble can allow
the drug to pass between the endothelial cells, or liquid jetting upon bubble collapse
can break through endothelial cells, allowing the therapeutic (and blood) to enter the
extravascular space. Used with permission from [78]. See Appendix A for Copyright.
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A summary of microbubble treatments in combination with drug delivery of var-

ious murine tumors (brain, liver, breast, pancreatic and melanoma) is provided by

Chowdhury et. al.[78] where researchers report effects including tumor growth sup-

pression, tumor shrinkage, drug delivery efficacy increasing by two-fold to twelve-fold,

and reduced drug accumulation in non-targeted tissue.

Histotripsy Small Animal Models: Mouse and Rat

The mouse model is the most widely used organism for studying disease in humans

[79]; however, when it comes to histotripsy there are relatively few rodent studies.

Hoogenboom et. al.[40] in 2017 performed 3 MHz ablation boiling histotripsy studies

on hepatic tissue in a mouse model which resulted in 1.8 mm to 7.5 mm longitudinal

length lesions, where lesion size varied based on the type of tumor treated. Vlaisavl-

jevich et. al. [80] performed murine hepatic tissue ablation in 2016 using histotripsy

at 1 MHz, where a 4 mm by 4 mm grid was ablated with a spacing of 0.5 mm between

treatments in the grid. Using the Eker rat model, Schade et. al. [41] in 2019 used a

1.5 MHz transducer with a -6 dB level of 7.5 mm by 0.8 mm by 0.8 mm to remove

a renal tumor with boiling histotripsy. A longitudinal survival study treating murine

hepatic carcinoma by Worlikar et. al. in 2020 [81] found full ablation of tumors

using a 1 MHz small-animal histotripsy transducer had no recurrence (n = 9) and

five out of six cohorts with a partial ablation had no recurrence. Qu et. al. [82],
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using the same transducer as Worlikar et. al., also in 2020, found mice inoculated in

the flank with melanoma or hepatocellular carcinoma showed a drastically increased

immune response when the tumor was partially ablated with histotripsy compared to

radio-frequency ablation or sham therapies.

At present, the above relatively new studies comprise the bulk of mouse and rat

model histotripsy treatments published, and this could be due to the large focal size

of current transducers. In a mouse model, for example, the liver is the largest organ

by mass, and second only to the lungs in volume [83] where a comparison or organ

sizes can be seen in Table 2.1.

Table 2.1: A table of mouse organ sizes shows that the liver is one of the largest,
second to only the lungs, where most organs, except for the bowel, are less than half
the size of the liver

Note that the pancreas is one tenth the size of the liver, as is the thyroid and the

heart, so given that the -6dB focal size of the 1.5 MHz transducer used by Schade

is larger than most of these organs, it might be difficult to ablate small volumes of
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them successfully. For this reason, a higher frequency transducer could be used to

obtain a tighter focus and therefore improved targetability in smaller organs. We can

approximate the lateral resolution of concave focused transducers using the following

equation:

Rlat = 1.22λ
a

D
= 1.22

c

f

a

D
(2.1)

where λ is the wavelength, c is the wave propagation speed in the medium, f is

frequency, and a and D are dimensional quantities of the lens. The lateral resolution

is inversely proportional to frequency, so a tighter focus can be achieved by increasing

frequency. For the axial resolution,

Raxial = 7.2λ
(︂ a

D

)︂2

= 7.2
c

f

(︂ a

D

)︂2

(2.2)

so, similarly, increasing frequency will result in a tighter axial focus.

Immunotherapy Tumor Treatment in Mouse Model

In 2018, Chavez et. al. [84] published a paper on the use of immunotherapy (check-

point inhibitors) in combination with ultrasound thermal ablation (magneto-resonance

guided HIFU). It was found that the combination treatment could reduce the size of

implanted tumors, not only at the target ablation site but also at remote tumor sites.



35

In 2019, Eranki et. al. [85] published a similar paper with results showing, again,

focused ultrasound (histotripsy) was used to treat small tumor areas of a refractory

murine neuroblastoma in combination with two checkpoint inhibitors and found that

the 300-day mouse survival rate went from less than 10% under immunotherapy only,

to 62% in the combination therapy. Note, that the survival rate of mice without

treatment, with histotripsy only, or with either immunotherapy on their own was 0%

after 32 days.

The fact that immunologically “cold” tumors in untreated areas also reduce in size

suggests that something about the focused ultrasound treatment primes the immune

system to then attack all tumor cells of the type treated, especially when used in

conjunction with immunotherapy. This response is not dissimilar to the response

when treating a tumor with radiation therapy in conjunction with immunotherapy,

however, it is possible that histotripsy activates the immune system differently as

it mechanically fractionates cells instead of causing them to go through coagulative

necrosis, potentially affecting the tumor antigens. With this in mind, a logical step for

researchers is to perform immunoassays on histotripsy treated cancer cells of multiple

tumor types to better determine what effect histotripsy has on the cells compared

to HIFU or radiation therapy, and what specific immunotherapy may maximize the

tumor suppressing effect. To perform these kinds of studies, a small animal histotripsy

device accessible to all researchers would be ideal.
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2.4.1 Discussion on the State of Therapeutic Ultrasound in Tumor

Ablation

In primary tumors (tumors in the tissue in which they initially formed), if the tumor

is localized, non-metastatic, and the patient is otherwise healthy, surgical resection

provides the best chance for complete tumor removal. A big part of this is the ability

to test tumor margins for remaining cancerous cells. Surgeons can debulk a tumor,

remove material in a safe margin around the tumor, and then biopsy tissue to be

sent to the pathology department for confirmation of healthy or cancerous tissue, in

some cases, prior to the patient leaving surgery. This ability to test surroundings is

especially important in the brain where chemotherapy is less effective and thus rem-

nants are difficult to treat, which would lead to a relapse. According to recent cancer

treatment and survivorship statistics [15], surgical resection without chemotherapy

or radiation is the leading treatment for colon, rectal, lung, testicular, bladder, and

uterine cancer at Stages 1 and 2. At stage 3, surgical intervention combined with

radiation or chemotherapy becomes the leading treatment, although overall surgical

interventions do decline at this stage, likely because they are less effective after tumors

have metastasized to other areas of the body. In these statistics, chemotherapy in-

cludes targeted therapies and gene therapies. Note, that one of the key requirements

of the CUSA is tumor access. Tumors deep within the brain, for example, are con-

sidered inoperable with the CUSA, as are tumors which border on difficult to repair



37

vasculature, key functional areas of tissue, or cases where there are multiple cancerous

growths throughout an organ (typical of liver cancer as it is rarely discovered early).

Additionally, for older patients, or patients who are at high risk of complications in

surgery, CUSA usage is less than optimal, which is where transcutaneous options such

as HIFU or histotripsy become more appealing.

Transcutaneous treatments require wider margins than surgical resection as it

can be difficult to determine where tumor ends and healthy tissue begins. Needle

biopsy can help determine the need for additional treatments. In general, however,

both histotripsy and HIFU share a number of overlapping applications (liver, spleen,

prostate), but, given HIFU has had an almost 20 year head-start it has been more

thoroughly explored for many treatment cases, while histotripsy still has to be proven

for a wide range of use cases. Often the choice of which treatment to use may

come down to location within the organ itself. Histotripsy, with the precision that

intrinsic threshold can target, may be the most useful on organ periphery to avoid

collateral damage, or in areas near large vasculature which will remain undamaged

while essentially ’scraping’ the walls clear of cancer cells. The ability of histotripsy to

adjust the ablation size based on pressure thresholds and visualize the ablation zone

may make it especially appealing for smaller and more precise work, in organs such

as the pancreas or in small-animal work. HIFU could be of benefit in areas where

the best treatment option is to simply block blood flow to the cancer site, as HIFU
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has been shown capable of stopping flow in smaller vasculature, whereas histotripsy

would either destroy the vasculature, or leave it fully functional.

There may be benefit in using histotripsy in more palliative capacities, where

tumors are pressing on nerves, bones, or organs causing pain. In a canine model,

histotripsy was able to debulk prostate tissue and create a drain to the urethra for

immediate debulking of the prostate [86] which could reduce pressure on surroundings.

In the liver, ablated volumes were shown to be free of edema and granulation tissue

(new connective tissue) within 14 days[80].

Shock-scatter histotripsy, and boiling histotripsy, are more difficult to qualify in

terms of when to be used in tumor ablation. Although easier to initiate than intrinsic

threshold histotripsy as they require less overall pressure, both rely on reflections from

one or multiple vapor bubbles which make them reliant on this initial vaporization

occurring and prone to back-reflections causing cavitation outside of the targeted

volume. For boiling histotripsy, if a vapor cloud does not appear, you are instead

left in the HIFU regime and may have inadvertently damaged a larger volume than

desired. Additionally, it is possible to create a thermal lesion which partially shields

the focal point from boiling, thus resulting in a lack of cavitation lesion[87]. The

solution to this shielding lesion is to increase the pulse length of treatment to ensure

boiling occurs, however, if boiling still does not occur this leaves a larger thermal

lesion than anticipated. For shock-scatter histotripsy, if a bubble cloud does not
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occur, then it is obvious that no ablation has occurred as it is an inherently low-

power treatment and will not cause a thermal lesion. In both cases, damage can

be minimized by increasing ultrasound frequency or focusing the transducer tighter,

both of which shrink the ablation zone, however, this comes at the cost of treatable

depth.

Microbubbles targeting tumors which are vascularizing seem to have their place

already set in ultrasound-based therapies. There may be promise in using a combined

approach, with targeted microbubbles delivering chemotherapy to tumor periphery

while using HIFU or histotripsy to debulk the core. This may be a particularly

attractive combination of therapies in the brain, where GBM tends to be dendritic,

spreading in a way that makes identification, imaging and resection difficult.

It might be tempting to combine microbubble therapy with HIFU in areas where

it is difficult to achieve sufficient TID values, as it has been shown that microbubbles

can increase the efficacy of the HIFU treatment, however, care must be taken as to

the microbubble injection site and location of bubbles during therapy as McDannold

et. al.[88] have shown there can be collateral damage outside of the focus along the

ultrasound beam path in continuous wave operations due to beam interactions with

microbubbles. This may be especially problematic in the brain, compared to the

liver which is more robust against damage. It is recommended that simply increasing

acoustic power is the best way to reach TID if necessary, although this may lead to
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superficial skin damage, or damage to any organs containing gas (bowel, lung) along

the acoustic pathway.

2.4.2 Conclusion

The CUSA and HIFU are both well studied forms of ultrasound-based treatments.

The use of HIFU is likely to grow further as more studies show its efficacy in cancer

treatment, especially brain treatments, and as more devices reach market. For his-

totripsy, the field is still in its infancy and as the core groups who perform histotripsy

grow and produce new researchers, the uses for histotripsy and histotripsy-based de-

vices have the potential to grow exponentially. Since chemotherapy is used in almost

every cancer treatment, microbubble assisted drug delivery also will likely grow in

usage cases as well as it proves an effective method to improve drug uptake locally,

avoiding toxicity to the rest of the body. Combining histotripsy with all of the above

mentioned therapies remains open to researchers wishing to enter the field.



Chapter 3

Ultrasound Transducers

A transducer is a device which either converts a physical quantity (pressure, temper-

ature, brightness, etc.) into a measurable electrical signal, or vice-versa, so an ultra-

sound transducer is a device that converts energy to and from the acoustic domain

in the ultrasonic range (frequencies above the human audible spectrum, so roughly

higher than 20 kHz). In the medical field, ultrasound transducers can typically be split

into two categories: diagnostic ultrasound, and therapeutic ultrasound. When one

thinks of diagnostic ultrasound they often imagine ultrasound images like those seen

when examining a baby in-utero, however, diagnostic ultrasound imaging is used to

perform an enormous number of tasks, such as imaging many soft tissues; e.g. heart,

colon, bladder, and prostate, measuring blood flow via Doppler ultrasound, and mea-

suring the elastic properties of soft tissue using elastography. Diagnostic ultrasound

is considered a non-destructive imaging modality as it does not permanently change

the tissues under scrutiny. Within the scope of this work, diagnostic ultrasound will

be limited to imaging of soft tissue for ablation targeting.

41



42

For therapeutic ultrasound, ultrasound waves are directed to a specific area of

the body and, unlike diagnostic ultrasound, the intention of therapeutic ultrasound

is to effect the body in some way. Some examples of therapeutic ultrasound include:

lithotripsy, the break-down of kidney stones; HIFU, tissue hyperthermia through

ultrasound absorption [89]; targeted drug delivery, rupturing drug carrying micro-

capsules at a specific location; cosmetic ultrasound, involving wrinkle reduction and

other skin treatments; and histotripsy, a non-thermal cavitation based tissue ablation

technique [37].

Although there are a number of ways to generate acoustic waves in the ultrasonic

frequency range, the most prevalent is by applying a voltage pulse, or an oscillating

voltage signal at the frequency of interest to any material that exhibits the piezo-

electric effect, converting the applied electrical signal directly into acoustic waves.

Within the scope of this thesis work, the goal in developing a therapeutic device is to

deliver a large amount of acoustic energy in a very short bursts to create cavitation

events.

3.1 Piezoelectric Effect

The direct piezoelectric effect is key to the operation of most modern ultrasound

devices, but first, it makes sense to discuss the inverse piezoelectric effect as it is the

method used to generate ultrasound signals. In Figure 3.1, a piezoelectric material in
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three states is shown where Figure 3.1a shows the material in equilibrium with zero

charge build-up on the upper and lower surface.
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Figure 3.1: (a) A typical piezoelectric medium at rest under no force nor electric field
(b) A piezoelectric strains with applied electric field (c) A piezoelectric generates
electric field under applied force

Any material exhibiting the inverse piezoelectric effect will expand or contract

under the application of an external electric field, where expansion or contraction is

dependent on the polarity of the applied electric field. The key to this expansion and

contraction is the existence of electrical dipoles tied to the mechanical structure of

the piezoelectric material which, when a field is applied, try to orient themselves in

the direction of the field, physically deforming the structure. In Figure 3.1b, we see

that applying a negative charge to the upper boundary and, therefore, a positive net

charge to the bottom boundary of the material results in the dipole rotating to align

with these charges, expanding the material.
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Conversely, the direct piezoelectric effect is a re-orientation of the dipoles in a

piezoelectric through application of a force as shown in Figure 3.1c. The re-oriented

dipoles create a net charge on opposite faces of the piezo which can then be measured

as a voltage, thus allowing a way to generate an electrical signal from an input force.

Since acoustic waves impinging on a surface generate a force, this provides a way to

directly measure ultrasonic energy. So, combining both the inverse piezoelectric effect

and the piezoelectric effect we have a way to both generate and measure ultrasonic

waves.

Some dipoles, in many single-crystal materials for example, arise from the crystal

structure being non-symmetric and are the size of the crystal unit cell, while for

the more common piezoelectric materials the dipoles are made up of small micron

sized clusters of material, sintered together into a ceramic. To take advantage of

the inverse piezoelectric effect, one simply has to generate an electric field across the

piezo material, which is typically done by depositing an electrode to each side of a

piezoelectric and applying an electrical voltage, either constant or varying, to these

electrodes. By definition, if a material exhibits the inverse piezoelectric effect, it must

also exhibit the direct piezoelectric effect. The piezoelectric effect is the generation

of charges on the surface of a piezoelectric material due to an applied force.

Mathematically, the direct piezoelectric effect and inverse piezoelectric effects can

be described using the following two equations:



45

D = dT + ϵTE (3.1)

S = sET + dE (3.2)

where the electrical variablesD: the charge stored per unit area and E: the applied

or induced electric field, are related to the mechanical variables, T : a measure of the

tension or compression forces in the material, and S: the deformation of the material.

The first equation, 3.1, representing the direct piezoelectric effect, shows the di-

electric displacement, D, is related to stress, T and the applied electric field, E

through two intrinsic material constants, d: the ratio of stress to charge build-up as

in Equation 3.1 or elongation to voltage, as in Equation 3.2, and ϵ: the ratio of applied

electric field to charge build-up. The second equation, 3.2, representing the inverse

piezoelectric effect, shows the strain, S, is related to stress, T through s: the ratio of

the fractional deflection to force applied, and to the applied electric field through d.

Note, the superscripts on ϵ and s denote that they are evaluated at constant (typically

zero) values of T and E, respectively.

Mathematically, S, T , s and d are tensors, while E, D and ϵ are vectors; how-

ever, for present purposes it will be assumed all stress, strain, electric fields, and

dielectric displacements occur in the poling direction, making modeling and design of
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transducers a 1-dimensional (1D) problem.

A number of piezoelectric materials exist with properties which greatly vary based

on the material composition, method of fabrication, and geometry. For a transducer

that is intended to generate motion or ultrasound, a high value of d is desired [90].

3.2 Piezoelectric Materials

As mentioned in 3.1, a high value of d for a piezoelectric is desired in applications

involving acoustic wave generation; however, there are a number of material properties

which need to be considered when choosing a transducer material. One of the most

important properties is the electromechanical coupling coefficient, k2.

This factor, k2, is a measure of how much of the electrical energy applied to

a piezoelectric is converted into mechanical energy or, conversely, the amount of

mechanical energy that is applied to a piezoelectric which can be converted into

electrical energy. The more formal definitions for k2 are:

k2 =
electrical energy converted to mechanical energy

input electrical energy
(3.3)

k2 =
mechanical energy converted to electrical energy

input mechanical energy
(3.4)
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The remaining input energy which is not converted is simply stored either elasti-

cally (as in a spring) for the piezoelectric effect, or electrically (as in a capacitor) for

the inverse piezoelectric effect. It should be noted that k2 only defines the conversion

efficiency between energy domains (electrical to mechanical). On it’s own, k2 does

not quantify the energy lost in either of the domains. Typically, a specification sheet

provided by a piezoelectric supplier, for example CTS [91], will provide, along with

k2, the Q and tanδe which are metrics for the loss to heat in the mechanical and

electrical domains respectively.

From a practical perspective, for a high transmit power device it is desired that a

piezoelectric material have a high d, and high k2 and low losses to avoid heating, so

low Q and tanδe; however, as histotripsy is a high pulsed-power application, with low

time-averaged power, the loss factors are less relevant as the device is not expected to

dissipate enough power for a significant temperature increase. It should be noted that,

although the definition of k2 shows it to be related to energy domain conversions, a

version of k2 can also be expressed through resonance and anti-resonance frequencies

of the transducer if measured un-loaded using,

k2
t =

πωs

2ωp

tan

(︃
π(ωp − ωs)

2ωp

)︃
(3.5)
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where the thickness mode mechanical resonance, or parallel resonance, is ωp, the

minimum electrical impedance point, or series resonance, is ωs, and the transversely

clamped electromechanical coupling factor kt is used instead of k2 when the acoustic

element is laterally much larger than the acoustic wavelength, a common occurrence

in ultrasound devices. The values of ωp and ωs can be measured using an electrical

impedance analyzer attached to an unloaded piezoelectric material. Figure 3.2 pro-

vides a representative example of what a measured electrical impedance magnitude

curve may look like and identifies the series resonance frequency occurring at the low-

est impedance magnitude point, while the parallel resonance frequency occurs at the

maximum impedance magnitude point. Note, these resonances are local occurrences

and it is possible for both higher and lower impedance magnitude values to occur at

much lower and higher frequencies. The peak impedance at ωp is heavily affected by

the damping of the piezo element.

The parallel resonance is also a calculable number defined as,

ωp = 2πfp =
πc0
l

(3.6)

where the wave speed in the ceramic, c0, would be supplied by the material man-

ufacturer, l is chosen based on the desired device frequency, and the fp is another

way of writing ωp but measured in Hertz (Hz) instead of radians per second. With



49

s p

FREQUENCY [Hz]

0

20

40

60

IM
P

E
D

A
N

C
E

 [
O

h
m

s
]

Figure 3.2: A representative electrical impedance magnitude measurement of a piezo-
electric material is shown here to illustrate the series and parallel resonances where
the series resonance, ωs, is labeled and indicated by the blue dashed line, while the
parallel resonance, ωp, is labeled and indicated by the red dashed line.

the calculated value for ωp and knowledge of kt from a specification sheet the series

resonance frequency ωs can be calculated and this value is typically the operating

frequency of the ultrasound device.

When comparing electromechanical coupling values, kt is always lower than k2;

however k2 does provide an upper theoretical limit to the value of kt a piezoelectric

element can have, and, if the transverse clamping of an element can be released

interally, then kt can be increased. To release the transverse clamping, a piezoelectric

composite can be created. These composites not only benefit from higher kt but,

also a tuneable acoustic impedance which allows improved transfer of acoustic energy

between media.
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3.3 Piezoelectric-Polymer Composites

Much has been written on piezoelectric composites, with the works by Gururaja et.

al. [92], Gururaja et. al. [93] and Smith and Auld [94] being some of the earliest

and most comprehensive collection of piezoelectric composite fundamentals to date.

A common composite type and the one used in this work is a 1-3 composite, the

fabrication steps of which are shown in Figure 3.3 as a simplified schematic. The 1-3

designation of the composite provides the connectivity of the materials, in this case

piezoelectric-epoxy (1-3). The connectivity of the piezoelectric material is one (1) as

it only connects with itself vertically in one dimension, but not laterally. On the other

hand, the epoxy connectivity of three (3) is due to the epoxy being fully connected

to itself in three directions, one vertical and two lateral.

a) b) c) d)

Figure 3.3: a) A 1-3 piezoelectric-epoxy composite starts with a solid piece of piezo-
electric material. b) After two sets of perpendicular cuts are made, a matrix of pillars
if left with a solid piezoelectric base. c) The space between pillars is filled with epoxy
which can be sanded, machined, or lapped down to the top surface of the pillars. d)
The solid base is removed through lapping or grinding, leaving a matrix of pillars
embedded in epoxy.

The simplest fabrication method for a 1-3 composite starts with a solid piece of
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piezoelectric (Figure 3.3a) which is cut through using a dicing saw, or other method

for ceramic material removal at multiple parallel and orthogonal lines in the material

called kerfs (Figure 3.3b). The cuts are often, but not necessarily, evenly spaced. The

depth of cut for these kerfs depends on the desired operating frequency of the com-

posite and is chosen to be deeper than the designed final thickness of the composite.

This extra depth of cut allows for variation in the material removal process and avoids

rounding of the pillars at the kerf bottoms due to blade taper. Once cut, the kerfs

are filled with epoxy which is lapped or ground to the top of the pillars (Figure 3.3c)

and then the remaining bulk piezo is removed leaving a matrix of pillars embedded

in an epoxy matrix as seen in Figure 3.3d. An electrode can be applied to both faces

of the composite after step (d), or one face can have the electrode applied after step

(c), and then the other face after step (d).

By carefully choosing the spacing and size of the kerfs, the composite designer

changes the volume of material that is ceramic and the volume that is epoxy which

allows one to tune the speed of sound, acoustic impedance, and kt. Note, the kerf

spacing and size must be chosen to avoid shear waves and lateral modes in the compos-

ite periodic structure which could couple into the thickness-mode vibration, reducing

the overall acoustic output[92]. The composite volume fraction is typically reported

as the amount of ceramic, in either percent or amount by volume scaled between 0

to 1, in the composite and, in Figure 3.4, the effect a changing volume fraction can
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have on the composite coupling coefficient, kt, the composite speed of sound, c0, and

the composite acoustic impedance Z is illustrated using calculations with the ceramic

PZT-5H and Spurr epoxy fill using properties listed in the work by Smith and Auld

[94]. The acoustic impedance is also calculable using,

Z = ρc (3.7)

with ρ being the composite density, a linear combination of the epoxy and piezo

densities based on volume fraction, and c being the composite speed of sound, a

quantity measurable on the impedance analyzer using Equation 3.6 but practically

difficult to calculate as many epoxy properties are unreported.

The large plateau in kt allows composites to have a wide volume fraction range

with relatively efficient energy transfer and the value of Z can be tuned for almost any

value between that of the epoxy and ceramic, however, missing from this explanation

is the electrical impedance. Figure 3.2 provided an example electrical impedance

measurement for a transducer with the minimum impedance occurring at ωs. Under

air-backed and front-matched (matching covered in Subsection 3.4) conditions, the

electrical impedance magnitude at frequency ωs is a calculable number by using a
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Figure 3.4: For PZT-5H and Spurr Epoxy, a) the value of k̄t plateaus and stays above
kt for the solid ceramic above volume fractions of 5%. b) The speed of sound for the
composite varies non-linearly between the value for the epoxy alone and the value for
the ceramic alone. c) The acoustic impedance, Z, increases linearly from the value
for Spurr epoxy at 0% volume fraction to 90% where the slope changes to reach a
final value of 36.5 MRayl.
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resistive load of electrical resistance,

Rf0 =
2(kt)

2

π2f0C0

(3.8)

called the radiation resistance, placed in series with a capacitor of capacitance value

C0, known as the clamped capacitance. The clamped capacitance is calculated by,

C0 = AϵS/l (3.9)

with A being the composite surface area, ϵS being the clamped dielectric constant of

the composite, and l being the composite thickness. For both the series resistance Rf0

and the capacitor value, the electrical impedance is proportional to the inverse of C0.

The value of ϵS increases linearly with volume fraction from approximately 0 to the

value ϵS of the ceramic in use, resulting in an increasing C0 and, thus, a decreasing

electrical impedance with volume fraction. All things being equal, the ratio of pressure

generated by two devices at equivalent voltage drive level and frequency should be

proportional to the square-root of the ratio of their impedance magnitudes at that

drive frequency, meaning a higher C0 results in a higher focal pressure. Of course,

not all things are equal and the value of kt as well as the ability to electrically match

cabling and acoustically match to a given medium need to be considered; nevertheless,
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the idea that a higher clamped capacitance device should draw more electrical power

and, thus, generate higher pressure has led to the choice of soft ceramics in this

work, especially given the reduction in C0 when making a composite. Additionally,

the choice to try to maintain a high kt while also having an acoustic impedance

which will allow for impedance match to either a focusing lens or a matching layer is

important.

3.4 Acoustic Matching Layers

Acoustic matching layers allow transmission of acoustic energy between media without

a significant loss of intensity. For acoustic waves at normal incidence to a surface

between two media, the transmitted acoustic energy is governed by material acoustic

impedances where,

TI =
ZiZf

(Zi + Zf )2
(3.10)

TI is the transmission coefficient defined as the fraction of transmitted acoustic energy

to the final medium, Zi is the acoustic impedance of the initial medium, and Zf is the

acoustic impedance of the final medium. So, for two contacting media the transmitted

energy is maximized if they are the same medium, and otherwise drops as the media

impedances vary from each other. To combat this loss of intensity a matching layer, a
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relatively thin layer of material, is placed between the initial and final media as shown

in Figure 3.5, where the intensity transmission between media i and f is governed by

the equation,

TI =
4ZiZf

(Zi + Zf )2 cos2(θ) + (Zm + ZiZf/Zm)2 sin
2(θ)

(3.11)

θ =
2πl

λ
(3.12)

Zm is the matching layer acoustic impedance, l the matching layer thickness, and λ

is the wavelength which is being matched. Note, the inclusion of λ in Equation 3.11

means that a single matching layer cannot work for all frequencies of ultrasound. To

demonstrate how the transmission coefficient between the initial and final medium is

affected by the matching layer thickness and acoustic impedance, Figure 3.6 provides a

number of curves of TI versus wavelength fractional thickness of the matching layer,

l/λ, where for each curve the value of Zm ranges from Zi, a value of 33.6 MRayl,

through Zf set to be 1.5 MRayl, numbers representative of solid PZT-5H and water,

respectively.

For this case, the maximum acoustic transmission occurs when the matching layer

thickness is 1/4 or 3/4 of the desired wavelength and Ti increases from 0.16 to 1.0

between 1.5 MRayl and 7.1 MRayl, then falls back to 0.16 at 33.6 MRayl. Intuitively,
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Figure 3.5: A single matching layer, acoustic impedance Zm and thickness l, is placed
between an initial and final acoustic medium to improve acoustic intensity transmis-
sion.
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Figure 3.6: The transmitted acoustic intensity through a matching layer as a function
of layer thickness which is given as a fraction of the acoustic wavelength is presented
here. In this example, the initial medium has an acoustic impedance of 33.6 MRayl,
and the final medium has an acoustic impedance of 1.5 MRayl. Multiple plots show
how the transmission improves as the matching layer impedance increases from 1.5
to 7.1, and then drops again up to 33.5 MRayl.
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a matching layer of 1.5 MRayl acoustic impedance is just an extension of the first

medium, and similarly when Zm = 33.6 MRayl the matching layer is an extension of

the final medium so they represent a situation of only two mediums in contact and

should have the same transmission coefficient, which can be calculated using Equation

3.10.

In practice, using a single matching layer is not always possible due to difficulty in

finding materials with the appropriate acoustic impedance due to a large impedance

mismatch between the acoustic element and medium of interest. There are published

works which demonstrate the use of dual or multiple matching layer techniques to

help with a large element to medium mismatch, such as the mass-spring matching

layer technique by Brown et. al. [95], but they are not used in this work and are

therefore outside of the scope.

3.5 Transducer Focusing

Focusing of an ultrasound transducer can be done, primarily, in three ways: through

the use of a lens, through curving of the transducer itself to be naturally focused, or

through beamforming - a process in which the transducer electrode, and sometimes

substrate, is split into elements which can be pulsed at different times, leading to a

dynamic focus.
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Simple Lens

Design of an acoustic lens can be performed using Fermat’s Principle of Least Time,

1

vl
dl +

1

vm
dm =

1

vl
sl +

1

vm
sm (3.13)

where vm and vl are the longitudinal wave speeds in the target medium and lens,

respectively, and dx and sx, where x = l,m, correspond to distances in their respective

media from Figure 3.7.

+y

y=0

𝑑𝑙 𝑑𝑚

𝑠𝑙 𝑠𝑚
focus (r)x=0

+x

𝑚𝑒𝑑𝑖𝑢𝑚 (𝑣𝑚)𝑙𝑒𝑛𝑠 (𝑣𝑙)

Figure 3.7: Fermat’s Principle states that, to achieve lens focus, the time of flight for
a plane wave traveling path dl + dm must equal the time of flight for a wave on path
sl + sm, where s and d are distances, and vl and vm are sound velocities in the lens
and medium, respectively

Starting with Equation 3.13 and using trigonometry, the shape of the lens in

Cartesian coordinates can then be calculated to be:
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y2 = x2

(︃(︂vm
vl

)︂2

+ 1

)︃
+ 2rfx

(︂
1− vm

vl

)︂
(3.14)

where y and x are Cartesian coordinates for the curve, and r is the focal distance from

the center of the lens curvature (x = 0 and y = 0), or focal radius. This form of the

equation was derived, assuming that, again, all sound approaches the lens curvature

as a plane wave. The shape described in Equation 3.14 is an ellipse, causing dm to

vary depending on the position along the curve, which leads to fabrication difficulties

as the curvature cannot be simply described using a fixed radius. The shape itself

can be made using computer controlled mills or lathes, but tolerances must be tight.

Fresnel Lens

A Fresnel lens is a modified version of the simple lens described in Section 3.5 which

reduces the overall curvature of the lens while maintaining the same focal position.

The process of designing a Fresnel lens is shown in Figure 3.8 in a series of three

sub-figures.

Figure 3.8a shows a number of lens curve, all following Equation 3.14 and focusing

at the same location, 8 mm, labeled as a circle in the figure. Note, each curve needs

its focal distance adjusted by a distance Df , the offset between each curve. This

distance is calculated as,

Df = Nf
vmvl

vl − vm

1

f
(3.15)
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Figure 3.8: a) Multiple lens curves offset by a distance Df share a focus at 8 mm.
b) Linking the curves and trimming them outside the linked areas leads to the shape
seen here, and revolving this curve around the focal axis gives a lens c) which can be
machined.

where f is the operating frequency and Nf is the number of cycles delay at that

frequency between waves arriving at the focus from each curve. Offsetting each ring

by Df ensures the pulse each ring emits is delayed by Nf cycles at the focus and,

therefore, constructively interferes. This means the lens will only focus properly at

the design frequency and its harmonics, and is designed specifically for one medium.

Recall that it was assumed the sound wave approaching the simple and Fresnel

lens curvatures was planar, suggesting a flat ultrasonic element would be bonded to

the back of the lens. Instead of a flat element, it is possible to have a curved element

without a lens, the benefits of which could be: no machining (curvature is constant),

easier modeling (ultrasonic element coupled directly to medium without lens), and

the ability to fabricate using equipment commonly available to transducer labs.
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Curved Composites

Almost no literature exists on methods for fabricating curved composite transducers,

although a number of companies offer curved composite products. To curve a com-

posite, the easiest method is to heat the composite and press it into a mould relying

on the epoxy matrix to take on the desired shape. A curved composite for the work

presented in this thesis has the benefit of a spherical curvature so the machining of

the mould is relatively easy.

After manufacturing a curved composite transducer, presented at the Interna-

tional Ultrasonics Symposium 2016 in Tours, France [96], one of the biggest difficul-

ties encountered was a low success rate during curvature. A few examples of failed

composites can be seen in Figure 3.9, where the failures here range from damage

during composite curving (1-3) to failures during initial composite development when

substrates were too thin (5).

1

Figure 3.9: Composites one through three (1-3) failed during attempts to curve them,
where four (4) failed during ultrasonic cleaning and five (5) failed during bonding due
to the substrate being too thin

Even once the composite fabrication process had become reproducible, curving
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of composites failed 75% of the time or more, making the whole process very time

consuming. It is because of this, that spherically curving composites is not likely

to be a cost-effective method for focusing histotripsy transducer without significant

investment in engineering process improvement.

Transmit Beamforming

Transmit beamforming is a process where multiple piezoelectric elements are pulsed

at different times so that the acoustic energy from each element arrives at the desired

focus at the same time. The benefit of transmit beamforming is that the focus can

be moved and, therefore, provides a wider range of targetability and depth for a fixed

transducer size / shape. For the purposes of this project, an annular phased array

holds some promise in providing a focus as it allows us to exploit radial symmetry

in reducing number of elements and maximizing pressure. A schematic of an annular

array is shown in Figure 3.10. The annular phased array, shown with a top and cross-

section view on the left, is a set of concentric electrodes on piezoelectric material that,

when pulsed electrically, sends out an acoustic wave with radial symmetry from the

piezo area under the electrode only. The image on the right shows a focused pulsing

scheme where the outer elements are pulsed earlier than the inner, as acoustic energy

from the outer elements takes longer to reach the focus. Modification of the pulse

delays can move the focus closer to or further from the array.
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Figure 3.10: A cross-section and top view of an annular array are shown here, where
the electrodes are crosshatched orange, showing distinct separations between each
element. On the right, electrical pulses are sent to each element with a delay, where
the outer element receives the pulses earliest as sound emitted from these elements
must travel further to reach the focal zone

As a method of focusing, beamforming does have drawbacks. First, beamforming

means additional electronics complexity as each element typically requires a dedicated

circuit to pulse the element. Second, element directivity now comes into play as the

element size has to be kept small limiting either the number of elements, or requiring

more pulsers to drive the elements if a large array is required. Additionally, due to the

directivity of the elements, they are each unable to deliver their full acoustic power at

large angles so, for devices like those considered here with a tight focus, elements that

are further from the focus may not fully contribute to reaching cavitation pressures.
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3.5.1 Focusing Summary

Although the work presented in this thesis focuses on lens-based devices, spherically

curved composites were demonstrated to be a functional histotripsy option [96] and

could lead to a low-cost easy to make histotripsy device if the failure rate could

be reduced; however, reducing the failure rate is expected to be a more industrial

pursuit than academic. For small form-factor devices, using transmit beamforming

either linearly or with an annular array is outside of the scope of this work, but has

been demonstrated to be capable of steerable tissue ablation by Mallay et. al. for

both a linear array [97] and an annular array device [98], and thus warrants further

examination.

3.6 Transducer Modeling

To model an ultrasound transducer, it is common to use either one of or a combination

of, three different modeling techniques: Krimholtz, Leedom, and Matthae (KLM)

Method, the finite-element method FEM, or the spatial impulse response method.

The KLM method, which is the least computationally intensive, simplifies a trans-

ducer down to a 1-dimensional linear matrix model and provides information about

the mechanical composition, the electrical characteristics, and the acoustic pressure

at the transducer face, but provides no detailed information about the acoustic field.



66

FEM can be a 1D, 2D, or 3D model of the electrical, mechanical, and acoustic proper-

ties of a device, as well as the medium the device is operating in; however, the models

themselves are the most complex, and require the longest time to create, verify, and

compute. The spatial impulse response method provides no information about the

transducer mechanical or electrical properties, but is quick and efficient at providing

the acoustic field that a transducer might generate.

In this work, since using a lens to focus is expected to lead to the highest possible

focal pressure, KLM models will mainly be used in simulating transducer properties

for fabrication. KLM will allow for the most rapid iteration in transducer designs due

to its bi-directional nature where a model-based transducer can be designed based on

best estimates of properties, followed by building the device and measuring properties

which do not perfectly match the model, then iterating on the model and optimizing

based on measured properties. An updated transducer can then be simulated and

built based on new model outputs. FEM will be performed to confirm some pressure

field measurements.

Krimholtz, Leedom and Matthaei (KLM) Model

The KLM model was first developed and introduced in a series of two (2) papers by

Krimholtz, Leedom, and Matthaei [99, 100]. The KLM transducer model treats the

transducer as a set of one-dimensional linear circuit elements, each of which can be
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represented by a 2-by-2 matrix defining the input-output relationship of the element.

If the matrices are multiplied together as shown in Figure 3.11, they then relate the

input-output of each object sequentially, leading to an input-output relationship for

the entire transducer. For a piezoelectric transducer, the physical model shown in

...
. n

n n
n

n

n

Figure 3.11: Generic KLM matrices multiplied together can relate any number of
input-output relationships together. Here, the ABCD elements vary for each matrix

Figure 3.12 can be broken down into seven matrices, one for each of the outlined

objects: Co and C ′ are capacitances on the electrical side of the transducer, ϕ is the

transformer ratio which describes the conversion of energy from the electrical to the

mechanical domain, the two terms containing Z, c0 and l are acoustic transmission

lines, and the acoustic ports are the acoustic load where ultrasound energy is de-

posited. The equation for C0 is given by Equation 3.9, ωp by Equation 3.6 and the

other circuit parameters by:
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Za = AZ0 = Ac0ρ0 (3.16)

C ′ =
−C0

k2
t

πω/ω0

sin(πω/ω0)
(3.17)

Φ = kt

√︃
π

ω0C0Za

sin(πω/2ω0)

πω/2ω0

(3.18)

The front and back acoustic ports in Figure 3.12 can be coupled to additional

media by creating an additional matrix in the model using the Z, c0 and l parameters

of the medium. All of these properties of materials are typically available in specifi-

cation sheets or online for piezoelectrics; however, when using a piezoelectric-epoxy

composite the bulk properties of the composite are used as plotted in Figure 3.4 of

Section 3.3. These values sometimes cannot be found in available literature and must

be measured directly, or by adjusting the KLM output to match measured values.

After fabricating a new composite the electrical impedance can be measured

and the physical properties such as density, speed of sound, thickness, and acous-

tic impedance can all be determined and entered into the KLM model. Properties

such as kt, and the loss-factors Q, and tanδe can then be left as free parameters and

adjusted in the model to provide the best fit to the measured data. Once all of these

intrinsic properties are known, rather than having to build a new transducer each

time you wish to adjust a parameter, every variable can be adjusted in KLM to



69

Z, c0, l/2
Back 

Acoustic Port

Front 

Acoustic Port
Z, c0, l/2

Electrical

Port

V

I

l

Front 

Acoustic Port

Circuit Model Physical Model

A

Figure 3.12: The model used for KLM simulations of a single-element piezoelectric
transducer, where each outlined variable or set of variables is a single, 2x2 matrix in
the KLM model or, in the case of the ports, an input/output.

determine how it would affect transducer output. The KLM model can be used to

determine not only electrical impedance, but input electrical power, output acoustic

power, and the device response to any electrical input, resulting in simulated one-way

or two-way pulse bandwidths. For a lens-based device such as examined in this work,

a single KLM simulation will not be able to capture the behavior of the lens cur-

vature, but breaking up the device into multiple KLM elements as shown in Figure

3.13 can lead to electrical impedance data and pulse shapes which closely match the

measured values.

The side view of an aluminum lens based device shown in Figure 3.13 has a piezo

composite epoxied to an aluminum lens with a matching layer between the lens and

water. To simulate this device in KLM, it is broken into concentric rings and each
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Figure 3.13: The thickness of a lens varies with position along the curvature, so
multiple KLM models must be used. Here, the smooth curve of a lens is discretized
into multiple separate 1-D models.

ring becomes a separate simulation placed in parallel with each other ring to ensure

the device is properly loaded.

FEM Acoustic Field Simulations

Simulating the acoustic field of a lens-based device can be done through a number

software packages, but to capture the behavior of complex acoustic fields in situations

which involve multiple materials (e.g. piezo transitioning to aluminum transitioning

to water / tissue) while also avoiding the inclusion of simplifying assumptions, FEM

should be used as it calculates pressure, particle velocity, and other system properties

by modeling sets of coupled differential equations capturing the physics of the system.

In this work, FEM modeling will be performed using the free MATLAB Toolbox

kWave [101] and COMSOL Multiphysics.
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FEM simulations start by representing the geometry of the system which, for

complex shapes, often involves a CAD model. This CAD model is then broken into a

mesh - a series of connected points where the physics at each point can be calculated

based on a set of differential equations coupling each point to its neighbors. An

example cross-section of one of these meshes taken from the work in Chapter 5 is

shown in Figure 3.14, where the yellow grid points have been assigned the properties

of aluminum, and the blue have been assigned the properties of water. The red line

was used as a pressure source generating a continuous-wave pulse to determine the

steady-state pressure field.

Figure 3.14: A grid of points in an FEM model, where the lens material is labeled in
yellow, the water medium in blue, and a red-line represents the pressure source.

The kWave simulations performed for the work in Chapter 5 used a 3D grid and

modelled the full lens since the lens was square, while the COMSOL simulations
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from Chapter 6 used a 2D axisymmetric simulation since the lens was cylindrically

symmetric.



Chapter 4

A Low-Cost Miniature Histotripsy Transducer for Precision

Tissue Ablation

Preamble

Chapter 4 presents work on creating a 10 mm aperture, co-registered imaging and

histotripsy ablation transducer using an aluminum lens for focusing of the histotripsy

with a hole in the lens center to allow space for an imaging array. The work for this has

been published in IEEE Transactions on Ultrasonics, Ferroelectrics, and Frequency

Control[102] and is presented mainly here in the form in which it was published. Some

introductory content from Chapter 4 may exist within Chapters 2 and 3 of this thesis,

however, it was kept here as well to maintain context of the specific work presented

herein.

©2018 IEEE. Reprinted, with permission, from Jeffrey K. Woodacre, Thomas G.

Landry, Jeremy A. Brown, A Low-Cost Miniature Histotripsy Transducer for Pre-

cision Tissue Ablation, IEEE Transactions on Ultrasonics, Ferroelectrics, and Fre-

quency Control, Nov. 2018.
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In reference to IEEE copyrighted material which is used with permission in this

thesis, the IEEE does not endorse any of Dalhousie University’s products or services.

Internal or personal use of this material is permitted. If interested in reprinting/re-

publishing IEEE copyrighted material for advertising or promotional purposes or for

creating new collective works for resale or redistribution, please go to http://www.

ieee.org/publications_standards/publications/rights/rights_link.html to

learn how to obtain a License from RightsLink.

4.1 Introduction

It has been shown for a number of surgical procedures that a minimally invasive

surgery (MIS) approach, when compared to open surgery, can offer improved patient

outcomes including: less blood loss, fewer complications, faster recovery time, and a

reduced chance of infection[1, 2, 3, 103]. These outcomes have led to a surgical trend of

avoiding open surgery in favor of MIS, when possible [5, 6]. To allow more procedures

to be performed as minimally invasive, it’s important to develop new tools to add to

a surgeon’s repertoire, with the logical extension being if MIS procedures are good for

patient outcomes, then fully non-invasive procedures should be better still, assuming

the same surgical goal can be achieved. Currently, two ultrasound based non-invasive

surgical techniques are available: high-intensity focused ultrasound ablation, often

referred to simply as thermal HIFU or HIFU, and histotripsy.

http://www.ieee.org/publications_standards/publications/rights/rights_link.html
http://www.ieee.org/publications_standards/publications/rights/rights_link.html
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Where thermal HIFU typically uses an extracorporeal focused ultrasound trans-

ducer to cause tissue necrosis through sustained ultrasound absorbtion resulting in

cell hyperthermia near the focal zone[104], histotripsy, often using a similar trans-

ducer design, causes tissue fractionation through short, powerful cavitation-inducing

ultrasound bursts where the destruction is caused by cavitation bubbles collapsing

[31]. HIFU has been used to treat tumors in the prostate, breast and liver, among

other organs with, in many cases, reported successes in tumor reduction and/or pain

relief [105]. Histotripsy, being a relatively new area of ablation research, has yet to

have a human clinical trial completed; however, a number of animals trials have pub-

lished reporting on the efficacy of treating benign prostatic hyperplasia on a canine

model [106, 33], hepatocellular carcinoma on a porcine model [107], and thrombolysis

in a porcine model [108]. Note, there are HIFU devices which are not extracorpo-

real such as two commercial systems: one produced by SonaCare Medical (SonaCare

Medical LLC, Charlotte NC, USA) and one by Edap TMS (Edap TMS, Vaulx-en-

Velin, France), both for trans-rectal prostate treatments. Additionally, a laparoscopic

HIFU probe for kidney ablation was presented by Tavakkoli et. al. in 2001[109]. In

general, however, many HIFU transducers in literature are physically too large for

anything other than transdermal treatments and, for histotripsy, the authors could

find no publications on transducers meant for intracorporeal use.

One of the first histotripsy transducers in publication was presented by Roberts
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et. al. in 2006 as a transcutaneous, 750 kHz 18 element annular array transducer

with a diameter of 145 mm and a 100 mm focal length [110]. The transducer was

co-registered with a commercial diagnostic 2.5 MHz imaging probe for simultaneous

imaging and ablation. Histotripsy ablation studies have also been performed using

a 100 mm aperture curved bowl with a 90 mm focus operating at 1 MHz [111], a

500 kHz, 32-element 150 mm focus transducer [70], and four 50 mm aperture, 70 mm

focus, 1 MHz transducers directed to the same focus [112]. Histotripsy as high as 3

MHz has been demonstrated using a piezoelectric multi-element, dual-beam technique

[113] and as low as 345 kHz [114] for another piezo-based multi-element transducer.

Recently, high frequency (greater than 10 MHz) free-field acoustic cavitation in water

has been demonstrated using laser-generated focused ultrasound (LGFU) with both a

dual-beam method [115] as well as a single-beam method using a tightly focused lens

[116]. Furthermore, a 15 mm aperture LGFU device has been shown capable of ab-

lating gel-phantoms and small volumes (<1 mm3) of bulk tissue [117]. These LGFU

devices coat a focused lens with an optically absorptive material having good op-

toacoustic conversion efficiency, carbon nanotube based coatings for example, which

then generates an intense ultrasound pulse through the photoacoustic effect when hit

by a short laser burst. The laser required for this work is typically costly, and the

devices would possibly require an imaging array to monitor the process within tissue;
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nonetheless, LGFU has potential to be commercially viable within the area of cavita-

tional ultrasound treatments. It should be pointed out that high-intensity ultrasound

pulses aren’t necessarily a requirement for cavitational treatments as has been shown

by Kim et. al., who have used a low frequency (< 1MHz), moderate power transducer

in combination with microbubble contrast agent to perform sonothrombolysis using

the microbubbles as cavitation nucleii [118].

With the exception of Kim et. al. [118], the multi-element nature and/or over-

all transducer size of the piezoelectric devices mentioned above limits treatments to

extra-corporeal use which, for many cases, is beneficial in that it allows histotripsy

to be a completely non-invasive treatment method for tumor resection. For neuro-

surgery, however, extra-corporeal histotripsy is very difficult, as the skull strongly

attenuates and reflects ultrasound energy making it difficult to not only reach the

cavitation threshold, but also to monitor the treatment using ultrasound. Sukovich

et. al. [119] demonstrated that a 30 cm aperture, 500 kHz, 256-element phased ul-

trasound array could reach the cavitation threshold through a skull-cap to ablate red

blood cell (RBC) phantoms, showing promise for through the skull histotripsy, but

imaging feedback may still be desired to ensure precise targeting.

Currently, one of the most common methods of tumor resection in the brain is the

use of burr-hole surgery, in which a hole is made in the skull and, using visual guidance

as well as pre-operative MRI images, a cavitational ultrasonic surgical aspiration
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(CUSA) device is used to ablate the tumor tissue. This CUSA treatment is a contact

ablation where the device cavitates and ablates tissue adjacent to the tip and the

liquified tissue is then pulled away via suction. Although effective, the surgeon cannot

visualize below the surface and ablate at the same time using this method; therefore,

it is proposed that if a histotripsy device could be made which both images and

ablates and this device could additionally be made small enough to enter a burr

hole, that such a device could potentially be used as a replacement to the CUSA

tool. Some other potential surgical applications for a small co-registered histotripsy

ablation device include: spinal surgery, and intracardiac surgery, although these have

yet to be explored in literature.

In this Chapter a small, 10 mm aperture histotripsy transducer was characterized,

shown to be capable of free-field cavitation and, following characterization, the device

was modified to include a co-linear, co-registered 40 MHz imaging device to allow both

imaging and ablation in real-time with a 10 mm aperture. This device is a first step

in creating a hand-held tool small enough to be used in neurosurgery, as well as other

endoscopic surgery requiring high-resolution imaging and highly targetable, tightly

focused ablation zones such as spinal surgery, cardiac surgery, and thrombolysis.

In Section 4.2, the transducer fabrication steps are provided followed by charac-

terization of the device impedance and pressure output in Section 4.3. In Section 4.4,

the device is modified to allow co-registration with an endoscope and results focusing
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on what is important for co-registered imaging and ablation are shown. Section 4.5

outlines some potential future paths research with this device may follow.

4.2 Design and Fabrication

The ultrasound ablation transducer consists of an air-backed piezoelectric composite

bound to an aluminum lens using epoxy, where the aluminum lens has a quarter

wavelength matching layer on the front face matching to water. A cross-sectional

view of the device design is shown in Figure 4.1. Note that for the co-registered

version a 4 mm x 4 mm square hole is machined through the center of the lens and

composite to allow an endoscope to pass through. No other changes are needed for

co-registration.

Elliptical Lens:

Materials: 6061 Aluminum 

Acoustic Impedance: 17MRayls

1-3 Piezoelectric Composite:

Material: PZT-5A / Epoxy

Acoustic Impedance: 17 MRayls

Air Backing:

Acoustic Impedance: 

409 Rayls

¼λ Matching Layer:

Material: Parylene-C

Acoustic Impedance: 2.65 MRayls

10.0 mm

Figure 4.1: A cross-sectional view of the transducer design shows an air-backed piezo-
electric composite with an aluminum lens and parylene matching layer. The lens-piezo
stack can be seen in the picture.

The piezoelectric composite was designed to provide maximum output power near
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5 MHz with the composite itself being a 1-3 PZT-5A-polymer dice-and-fill design.

PZT-5A was chosen over PZT-4 or PZT-8 for its high clamped dielectric constant,

resulting in a lower impedance and more overall power per volt, its high electro-

mechanical coupling coefficient, increasing bandwidth so maximum output can be

reached in fewer cycles, and relatively high coercive field compared to other PZT-5’s.

The composite was modeled using in-house Krimholtz-Leedom-Matthaei (KLM) [99]

code. The KLMmethod treats a composite as a bulk material with effective properties

and has been successfully used to model piezoelectric composites [120, 121] as well

as multi-layer piezoelectric devices [95]. It is understood that KLM may not be as

accurate as a full 3D FEA model, however, KLM was used as a starting point for

transducer fabrication as it is quick to run the code and tune parameters, provides

reasonable estimates of the electrical impedance, transducer electrical power input

and acoustic power output, and there was minimal software cost associated with the

code development. A finite-element model could be developed in the future if further

refinement is needed.

The KLM code provided a design thickness of 303 µm and a pillar geometry re-

sulting in a characteristic acoustic impedance of approximately 17 MRayls, matching

closely to the characteristic impedance of 6061-T6 series aluminum. Cost for mate-

rials and fabrication of a 63 mm x 63 mm piece of composite with the final design

properties was $558 USD, allowing the creation of 36 transducers after accounting for
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waste, thereby using $15.50 USD worth of composite per device. The composite was

attached to the aluminum lens using a thin film of Epotek 301 epoxy resin (Epoxy

Technology Inc.) at negligible additional material cost per device.

Our KLM code shows the epoxy film thickness and properties modify the overall

transducer output where simulations show increasing film thickness, while ensuring

the film is still much thinner than the operating wavelength, seems to establish a new

resonant cavity which could improve acoustic power output for a given input voltage

but at the cost of reduced bandwidth, as well as a frequency shift of the resonance. A

similar frequency shift and slight increase in transducer surface velocity when adding

thin glue layers was found in simulations by Dang in a 2001 thesis[122] while studying

the bonding of transducers for non-destructive testing to a wear plate, however, a one-

to-one comparison is not possible as the transducer in question was not a composite

and was backed. We believe this frequency shift suggests the effect of adding an epoxy

layer may be different from simply introducing a mismatch between composite and

lens, which would add a resonance but would largely maintain the resonance frequency

of the composite itself. The authors propose that the material selection and thickness

of this layer adds an additional tuning factor to device fabrication and, although not

explored in this work, could lead to further study to determine the trade-offs between

different layer compositions and thicknesses; however, further examination of these

factors was outside of the scope of this work as the epoxy layer effect was merely
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discovered as an outcome of manufacturing.

For this device, KLM models show that a film thickness of 20 µm was introduced

during manufacturing, shifting the maximum output frequency from 5 MHz for bare

composite to 6.8 MHz for the composite-epoxy-lens stack. This frequency shift can be

seen in Figure 4.2 where the model shows adding a lens directly to composite reduced

the peak efficiency frequency to 4.5 MHz compared to pure composite, while adding

the 20 µm epoxy layer moves this peak efficiency point to 6.8 MHz.
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Figure 4.2: From the KLM model, the addition of a 20 µm epoxy layer shifts the
output efficiency of the composite-lens-matching layer device from peaking at 4.5
MHz to 6.8 MHz, while also improving upon overall efficiency.

The aluminum lens was fabricated using a CNC milling process and designed to

focus at a 7 mm depth from the bottom of the lens curvature, resulting in a 3.7 mm

focal distance from the lens face. The curvature of the lens is elliptical and can be
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described using the following equation, derived from Fermat’s principle of least time:

y2 = x2

(︃(︂vm
vl

)︂2

+ 1

)︃
+ 2rfx

(︂
1− vm

vl

)︂
(4.1)

where y and x are cartesian coordinates for the curve, vm and vl are the longitudinal

wave speed in the ablation medium and lens, respectively, and rf is the focal distance

from the center of the lens curvature (x = 0 and y = 0), or focal radius. The elliptical

lens shape ensures no spherical aberrations in the lens, which are especially important

to avoid when the lens focus is smaller than the aperture. Note, the cost of each lens

was $51.50 USD for a low quantity, and could be reduced when ordering in larger

numbers.

On the lens face a quarter wavelength parylene matching layer was deposited

using the Specialty Coating Systems PDS-2010 Parylene Coater (Specialty Coating

Systems Inc., Indiana USA). Parylene has a longitudinal speed of sound of 2135 m/s

with an acoustic impedance of 2.75 MRayls [123], so a layer thickness of 78.2 µm

was deposited to match at 6.82 MHz. The cost of parylene deposition depends on

the number of devices being treated, but could be reduced to less than $10 USD per

device in small batches of at least five (5). The purpose of the matching layer is

two-fold: to increase bandwidth, and to reduce acoustic losses in the transducer stack

by minimizing the magnitude of reflections back into the device.
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A basic casing for the transducer was made using the Formlabs Form 2 3D SLA

printer (Formlabs, Inc., Somerville, MA USA) where the finished transducer was

installed and sealed with Epotek 301. The total resin cost for this casing was below

$15 USD based on the amount of resin used.

Overall, the major material costs of one of these transducers come from the com-

posite, lens, parylene, and casing costs which total $92 USD. This cost could be

further reduced when fabricated in bulk. Additionally, assembly time is limited by

curing of epoxy and parylene deposition but requires one person only a few hours of

work over four days.

4.3 Characterization: No Co-registration

Characterization of the non-coregistered transducer was done through electrical impedance

measurements both before and after lens bonding, a pressure field map near the trans-

ducer focus, a measure of the peak minimum focal pressure versus drive voltage, and

imaging of a single-cycle pulse generated bubble cloud. As mentioned, in-house cre-

ated KLM code was used to model the transducer electrical impedance, efficiency,

and power output. This KLM code was able to model, not only a bare piezoelectric

composite but also, the full transducer stack which included an epoxy bonding layer

and aluminum lens. To include the lens in the KLM model, the composite-lens stack

was divided into a set of concentric rings of equal area, each with equal backing,
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composite, epoxy and parylene layers, but with aluminum layer of varying height to

account for the lens curvature varying as a function of radius. For example, at the

center of the lens, a ring would be modeled as having a 2 mm aluminum layer as part

of the lens, while a ring at the outer edge would be modeled with a 4.4 mm aluminum

layer as the lens curvature is larger at the outer edge. Once each ring was modeled

in KLM separately, the electrical impedances for each ring were combined in parallel

to reconstruct the true device impedance. A similar method for transducer modeling

was presented by Marc̀hal et. al. in 2007 [124] where they used concentric rings in

KLM modeling of a lens while, additionally, modeling angle-dependent reflections at

mating surfaces.

The experimental electrical impedance, measured using an Agilent 4294A Preci-

sion Impedance Analyzer (Agilent Technologies, Santa Clara, USA), and the KLM

derived electrical impedance are shown in Figure 4.3 for a 10 mm diameter disc of air

backed and air loaded composite prior to attaching a lens.

For the KLM model to match impedance measurements, measured properties such

as composite thickness, volume fraction, density, and effective electro-mechanical cou-

pling factor were measured and entered into the model while damping coefficient,

clamped capacitance, and acoustic impedance were adjustable parameters. Adjust-

ment of the model acoustic impedance to match measurements was guided with knowl-

edge of the volume fraction and composition of the composite, and more accurately
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Figure 4.3: The electrical impedance of a bare piece of 10 mm diameter composite is
shown here, with a KLM model closely matching. This measurement was performed
with air backing and an air load on the composite.

determined by comparing the position of the impedance minimum and maximum.

Since the composite density was known, modifying impedance changed the compos-

ite speed of sound and thus the resonance and anti-resonance peaks in the model. By

matching KLM with the measured electrical impedance, it was determined that the

composite acoustic impedance was 13.8 MRayls, not the 17 MRayls designed for. The

damping coefficient had a strong effect on the shape of the phase plot so adjustment

of this to match between model and experiment was straightforward. Similarly, the

clamped capacitance had a significant effect on the the model resonance and anti-

resonance heights, as well as the impedance slope before and after these points, so

a value which brought the curves into close match could be chosen without effecting

other parameters. Full KLM values used for the composite are provided in Table 4.1,

with additional data for the lens, matching layer and epoxy bonding layer which are



87

used in KLM modeling of the composite-epoxy-lens stack. Note, that near 8 MHz in

the experimental impedance curve of Figure 4.3 is a second resonance feature corre-

sponding to a lateral mode of the composite which is not captured in KLM, as KLM

is inherently a one-dimensional model. This one-dimensional limitation also leads to

difficulties in matching KLM output to the full transducer electrical impedance when

a lens is introduced which is discussed later.

The discovered mismatch between the initial 17 MRayl design acoustic impedance,

which matched aluminum, and the 13.8 MRayls simulated composite impedance sug-

gests increasing the volume fraction of future composite designs is needed; however,

it was assumed there would be direct contact between the composite and lens and, for

Table 4.1: The bulk properties used for each KLM layer

KLM
Property

Composite Lens Parylene Epotek 301

Acoustic
Impedance
(MRayls)

13.84 17 2.75 3.05

Speed of
Sound
(m/s)

3650 6320 2135 2649

Attenuation
Coeff.
(Nepers/m)

190.2 0 0 0

Thickness
(µm)

303 Varied 75 20

Clamped
Dielectric
(1)

424.0 - - -

Effective
Coupling
Factor

0.573 - - -
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this 13.8 MRayl composite, the transmitted power to the lens would be 98.9% based

on the acoustic impedance mismatch. Matching of measured impedances to KLM

shows this to not be the case and, in fact, simulations show the epoxy layer intro-

duced a resonance-antiresonance feature in the measured and simulated impedance

curves in the 5 MHz to 7 MHz range, as visible in Figure 4.4.
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Figure 4.4: The upper plot shows the electrical impedance magnitude of a composite-
lens stack along with KLM models both with and without the bonding epoxy between
composite and lens. Modeling the bonding epoxy is necessary to ensure the KLM
resonance matches the measured resonance. Discrepancies are likely due to the in-
ability of KLM to model internal lens reflections. The lower plot shows the electrical
impedance phase where, again, the addition of 20 µm of epoxy allows KLM to more
closely match the phase characteristics.

The measured impedance magnitude (thin solid line) in Figure 4.4 (top) shows a

resonance near 5 MHz and an anti-resonance between 6.5 and 7.0 MHz; however, a

KLM model with composite in direct contact to the lens (dotted line) shows only a
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decreasing impedance magnitude with increasing frequency. The addition of a 20 µm

epoxy layer (thick solid line) is therefore necessary to capture the measured system

behavior in the model. Also of note are a number of small, 5-10 Ohm peak-to-

peak amplitude oscillatory features between 2 MHz and 7 MHz that are visible in

the measured impedance, and 10 - 20 degree peak-to-peak oscillations in the phase.

These variations are likely caused by internal reflections from the face and sides of

the lens back to the composite. A smaller version of the variation is captured by the

KLM models which can be seen in the KLM model plots. The difference in magnitude

of these smaller resonances is likely caused by the model assuming reflections are 1-

dimensional only and, therefore, cannot travel laterally between the concentric rings

in the sectioned KLM model, whereas in the real system these reflections would be

normal to the lens surface and travel in many directions within the lens.

The impedance phase curve in Figure 4.4 also shows the importance of an epoxy

layer where the 20 µm epoxy layer moves the maximum phase point from 4 MHz

to 6.5 MHz and increasing the value from -60 degrees to -20 degrees, again, more

closely matching to the measured electrical impedance. Experimentally, we’ve found

maximum pressure output closer to 6.8 MHz, the maximum efficiency point as shown

in Section 4.2 using KLM. Knowing the shift in output adding a lens creates, we can

calculate the focal pressure increase of adding the lens to composite by comparing

the focal pressure of the composite only, assumed to be a piston transducer, to the
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lens-composite stack, assumed to be a loaded concave radiator. Given a constant,

continuous wave drive voltage, we find that the surface velocity of the lens-composite

stack is 2.53 times smaller than the composite acting as a piston device due to damping

from the lens and, additionally, is shifted to 6.8 MHz. Using these peak surface

velocities, the axial pressure field for both the planar composite and the focused lens-

composite stack[125] was calculated. We find that the addition of the lens provides

a total pressure increase of 10.2 when compared to the composite itself due to the

high focal gain of the lens. With the frequency shift and pressure gain in mind, a

measure of the pressure field at maximum output drive frequency near the focus was

performed using a 0.04 mm needle hydrophone (Precision Acoustics Ltd., Dorchester,

UK) with a 7 MHz sensitivity of 5 nV/Pa. This pressure field is shown in Figure 4.5.

Figure 4.5: The transducer pressure field was measured centered at the focus, where
the transducer was driven at 20 V with a 6.8 MHz, 20 cycle pulse. The acoustic waves
are propagating in the axial direction. The focal -3 dB width in the radial direction
is show as measuring 0.145 mm, while the axial -3 dB length is 0.698 mm.
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The pressure field was measured in a 5 mm x 2 mm plane intersecting the trans-

ducer focus where the plane normal vector is perpendicular to the direction of acoustic

propagation. Using an XYZ-stage capable of micron accuracy and repeatability, the

0.04 mm needle hydrophone was scanned through the pressure field, where an oscil-

loscope recorded the peak-negative pressure while the transducer was driven using

a low-cost (<$100 USD) pulser based on the design by Brown and Lockwood [126]

with a 20 cycle, 20 V, 6.8 MHz pulse. The -3 dB width in the radial direction is

0.145 mm, or 0.207 mm full-width at half-maximum (FWHM), closely matching to

the theoretical FWHM for a focused concave transducer of 1.4λf = 0.222mm [125],

where λ is the wavelength at 6.8 MHz in water, and f is the f-number, 0.7, of the

transducer. In the axial direction, the -3 dB length measures 0.698 mm, deviating

from the theoretical -3 dB approximation of 7.2λ(f)2 = 0.799mm [125] by 13%. De-

viations between FWHM and -3 dB axial beam length theory and measurement can

be potentially be attributed to imperfect machining of the lens as well as the lens

being elliptical and not a constant radius of curvature as assumed in the calculations.

Note, that these beam measurements have shown that there is a single, sharp focus

for this transducer and no secondary lobes are high enough pressure to cause ablation

in tissue.

With the pressure field mapped, focal pressure as a function of drive voltage was

measured at steady-state using a 20 cycle, 6.8 MHz pulse to confirm the possibility of
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reaching the intrinsic cavitation threshold needed for histotripsy (26.1-27.9 MPa at

3 MHz in water [114]). Figure 4.6 shows the results of this measurement between 0

and 25 V, with an inset plot of a representative one-way single-cycle pulse response as

measured at the hydrophone to provide device bandwidth. Within the inset, temporal

ringing following the main pulse is likely a result of reverberation within the lens, and

potentially also ringing within the hydrophone which could not be uncoupled from

the measurement.
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Figure 4.6: The 10 mm diameter transducer focal pressure as a function of drive volt-
age was measured at steady-state using a hydrophone. A linear relationship between
pressure and drive voltage is seen from 2.5 V up to 17 V. Above 17 V, initial evidence
of cavitation at the hydrophone tip was seen as noise in the oscilloscope signal. At 25
V, cavitation at the hydrophone tip made pressure measurements inconsistent and,
therefore, measurements were stopped. The inset plot shows a one-way, single-cycle
pulse response as measured with the hydrophone. The ringing after the initial pulse
is likely due to reverberations within the lens. The pulse bandwidth is 59%.

The transducer was driven with a 20 cycle pulse train to ensure steady-state was

reached at 6.8 MHz with a pulse-repetition frequency of 100 Hz. A minimum drive

voltage of 2.3 V was needed for the drive circuit to power the transducer, after which
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point the pressure follows a linear trend of 0.29 MPa / V up to 25 V. Following a

linear extrapolation, to reach the water intrinsic threshold a drive voltage of greater

than 90 V should be needed for a multi-cycle pulse. In reality, the pressure will fall

off due to non-linear acoustic effects and, additionally, the pressure must exceed the

intrinsic threshold by a few MPa before cavitation probability reaches 100%[127], and

further still for consistent bubble cloud formation. After characterizing the steady-

state behaviour, additional experiments with cavitation were then performed using

single-cycle pulses in an attempt to create the smallest, most precise bubble cloud

possible while staying in the intrinsic threshold regime. A representative single-cycle

pulse, as measured at the hydrophone, is shown inset into Figure 4.6 where the pulse

has a fractional bandwidth of 59%. In initial single-cycle pulse experiments, a cavi-

tation bubble cloud in water wasn’t observed until reaching a minimum drive voltage

of 173 V, which is due a single-cycle pulse not reaching the same peak amplitude as

the 20 cycle pulse train as well as non-linear acoustic effects and reaching the 100%

cavitation probability pressure threshold. A single-cycle generated bubble cloud can

be seen in Figure 4.7.

This bubble cloud was generated in degassed, deionized water with a 6.8 MHz

single-cycle, single-ended 173 V pulse at a 50 Hz repetition rate. A 26 gauge needle,

nominal diameter 464 µm, can be seen in the image to provide scale for the bub-

ble cloud which measures 124 µm diameter with a length of 263 µm. Imaging was
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Figure 4.7: A cavitation bubble cloud is shown as a white spot here due to averaging
of multiple camera frames to produce an image. The bubble cloud measures approxi-
mately 263 µm in length, and 124 µm in diameter. A 26 gauge needle with a nominal
464 µm diameter is seen on the right for scale.

performed using a Zeiss Discovery.V20 Stereo Microscope and a Zeiss Axiocam ERc

5s digital camera (Carl Zeiss Microscopy GmbH, Jena, Germany) where the bubble

cloud was illuminated perpendicular to the direction of imaging, and a camera expo-

sure time of 400 ms was used for a single image, and 30 images averaged to recreate

the full bubble cloud shape. Length and width were determined by a thresholding

method, where the maximum brightness value measured at a representative area of

background only was used as the threshold and pixels above this brightness in the

bubble-cloud region were considered to be part of the bubble cloud. The widest pos-

sible values above this threshold along the x and y axes were used for bubble cloud

dimensions. This imaging is easy to do while cavitation occurs in water; however, in

tissue, visual imaging would be impossible at-depth, so the tool presented here can

instead be modified with the addition of a central hole, allowing an ultrasound probe
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through the center to image while ablation is being performed. We have created such

a co-registered ultrasound device and present some initial results for this device in

Section 4.4.

4.4 Co-registered Ablation and Imaging

To create a co-registered imaging and ablation tool, the focusing lens, which was

shown in Figure 4.1, was modified to add a 4 mm x 4 mm hole through the center

allowing an imaging tool to image the ablation area. In this work the imaging device,

developed in-house, was a 40 MHz, 64-element phased-array transducer packaged

in a 2.5 x 3.1 mm endoscopic form factor. This endoscopic phased array was fully

characterized by Bezanson et. al. in 2014[12]. The imaging beamformer used was

a sub-nyquist, variable sampling, high-frequency phased array beamforer presented

by Samson et. al. in 2017 [13]. Figure 4.8 shows the ultrasound endoscope with a

machined lens positioned at the end as was used during co-registered ablation.

For surgical applications, the device is mounted at the end of a hand-held tool

for fast user guidance so that ablation points can be targeted on-the-fly if desired.

Additionally, the tight lens focus and small ablation spot-size as well as the high-

resolution endoscope imaging window means the device has potential for use in small

animal studies where internal ablation, or highly targeted neural ablation with mini-

mal tissue heating, may be desired. Figure 4.8 provides an idea of the orientation of
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Imaging

Endoscope
Histotripsy

Lens

10 mm

Figure 4.8: The histotripsy ablation lens here has a center-hole to allow an imaging
tool to visualize the area in real-time during ablation. This particular endoscope is a
64-element, 40 MHz phased array endoscope designed and fabricated in-house[12].

the ablation lens relative to the endoscope. The final device design has the endoscope

tip slightly recessed from the lens curvature so that the endoscope does not occlude

the ablation tool while still having the ablation zone centered in the imaging window,

and the lens-composite stack is encased to ensure the composite remains air-backed.

Preliminary testing of the co-registered device found that, with the current drive elec-

tronics and the missing lens area needed to accommodate the imaging probe, a higher

voltage was needed to consistently cavitate. Figure 4.9 demonstrates this need for a

higher drive voltage with a plot of pressure vs drive voltage for the transducer with

a hole in the center.

Similar to previous measurements, the transducer was driven with a 20 cycle pulse

train at 6.8 MHz using a pulse-repetition frequency of 50 Hz. For the non co-registered

transducer characterized in Section 4.3, pressure increased at a rate of 0.29 MPa /
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Figure 4.9: Using a hydrophone, the 10 mm, co-registered ablation transducer focal
pressure was measured as a function of drive voltage. A linear relationship between
pressure and drive voltage is seen from 15 V up to 50 V. At 50 V, initial evidence of
cavitation at the hydrophone tip was seen and measurements were stopped.

Volt whereas for this co-registered device the pressure increases at a rate of 0.1 MPa /

Volt. In practice, this made it difficult to cavitate in water for the co-registerd device

as the pressure is reduced by a factor of 2.9. This pressure reduction is large when

considering the area lost by adding a 4 mm by 4 mm hole is only 20%; however, we

believe much of the additional loss in pressure is due to energy lost into side lobes

which are visible in the radial cross-section of Figure 4.11 as well as, potentially,

error in machining of the lens curvature. Despite the loss in pressure, since the shock

scattering cavitation threshold in fatty tissue (13.26 MPa at 1000 HZ pulse-repetition

frequency [128]) is lower than the intrinsic threshold in water, this device is still a

good candidate for targeted neural ablation since it can reach the shock scattering

threshold for fatty tissue and the brain consists of a high percentage of fatty tissue.

To test this, histotripsy cavitation was performed in ex-vivo chinchilla cerebral tissue
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submerged in degassed, de-ionized water, the results of which are shown in Figure

4.10.

In Figure 4.10a, the highly specular tissue is the cerebellum granular layer, the

large dark regions are the molecular layer, and within the granular layer can be

seen thin dark tracts which are white matter. The ability to identify these regions

using ultrasound is important for targeting specific parts of the brain. In Figure

4.10b, histotripsy ablation is in progress where the bright circular region between 7

mm and 8 mm depth is the bubble cloud in the process of ablating. In this case,

ablation is performed by driving the transducer with a 6.8 MHZ, 400 V, single-

ended 10 cycle pulse train at a pulse-repetition frequency (PRF) of 1000 Hz. Above

the bubble cloud, a channel can be seen from the cerebellum surface down to the

ablation zone, where cavitation was initiated at the surface and then plunged into

the tissue. The bright streaks in the image are electronic noise from the histotripsy

pulser and can be removed by synchronizing the histotripsy pulses to occur between

image lines. Using this device, ablations were repeatably performed on three separate

brain samples, in both the cerebral cortex and cerebellum, ablating line cuts from the

surface such as those seen in Figure 4.10, as well sub-surface volume removal such as

those demonstrated in previous work using a 20 mm aperture co-registered device [96].

The total count of ablations was not recorded, but was in excess of two for line cuts to

a depth of greater than 3 mm per brain sample, and in excess of five for sub-surface
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Figure 4.10: In the upper image (a), a Chinchilla cerebellum is imaged showing the
molecular layer (dark layer), the granular layer (highly specular), and white matter
tracts (thin dark lines in granular layer). In the lower image (b) which is of the same
tissue slice, a histotripsy bubble cloud, visible as a highly specular region near the
image center, has been plunged into the cerebellum. Both images were collected in
real-time using a co-registered 40 MHz endoscopic phased array. The arrows in (b)
point out the track followed by the bubble cloud, with the upper arrow pointing to
the ablation entrance.
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ablations per sample. In Figure 4.10b, ablation occurs only where targeted; however,

at higher pressures it is possible that side lobes could reach cavitation pressures as

well. To check for side lobes, the transducer pressure field was measured and is plotted

in Figure 4.11 showing a map of the transducer pressure field with visible side lobes

at ± 0.2 mm, 10 dB below the peak in the radial direction.
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Figure 4.11: The co-registered transducer pressure field was measured centered at the
focus, where the transducer was driven at 40 V with a 6.8 MHz, 20 cycle pulse. The
acoustic waves are propagating in the axial direction. The focal -3dB width in the
radial direction measures 0.116 mm, while the axial -3dB length is 0.752 mm.

It is important to keep these lobes below the pressure required to cavitate so,

for this device, peak pressure should be less than three times the shock scattering

threshold in the treated tissue. The -3dB radial beam width is measured at 0.116

mm and the focal length, or -3dB axial beam width, is 0.752 mm.
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4.5 Future Work

The successful creation of this tool opens many future avenues of research. Future

goals include further reduction in device size and optimization of the histotripsy

transducer output as well as improvement of the driving electronics and measurements

of the pressure field at higher drive voltages using a fiber optic hydrophone. The

authors plan to begin small animal studies to determine ability of the device to be

used in a hand-held manner, and additionally to evaluate the efficacy of using such a

device in the treatment of tumor tissue in the brain. Examination of the KLM model

results and potentially the creation of a finite-element model is further necessary to

determine the cause of a 5 MHz composite having maximum power output at 6.8

MHz when assembled as described in Section 4.2.

4.6 Conclusion

This study has shown the design and testing of a small, 10 mm aperture ablation

device which can create a histotripsy bubble cloud of sub-millimeter size. Further-

more, a co-registered imaging and ablation device has been presented which is capable

of real-time tissue imaging and ablation. The simplicity of these devices allow the

creation of multiple tools with minimum time and cost, while the demonstration of

cavitation in water at a drive voltage of 173 V suggests driving the tool directly with-

out matching circuitry or a transformer can keep the cost of the drive electronics low
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as well. The material cost was estimated at $92 USD for the transducer, and less than

$100 USD for the pulser, keeping the cost below $200 USD excluding power supplies

and function generator. Side lobes on the non-coregistered device are close to -20 dB

and of -10 dB on the co-registered device suggest the probability of cavitation out-

side the focus is low, however it should be considered under high power applications.

Additionally, a measured 59% one-way bandwidth for the non-coregistered device al-

lows the device to operate with a single-cycle or two-cycle pulse, maintaining a tight

focus. Overall, this work presents devices which show promise as a first step toward

a fully endoscopic imaging and ablation histotripsy tool and can be easily fabricated

by anyone who wishes to have a small, hand-held ablation ready device.



Chapter 5

Fabrication and Characterization of a 5 mm x 5mm

Aluminum Lens Based Histotripsy Transducer

Preamble

Chapter 5 presents work on creating a 5 mm by 5 mm aperture, histotripsy ablation

transducer using an aluminum lens for focusing of the histotripsy. The work for

this has been accepted for publication [129] in IEEE Transactions on Ultrasonics,

Ferroelectrics, and Frequency Control and is presented here in the form in which it

was submitted.

©2022 IEEE. Reprinted, with permission, from Jeffrey K. Woodacre, Thomas

G. Landry, Jeremy A. Brown, Fabrication and Characterization of a 5 mm Ö 5 mm

Aluminum Lens-Based Histotripsy Transducer, IEEE Transactions on Ultrasonics,

Ferroelectrics, and Frequency Control, April 2022.

In reference to IEEE copyrighted material which is used with permission in this

thesis, the IEEE does not endorse any of Dalhousie University’s products or services.
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Internal or personal use of this material is permitted. If interested in reprinting/re-

publishing IEEE copyrighted material for advertising or promotional purposes or for

creating new collective works for resale or redistribution, please go to http://www.

ieee.org/publications_standards/publications/rights/rights_link.html to

learn how to obtain a License from RightsLink.

5.1 Introduction

The development of new and novel surgical treatments can be a long and involved

process often taking decades from initial investigation to inter-operative implemen-

tation. Histotripsy for example, despite immense promise in revolutionizing ablative

non-invasive surgeries, has only recently reached clinical trials as a treatment for be-

nign prostatic hyperplasia, liver cancer, and calcified aortic stenosis [130]. Since one of

its earliest investigations being a 2004 study of cavitational ultrasound ablation of ex

vivo porcine and in vivo canine tissues [8], research in the Histotripsy field has led to,

over the almost two decades since, the creation of an extensive body of fundamental

research into the use of histotripsy including the use of a range of transducers oper-

ating at 345 kHz [114], 500 kHz [70], 750 kHz, [9], 1 MHz [112], and 3 MHz [113], the

consideration of transducer f-number and medium O2 saturation on ablation shape

and cavitation probability [114, 127], and a detailed examination cavitation initiation

http://www.ieee.org/publications_standards/publications/rights/rights_link.html
http://www.ieee.org/publications_standards/publications/rights/rights_link.html
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pressure thresholds characterized by tissue elasticity [69]. In parallel to the funda-

mental work, a number of animal studies have been published, some of which include

reporting on the efficacy of treating benign prostatic hyperplasia on a canine model

[32, 33], treatment of hepatocellular carcinoma in a porcine model [34], thrombolysis

in a porcine model [35], trans-cranial histotripsy through an excised skull cap [119]

and porcine cerebral ablations through craniectomy window [36]. The above is only

a sampling of studies and, despite the breadth of work already done, there is still a

great deal of research and development potential within the histotripsy space. For

neurosurgeons, the ability to ablate brain tissue in either a non or minimally inva-

sive fashion is certainly of interest; however, there may also be some advantages in

providing an endoscopic form-factor tool. Such a tool would resemble the hand-held

tools, such as the Integra CUSA or the Stryker SONOPET, already used in the op-

erating room as well as the tools attached to stereotactic robot system for targeted

positioning. The CUSA and Sonopet are contact-based ultrasonic aspirators reliant

on optical guidance for targeting and ablation. This reliance on optical guidance and

having to ablate through healthy tissue can leave surgeons unable or unwilling to risk

resections when tumors are intertwined with vasculature, or when a lack of precision

may compromise functional areas of the brain. The motivation for this work is to

demonstrate a device which could, with further refinement, be of clinical use by pro-

viding non-contact ablation at locations normally considered unresectable, especially
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if co-registered with ultrasound imaging. Overall, we believe there is the potential

for a range of histotripsy devices capable of operating over a number of frequencies,

and in various sizes, powers, and depths to displace either the CUSA or Sonopet as

the sole option for many tumor debulking scenarios.

Having a device capable of non-contact ablation while also having the ability to

target small volumes of tissue with a high-precision could be the difference between

ablating tumor and damaging sensitive tissue. Lin et. al. [113] were able to show that

in the intrinsic histotripsy regime, where a one or two cycle pulse reaches the peak-

negative pressure needed to generate cavitation events [131], sub-millimeter ablation

was possible using a 3 MHz focused transducer. To ablate at even finer spacial scale

it may be feasible to use a higher frequency device. However, the ablation rate and

frequency-dependent absorption could make cavitation initiation difficult. Operating

in the shock-scatter histotripsy regime, where cavitation occurs by reflected inversion

of a non-linear multi-cycle pulse reaching pressures below the cavitation threshold [71],

would lead to cavitation at a lower pressure due to the low stiffness of tissue in the

brain, mitigating some of the difficulties in high frequency operation. Shock-scatter

also benefits from a larger axial spot size by increasing the cycle number. It has

been shown that cavitation initiation requires non-linearly higher drive levels as f-

number increases from 0.5 toward 0.89 and, transducer dependent, can be difficult to

achieve as f-number increases further [127]. With an endoscopic device, it is therefore
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a design challenge to achieve an f-number with the ablation zone sufficiently outside

of the aperture to be useful, but not so far away that non-linear acoustic effects

make cavitation impossible. Having a lens made of a high speed of sound material,

such as aluminum, could allow the curvature to be less drastic compared to plastics or

epoxies, ensuring a smaller f-number comparatively. An aluminum lens would have an

acoustic impedance of 17 MRayl which can match a properly designed PZT-5A-epoxy

1-3 composite where matching of composite to aluminum lens has proven an effective

design in developing 10 mm diameter histotripsy devices [102]. At the endoscopic size,

being able to deliver more power per unit of drive voltage may prove useful if some

pressure overhead is needed, so a homogeneous porous ceramic designated Pz39 from

Meggitt Ferroperm, having an acoustic impedance of 18 MRayl and a relatively high

dielectric constant, is also being examined. Hard ceramics are not being considered

as their dielectric constants are typically low, requiring higher voltage levels than soft

ceramics to generate equivalent pressures while, additionally, the benefits from their

high Q are mitigated by the epoxy fill in a 1-3 composite.

With the above in mind, the work presented in this article shows that the fabrica-

tion of a high-frequency 5 mm by 5 mm aluminum-lens based histotripsy device with

a 6 mm focus is possible, and that the device can be capable of both cavitation free-

field in water while also performing sub-surface neural ablation of rat tissue in vivo.

Section 5.2.1 describes the materials and equipment used in fabrication and assembly
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for each device with electrical impedance measurements after assembly. Section 5.3.2

provides data on the pressure per volt for each device as well and their measured

pressure fields and comparison with simulated results. Section 5.3.3 examines pulse

settings used for cavitation in free-field as well as in vivo, and presents preliminary

results of an in vivo rat ablation experiment. Section 5.4 discusses the results pre-

sented and future directions for the work while Section 5.5 summarizes the presented

work.

5.2 Methods

5.2.1 Fabrication and Assembly

A cross-sectional schematic of the final 5 mm x 5 mm square lens histotripsy device

assembly is shown in Figure 5.1 along with a photograph of the aluminum lens on a

finger tip.

The lens is machined on a computer-numerically controlled mill with an elliptical

curvature instead of a spherical curvature to avoid potential spherical aberrations at

low f-number, a situation that can occur when tightly focusing a spherical lens where

all points on the lens surface do not focus to the same location. Thus, the use of

an elliptical curvature ensures acoustic plane waves emitted from the piezoelectric

element arrive at the focus with zero phase delay across the entire wave. The focal

distance is designed to be 6 mm from the deepest point on the lens curve, giving a
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Elliptical Lens:

Materials: 6061 Aluminum 

Acoustic Impedance: 17MRayls

Piezoelectric Element:

Acoustic Impedance: ~17 MRayls

Air Backing:

Acoustic Impedance: 

409 Rayls

¼λ Matching Layer:

Material: Parylene-C

Acoustic Impedance: 2.75 MRayls

5.0 mm x 5.0 mm

Flex Strip, Wire Bond, and Cable

Figure 5.1: On the left, a transducer schematic cross-section shows an air-backed
piezoelectric element, in this case either a 1-3 PZT-5A-epoxy composite or Pz-39, with
an elliptically machined aluminum lens topped with a quarter-wavelength parylene-C
matching layer. A 1.0 mm x 0.5 mm piece of flexible circuit board is adhered to the
back with cyanoacrylate glue and electrically connected to the piezo via wirebonds.
A wire is soldered to the piece of flexible circuit for external connection. Ideally, the
piezoelectric element would have an acoustic impedance matching that of aluminum -
17 MRayl. The inset image seen top-right is of the final machined lens on a finger-tip
for scale.

focal distance from the top of the lens of 4.36 mm. The f-number is calculated to

be 6/5 = 1.2. The lens material, 6061-T6 aluminum, was chosen so that a piezoelec-

tric element could be made to match the lens acoustic impedance, ensuring complete

transfer of energy from the element into the lens on each cycle. For this work, two

piezeoelectric materials with a close acoustic impedance to aluminum are compared:

a 1-3 composite of PZT-5A with a 40% volume fraction and measured 14 MRayls

acoustic impedance (Smart Material Corp., USA), and Ferroperm Pz-39 - a reported

18 MRayl porous structure ceramic (Meggitt A/S, Denmark). The dimensions, mass,
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and anti-resonance frequency of a representative piece of Pz-39 are measured to cal-

culate the actual acoustic impedance for the received batch of material.

On the face of the lens is a quarter wavelength matching layer of Parylene-C de-

posited using a Specialty Coating Systems Labcoter 2 Parylene Deposition System.

Parylene-C was chosen as its acoustic impedance of 2.75 MRayl [132] matches rea-

sonably between aluminum lens and water. To find the matching layer thickness, one

must first consider that previous work has shown that after bonding composite to

lens, the maximum acoustic output occurs at a higher frequency when compared to

the composite resonance [102]. This optimal output frequency is partially fabrication

dependent and changes based on how thin the epoxy bonding layer is between the

piezoelectric element and lens material and, in general, the maximum acoustic output

frequency shifts back to the composite design frequency as the epoxy bonding layer

thickens. For this device, the optimal output frequency was found to be 5.8 MHz,

and therefore the desired quarter wavelength matching layer thickness for Parylene-C

is 92 micrometers. The final thickness was measured to be 89 micrometers.

Assembled 5 mm x 5 mm lens devices can be seen in Figure 5.2 where the lens

is on the top, a casing designed and printed using the Formlabs Form 2 3-D SLA

printer (Formlabs, Inc., Somerville, MA, USA) houses the transducer, and an SMA

connector on the bottom allows cabling to the pulser. Internally, a small strip of

copper electroded flexible circuit board measuring 1.0 by 0.5 mm square (2% of the
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Figure 5.2: Two devices fabricated using Pz-39 (left, center) and one using PZT-5A
composite (right). An SMA connector on the rear allows cabling connection to a
pulser.

total piezo surface area) is adhered to the air-backed side of the piezo element using

cyanoacrylate glue, wirebonded to the element electrode using a wedge bonder and

20 µm aluminum wire. The circuit board is attached to the SMA connector high-

voltage pin via a solid wire soldered between the two. This technique of wirebonding

to the piezo was preferred over soldering to avoid damage to the electrode and local

depoling of the piezo. The lens is grounded via a sputtered electrode over the entire

outer surface of the device up to the SMA connector, a method which maintains a

small form-factor by avoiding any mechanical or solder connections on the side of the

lens while allowing batch processing of multiple devices at once. Overall, the device

measures 30 mm long and, has a cross-section of 6.6 mm, larger than the 5 mm lens

due to the casing and epoxy sealant.
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Once assembled, the electrical connectivity and quality of bonding between the

piezoelectric and lens is confirmed through electrical impedance measurements in the

range of 2 MHz to 10 MHz.

5.2.2 Acoustic Field Characterization

For a histotripsy transducer, a comparison of focal pressure as a function of drive

voltage, in this case as measured at the supply, for different devices can help to

estimate the lowest possible drive level needed to reach cavitation pressures. Using a

Onda HGL-0085 capsule hydrophone (Onda Corp, Sunnyvale, USA) with a 5.8 MHz

sensitivity of 32.86 mV / MPa, the peak-to-peak output focal pressure as a function of

drive voltage was measured for the PZT-5A and Pz-39 transducers. The peak-to-peak

pressure data was collected by pulsing each transducer to steady state with a negative

uni-polar square-wave 10 cycle, 5.8 MHz pulse at a 1 kHz pulse-repetition rate (PRF)

resulting in a duty-cycle of 0.17%. The data was averaged over 200 repetitions and

drive voltage ramped from -0.5 V to -10 V in 0.5 V increments.

Using the same Onda capsule hydrophone and an XYZ positioning stage, with the

transducer transmitting along the Z motion axis, the steady-state pressure field nor-

mal to the transmission axis and through the focal plane was measured by positioning

the hydrophone at focus and stepping the transducer in the X and Y directions over

a 2 mm by 2 mm focus-centered grid with a grid spacing of 25 µm. Additionally, the



113

transducer steady-state pressure field was measured in a line along the transmission

axis through the focus by placing the hydrophone at the focus and then moving along

a focal-centered path measuring 4 mm in length in 25 µm increments and collecting

peak pressure measurements at each step.

Both the pressure field in the focal-intersection plane and the axial pressure plot

are compared to simulated pressure fields produced using the k-Wave Toolbox [101] in

MATLAB 2020b [133]. The simulated pressure field was generated by defining parts

of the kWave grid representing the lens as aluminum and the rest as water. The grid

spacing was 25 µm, and a continuous-plane wave pressure source was generated on

the back of the lens at 5.8 MHz. The simulation time step was 10 ns.

Nonlinear acoustic simulations were also performed using HITU Simulator v2.0,

an open-source high-intensity therapeutic ultrasound MATLAB package developed

at the United States Food and Drug Administration [134]. These simulations were

intended to confirm that the field becomes highly nonlinear - a requisite of shock-

scatter histotripsy. The simulation is 2D circularly symmetric, so the square lens

transducer is approximated as a curved bowl with an aperture area of 25 mm2, and a

geometric focus of 6.0 mm. The transmit power level in the simulation is determined

by equating measured transducer focal pressures for the Pz-39 device at low, known

drive voltages to simulation focal pressures. The simulated transducer was pulsed at

5.8 MHz continuous-wave with output power equivalent to drive levels of: 10 V, 30 V,
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50 V, 70 V, 90 V, and 110 V. Above 110 V the simulated pressure field shows unstable

results, and computer hardware had insufficient memory to expand the computational

grid. Only the Pz-39 device was simulated as the identical geometries between the

PZT-5A and Pz-39 devices ensures their simulation results would be scaled versions

of each other.

5.2.3 Drive Settings and In Vivo Ablation

Drive settings to induce cavitation in water were determined experimentally by ramp-

ing the pulser voltage until free-field cavitation could be visually observed. In brain

tissue, ultrasound imaging feedback was used to determine if cavitation was occurring.

For the in vivo experiment, a young adult male Wistar rat was used. The proce-

dure was approved by the Dalhousie University Committee on Laboratory Animals.

The rat was anesthetized with isoflurane in O2 flowing at 1.5 L/min (4% induction,

˜2% maintenance) and the head was fixed in a stereotaxic frame with ear bars. Lo-

cal analgesic (0.25% bupivicaine, ˜0.6 ml) was injected into the scalp, and atropine

sulfate was given (0.06 mg/kg) to reduce airway secretions. Body temperature was

maintained at 37◦C with a homeothermic heat pad, and breathing rate was monitored

by the signal from a cantilevered bimorph piezoelectric actuator under the chest.

The scalp was incised and a 13 mm circular craniectomy was performed, centered

on midline and bregma -4.1 mm, and extending down the side of the skull several mm.
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The dura mater was left intact. The histotripsy device and an ultrasound imaging

probe were clamped to a stereotaxic micromanipulator and positioned orthogonally

to each other. The position of each was first adjusted in water during imaging and

cavitation to ensure the bubble cloud was positioned in the center of the image win-

dow. The manipulator was then moved to place the co-registered devices over the

brain. A schematic of the overall setup is shown in Figure 5.3. Ultrasound gel was

used as an acoustic coupling medium. A rat brain atlas was used as an anatomical

guide [135] with the final treatment position being roughly bregma -6 mm. After

histotripsy testing was finished, the rat was immediately sacrificed with an overdose

of sodium pentobarbital.

1mm

Image

Section

Ablation

Spot

Brain

Skull

Positioning

Arm

Figure 5.3: A schematic of the in vivo experiment shows the imaging probe and
histotripsy probe co-registered and targeted through the craniectomy opening. The
devices are attached to a motorized positioning arm for targeting.
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The ultrasound probe which provided real-time imaging of the histotripsy treat-

ment was a 30 MHz 64-element phased array probe fabricated as published by Bezan-

son et. al. [12] connected to an in-house developed beamformer system detailed in

Samson et. al.[13] which was modified to trigger histotripsy pulses only between

image lines at a PRF of ˜1 kHz. Ablation was targeted at a depth of 3 mm and main-

tained for 12 seconds until the bubble cloud size size visibly reached steady-state.

Custom Power Doppler firmware, as presented by Landry et. al. [136], was used on

the beamformer to show blood-flow within the brain, and to provide improved cavi-

tation feedback compared to a standard B-mode image [137] by temporally detecting

rapid changes in speckle and applying a color map overlay based on these changes.

5.3 Results

5.3.1 Fabrication and Assembly

It has been shown previously [102] through KLM simulations and device measure-

ments that if the bonding layer between piezo and aluminum lens is thin then the

typical single resonance-antiresonance behavior seen in impedance measurements of

unloaded piezo elements is lost, and instead replaced with a heavily damped oscilla-

tory impedance magnitude and phase which shows little or no response around the

original resonance. This multimodal response is due to the curved geometry of the

lens bonded to the piezo element. As the bonding layer between piezo and lens grows
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in thickness, is uneven, or the piezo is partially delaminated from the lens, the elec-

trical impedance tends to return to the typical undamped behavior. Figure 5.4 shows

the electrical impedance measurements for the 5 mm x 5 mm lens devices where a lack

of single mode resonance-antiresonance behavior in the PZT-5A (solid-black) and the

Pz-39 curves (dashed-red) suggest bonding was successful.
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Figure 5.4: The electrical magnitude and phase for a PZT-5A transducer (black solid
lines) and a Pz-39 transducer (maroon dashed line) are shown after the lens and piezo
are bonded which adds a number of damped resonances.

For the batch of Pz-39 used in this work, a piece with a resonance peak at 1.1825

MHz, measuring 15.78 by 15.80 by 1.532 mm with a mass of 2.57 g was calculated

to have an acoustic impedance 24±0.1 MRayls using the formula Z = ρc = ρ(2tfp)

where t is the thickness, and fp is the peak resonance frequency and ρ is the density.
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5.3.2 Acoustic Field Characterization

The peak-to-peak pressure versus voltage data for the Pz-39 and PZT-5A devices is

plotted in Figure 5.5.
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Figure 5.5: The peak-to-peak focal pressure vs drive voltage for a 5 mm x 5 mm lens
PZT-5A composite transducer is plotted in black with a linear fit, showing a pressure
increase of 20.9 MPa / 100 V in the low-voltage regime. For the Pz-39 transducer,
plotted in red, a linear fit shows a pressure increase of 35.8 MPa / 100 V.

It was found that the peak-to-peak pressure increased at a rate of 20.9 MPa / 100 V

for the PZT-5A device and 35.8 MPa / 100 V for the Pz-39-based transducer. The

ratio of these pressure curve slopes is 1.71. Extrapolating the pressure curve and

assuming symmetric pressure fields, a drive voltage of ˜145 V for the Pz39 device,

and 250 V for the PZT-5A device should be needed to reach a peak-negative pressure

of 26.1 to 27.9 MPa, the reported intrinsic threshold of water at 3 MHz [114]. This

a linear voltage extrapolation provides a starting point for finding cavitation drive
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level.

Focal pressure field scan data presented in Figure 5.6 shows the -3 dB width is 0.31

mm in both the X and Y directions, while the full-width at half-maximum (FWHM)

measures 0.43 mm in each axis. Additionally, side lobes are symmetrically positioned

about the focal peaks in the X and Y planes measuring no more than 20% of the

peak pressure. Note, the lack of full circular symmetry for the side-lobes, visible in

the surface map as dips in pressure out of the X and Y focal planes, is caused by the

square lens aperture. The FWHM for the simulated data is 0.42 mm and the overall

shape matches closely to measured values with notable deviations of between 4 and

5 dB in the side lobe amplitudes.
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Figure 5.6: A surface plot of the measured pressure field in a focal-intersection plane
normal to the direction of acoustic propagation shows a -3 dB width of 0.31 mm and
a FWHM of 0.43 mm in both the x-direction and y-direction. Side lobes are seen
symmetrically positioned about the peak which measure, at most, 20% of the peak
pressure. The red dashed line plotted along the x-position versus pressure axis shows
a kWave simulated pressure measurement, where the FWHM is found to be 0.42 mm
in both the x and y-directions.
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The axial pressure along the direction of acoustic propagation intersecting the

focus, both measured and simulated, is presented in Figure 5.7.
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Figure 5.7: The normalized pressure measured along the symmetry axis of the trans-
ducer through the focus, along with a k-Wave simulated pressure along the same axis.
The measured -3 dB depth of field for our transducer was found to be 1.9 mm, while
the simulated -3 dB depth of field is 2.1 mm. Measured -6 dB beam length was 2.9
mm.

Along the central transducer axis, the normalized pressure plotted as a function

of distance from focus shows that the -3 dB pressure drop ranges from -1 mm, which

is closest to the lens, to 0.9 mm further out in the pressure field for a depth of field

length measured to be 1.9 mm. The measured -6 dB beam length was 2.9 mm. Given

the depth of field is larger than the beam width, it is expected that ablation with this

transducer will also produce tissue damage in an axially elongated shape if allowed

to ablate for a long enough period. The simulated k-Wave pressure along the focal

axis is plotted as a dashed red line and has a -3 dB length of 2.1 mm - 0.2 mm larger
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than the measured value.

The simulated nonlinear peak positive and peak negative pressure curves in Figure

5.8 show a progression from a relatively symmetric pressure field at the 10 V drive

level, where the peak positive pressure is 1.86 MPa and the peak negative is -1.7 MPa,

to a highly asymmetric pressure field where the peak positive pressure measures 46.2

MPa and the peak negative pressure is -13.8 MPa.

0 2 4 6 8 10

Axial Position (mm)

-20

-10

0

10

20

30

40

50

P
re

s
s
u
re

 (
M

P
a
)

10 V

30 V

50 V

70 V

90 V

110 V

Figure 5.8: The axial peak positive and negative pressures for a 6 mm focused trans-
ducer at simulated drive levels of 10, 30, 50, 70, 90 and 110 V show the progression
of pressure asymmetry as the field becomes nonlinear.

5.3.3 Drive Settings and In Vivo Ablation

For the PZT-5A device, no drive level resulted in free-field cavitation in degassed

water. Using the pulse settings described in Section 5.2.2, the PZT-5A transducer

was pulsed directly up to a drive level of 500 V, the maximum level of the pulser,

without observing a bubble-cloud. Previous work found that using a 5 m length of
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50 ohm RG174/U coaxial cable could act as a series tuning element for the 5 mm by

5 mm PZT-5a device, effectively boosting the drive voltage across the piezoelectric

by a factor of 1.6 [138]. Using this 5 m cable, the drive voltage on the transducer

was increased to 600 V; however, no cavitation event was observed and afterward the

device was no longer capable of cavitation against a solid surface. After pulsing at

600 V, a change in the device impedance was measured - shown in Figure 5.9 with

the magnitude shifting upward by 20 to 25 ohms and notable peaks appearing at 6.4

and 7.2 MHz.
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Figure 5.9: After driving the PZT-5A device to 600 V some resonance behaviour seen
as a spike in phase at 6.2 MHz is observed, while a shift in the impedance magnitude
suggests a drop in the clamped dielectric as a whole.

For the Pz-39 based device, a drive level of 220 V and the same settings as above

resulted in free-field cavitation in degassed water. Given the results presented in

Figure 5.5 it was expected that a drive level 1.71 times greater than that of Pz-39 -

i.e. 372 V - would be needed for the PZT-5A device to reach the cavitation threshold.
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Since the PZT-5A based device was unable to cavitate free-field, no attempt was made

to use it on a live subject. For in vivo treatment, ablation settings were as used in the

degassed water, however, drive voltage had to be increased to 280 V for ablation to

occur. An example B-mode image from the experiment is shown in Figure 5.10 where

the B-mode image shows the right side of the brain near bregma -6.0 mm during

ablation with the cortex, midbrain, and midline labeled.
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Figure 5.10: A B-mode image taken on the right side of the brain near Bregma-6.0
mm during histotripsy treatment shows the bubble cloud as a small bright spot within
the labeled region of interest. The brain midline, cortex, midbrain, and edge of the
skull are all indicated.

Power Doppler provides imaging of blood flow from the brain surface inward to-

ward the cortex through a number of small vessels. The bubble cloud can be seen as

a bright point centered within the region of interest, marked by a dashed-line box. To

examine how the ablation progresses with time, Figure 5.11 provides a pre-ablation
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through post-ablation time-series of B-mode image frames with Doppler overlay ro-

tated and expanded from the region of interest in Figure 5.10. The frame times are

individually labeled and referenced with respect to the start of ablation at time zero

(0).
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Figure 5.11: A temporal progression of B-mode images with Power Doppler overlay
focused on the ablation region from Figure 5.10 shows that from time t = 0 s, when
ablation is initiated, to time t = 12 s, just prior to ablation cessation, the ablation
zone grows, leaving an anechoic region indicated in frame t = 13 s. At time t = 38.5
s, 25.5 s after stopping treatment, the anechoic region has regained specularity.

In the time t = 0 s frame a white arrow indicates the initial bubble cloud site

location, measuring 0.4 mm both laterally and axially, which appears bright in the

Power Doppler image. The ablation size progresses with a visual asymmetry in size

starting near t = 6.5 s and reaching a maximum of 1.9 mm laterally and 3.4 mm

axially at time t = 12 s just prior to the end of treatment. After treatment an

anechoic region is observed which, by time t=38.5s, has filled in with a specular fluid.
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5.4 Discussion

The impedance curves after bonding show that the piezo and lens were well bonded,

and it is believed a relative estimate of the pressures between devices can be extracted

from the impedance data presented in Figure 5.4. To first approximation, one can

guess that the Pz-39 based device will deliver more pressure strictly due to its lower

overall impedance magnitude, but, this does not account for power factor or how

much real power is delivered to the device itself. For a numerical estimate of the

pressure ratio, in-house Krimholtz-Leedom-Matthaei (KLM) [139] code previously

developed for work on 10 mm aluminum histotripsy lenses [102] was used. With

KLM code, which can simulate the composite, monolithic piezoelectric, and lens as a

bulk material with effective properties [120, 121], it was found that at the maximum

pressure output frequency of 5.8 MHz the Pz-39 device generated 1.78 times more

pressure than the PZT-5A composite-based device. Interestingly, by comparison the

ratio of the measured pressure curve slopes in Figure 5.5 is 1.71 - a less than 4%

difference from the estimated pressure ratio based on KLM modeling. This result

could be useful for determining pressure output of future devices and should be tested

across multiple devices and piezo materials to better confirm accuracy of such an

estimate.

Even with the pressure gained by the use of Pz-39, a device at this size, frequency,
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and f-number seems to push the limits on fabrication and materials where small vari-

ations can be the difference between reaching the cavitation threshold. One simple

change to improve pressure output would be to address the mismatch of acoustic

impedances between lens and piezo elements. The lens, composite, and porous ma-

terials have impedances of 17, 14, and 24 MRayls respectively, resulting in pressure

transmission coefficients of 0.90 between the composite and lens and 0.83 between

porous material and lens. It is not expected that achieving a transmission coefficient

of 1.0 would directly gain 10% and 17% in pressure for each material respectively,

but modeling through either KLM or FEM could be used to determine if the output

pressure is significantly improved. The composite mismatch could be addressed by

increasing the volume fraction, but the porous material would need the purchase of

a batch more closely matching the reported acoustic impedance of 18 MRayls.

Some differences between measured and simulated pressure fields were noted in

Figures 5.6 and 5.7. Within the k-Wave simulation it was found that a discrepancy

of the magnitude seen in Figure 5.7 would require an alignment error of 5◦ between

the transducer and the motion stage Z-axis, but this would have been a noticeable

misalignment it is not believed to have been the sole contributor. Instead, discrep-

ancies between simulation and measurement for both Figures can likely be explained

by a combination of imperfect machining of the lens, internal reflections in the lens

influencing the pressure field, and partially through a mis-alignment of the transducer
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which would amplify errors in the axial direction as the axial -6dB length measures

6.7 larger than the radial FWHM. The side-lobe pressures remained relatively low and

may not be of concern during ablation as it is well below the cavitation threshold.

Still, it was important to quantify these off-axis pressures to ensure there would be

no off-target bubble clouds generated outside the desired treatment zone.

The non-linear pressure field simulations could not cover the drive levels required

for cavitation due to computational memory limitations in creating a fine enough grid

to avoid aliasing of spatial and temporal harmonics, but the results of Figure 5.8 do

confirm a strong pressure asymmetry exists well below the 220 V level needed for

cavitation. It is unclear from the simulation if peak-negative pressures needed for

intrinsic threshold histotripsy could be reached. It is recommended that future work

measures the transducer pressure field with a hydrophone capable of operating at

much higher pressures to provide a comparison between simulation and experiment

in the non-linear regime.

In practice, the intrinsic threshold needs to be exceeded to consistently produce

a bubble cloud, and a linear approximation does not account for non-linear acoustic

effects which present themselves at higher pressures and for f-number devices even in

the 0.5 to 1 range [127], so it was not expected that the linear extrapolation of data

from Figure 5.5 would provide an accurate cavitation drive level. Nevertheless, the

5 mm by 5 mm PZT-5A device being unable to cavitate in water was unexpected



128

as extrapolation of the data in Figure 5.5 suggests drive levels of 370 V should have

provided a pressure equivalent to the Pz-39 at 220 V. The PZT-5A device was pushed

to 500 V successfully, but when driven to 600 V could no longer cavitate against a

solid surface - something this device was, and most histotripsy devices are capable of

at drive levels well below the free-field cavitation threshold. This initial inability to

cavitate at drive levels up to 500 V could have been caused by non-linear properties

of soft ceramics or saturation of the piezoelectric, although, partial delamination of

the matching layer from lens cannot be ruled out. We are confident, given no change

in electrical impedance after cavitation testing up to 500 V drive levels that the cause

was not due to delamination of the piezoelectric from the lens at that point, however,

after pushing the device to 600 V an impedance change, seen in Figure 5.9 was noted.

The shift upward indicates a reduction in the clamped dielectric, and the inclusion of

a phase spike at 6.2 Mhz indicates some initial delamination of piezo from lens. The

authors believe a more rigorous study and breakdown of multiple devices driven to

destruction could lead to insight as to the exact failure mode, however, this study is

outside the scope of the current work.

Despite issues with the PZT-5A device, the ability of the Pz-39 device to cavitate

both free-field and in vivo shows promise for the material itself and the overall trans-

ducer design. However, it can not be over-stated how much the material properties

of the piezoelectric, the pulse characteristics, and the machining quality of the lenses
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play a role in the device success. In previous work a composite of CTS 3257HD, a

high-dielectric material, was made and tested on a 5 mm by 5 mm lens[140]. It was

abandoned as a material for histotripsy due to rapid degradation of the transducers

when driving at cavitation voltages. A similar behavior was observed for Pz-39 based

devices when driven single-ended above 300 V, as some transducers could lose their

ability to free-field cavitate after only operating for minutes. The cause seems to be

breakdown of the ceramic material and, whether electrical or mechanical, this requires

further investigation to determine if solutions such as driving the device bi-polar to

avoid electrical breakdown, backing to reduce internal stresses, or reducing overall

Pz-39 drive voltage by attaching a separate pump transducer to boost pressure such

as was done by Mallay et. al.[141], may avoid damage to the piezo element.

To account for the difference between the free-field cavitation threshold in water

and the increase to 280 V needed for consistent cavitation in brain, the acoustic

properties of the tissue must be considered. Unfortunately, the neurological tissue

cavitation threshold has not reported in rodent models. The cavitation threshold in

a sheep brain was found to be lower than degassed water, with 22 MPa guaranteed to

cavitate at 660 kHz[142]. The threshold for some tissues was found to increase by a

few MPa as frequency increases from 500 kHz to 3 MHz [114], so we will assume the

threshold in brain is somewhere in the range of 24 to 26 MPa, slightly below but very

close to that of water. The best attenuation coefficient estimate we could find is for
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mouse brain, measuring 30 Np/m, or 0.26 dB/mm at 6 MHz [143]. Ablating 3 mm

subsurface would then lead to a 9.4% pressure drop in tissue. With our upper estimate

of brain cavitation threshold, a 240 V drive level should have caused cavitation in the

brain since 220 V was the free-field drive level needed in water. The additional 40 V

drive increase required could be caused by reflection at the gel-brain interface or from

non-linear absorption, meaning higher harmonics which would normally contribute to

shock-scatter histotripsy are being preferentially attenuated due to the attenuation

coefficients linear frequency dependence. Though we did check for visible bubbles

with a surgical microscope prior to device placement, there is also the possibility

that small bubbles in the coupling gel caused a reduction in focal pressure due to

scattering.

After ablation, an arrow lower than the center of the power doppler signal from

previous frames indicates an anechoic region in the t = 13 s frame of Figure 5.11.

Previous work on imaging ex vivo tissue with high-frequency ultrasound during abla-

tion has shown this anechoic region to be where tissue has been liquified[98, 102] and

the region remained anechoic indefinitely. For this in vivo experiment the anechoic

region becomes specular between t = 13 s and t = 38.5s - potentially as the volume

is flooded with blood. Prior to this change conservative visual estimates of where the

tissue transitions from specular to anechoic measure it to be 1.0 mm axially and 0.5

mm laterally. Note, this is smaller than the largest power doppler cloud size seen in
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the t = 12s frame suggesting power doppler may overestimate ablation size. Overall,

the change from anechoic to specular and the apparent mis-match between power

doppler and ablation locations suggests it is necessary to perform a more in-depth

multi-animal study with sectioned and stained histology slides to compare how power

doppler signal correlates to ablation in the brain and what the ablated volume cellular

contents are post-treatment. This future study will be especially important given the

need for precise and accurate ablations.

Successful in vivo treatment with this device means it could quickly and easily

be adapted to a number of pre-clinical experiments where tight, precisely targeted

ablations are needed and a co-registered imaging device can be utilized as a feedback

mechanism. For use as a surgical tool, additional work on examining the effects

of ablation parameters including PRF, pulse number, and applied time need to be

performed in conjunction with sectioning and staining of the ablated area to ensure

targeting was accurate and collateral damage was minimal. It may be possible to

consistently provide sub-millimeter ablations without using ultrasound feedback if a

stereotactic surgical robot can position the transducer accurately, provided improved

treatment timing estimates can be established.
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5.5 Conclusion

In this work, a 5 mm by 5 mm aluminum lens based device operating at 5.8 MHz using

Pz-39 as the active element was demonstrated to perform shock-scatter histotripsy

both free-field in water and in vivo within a rat model. Monitoring of bubble cloud

initiation and continued cavitation could accomplished using power Doppler and,

post ablation, treated volume could estimated and observed real-time with B-mode

imaging of an anechoic zone. Overall, the successful in vivo ablation of tissue provides

a stepping stone for a number of further studies on not only pulsing parameters for

ablation size and shape, but specific treatments in animal and eventually human

models.



Chapter 6

A Fresnel-based High Frequency Histotripsy Transducer for

Pre-Clinical Applications

Preamble

Much of the previous work has focused on minimizing a transducer for neurosurgery,

specifically treatment of cancer, but, testing of cancer treatments often begin in pre-

clinical in-vivo or ex-vivo trials. Chapter 6 presents work on a gel-coupled flat-

aperture 15 mm diameter histotripsy device with co-registered imaging. The work

is formatted for publication and, as such, has some repeated content from the back-

ground with project specific details.

6.1 Introduction

Using animal models to bridge the gap between bench-top experiments and human

trials is commonplace in todays medical research. Some examples of animals used

in cancer treatment include, pig models for intestinal cancer [144], canine models

for soft tissue sarcomas, osteosarcomas, and lymphomas [145], and the VX2 rabbit

133
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model for hepatocellular carcinoma [146] among others. However, by far the most

used animal model in modern science is the mouse. Whether due to their low cost,

ease of handling or relatively simple ability to introduce genetic modification, the

murine model is often the starting point for researchers moving past the petri dish or

the ex-vivo regime to in-vivo experiments.

Histotripsy - a non-thermal ultrasound tissue ablation technique, has been ex-

plored in animal models for years with treatments such as ex-vivo renal ablations

in rabbits [32], in-vivo ablation of benign prostatic hyperplasia in a canine model

[32, 33] and hepatocellular carcinoma on a porcine model [34], thrombolysis in a

porcine model [35], as well as boiling histotripsy (BH) ablation of in-vivo porcine

liver and kidney tissue [42] to name a few. A number of experiments on murine mod-

els have also been performed including treatment of subcutaneous tumor models using

BH [40], BH treatment of renal cell carcinoma[41], histotripsy on hepatocellular car-

cinoma [81], and immunotherapy enhancement through combination with histotripsy

[82]. However, the relative number of studies currently in literature does not seem

commensurate to the potential of histotripsy, suggesting there may be some barrier

to entry into the field. One potential barrier may be the due to the complexity of

and inability to source low-cost histotripsy devices, requiring them to be fabricated

in-house. It is believed that a device which can be gel-coupled to tissue and is as



135

simple to operate as a standard clinical ultrasound would reduce this barrier to en-

try in histotripsy work, allowing researchers around the world to explore histotripsy

as a treatment option for numerous conditions. With the above in mind, this work

presents a single-element 15 mm flat-aperture, 6.0 MHz histotripsy device designed

with hand-held applications in mind.

An operating frequency of 6.0 MHz was chosen to achieve a tight focal spot, po-

tentially allowing ablation of smaller murine organs such as the kidney, pancreas, or

thyroid whose dimensions only measure on the order of millimeters [83]. To avoid the

need for, but not necessarily exclude the possibility of, using a water-bath to couple

devices to animals a flat-aperture design allows coupling with standard ultrasound

gel. A water-bladder on the transducer face was also avoided to ensure air-bubbles

and the potential for leaks was a non-issue, instead relying on an epoxy-fill of the

transducer curvature which has been reduced substantially using a Fresnel-based lens

design. Characterization of the device is performed using a combination of simulation,

hydrophone measurements, and bubble-cloud images under microscope magnification.

A version of the device with a central hole for future addition of a co-registered imag-

ing probe was also tested for cavitation potential. The reduced curvature of a Fresnel

lens may be preferred for co-axial co-registration to avoid significant attenuation of

the imaging array output due to epoxy fill, while also avoiding having the endoscope

protrude well into the lens curvature.



136

Section 6.2 of this work details the design and fabrication steps used for this

lens-based device while Section 6.3 provides information on the experimental char-

acterization setup and equipment. In Section 6.4.1 both measured and simulated

data for the full-aperture device and the device with a central hole are presented

and compared, and a discussion of the presented results can be found in Section 6.5.

Section 6.6 concludes the work with a brief summary and some future direction for

this research.

6.2 Design and Fabrication

Design of the transducer stack follows the methodology of Woodacre et. al. [102]

with a device consisting of an 6061-T6 aluminum lens, an air-backed piezoelectric

material with an acoustic impedance closely matching that of the lens, a thin epoxy

bonding layer between lens and piezoelectric, a parylene-C matching layer on the

lens surface, and a casing designed and printed using the Formlabs Form 2 3-D SLA

printer (Formlabs, Inc., Somerville, MA, USA) housing each transducer. The key

difference in this device is the use of a Fresnel lens to avoid the deep curvature of

previous lens designs.

Figure 6.1 shows that the Fresnel lens is designed by combining multiple curves

(black) all focused to the marked axial location at 8 mm (X) and axially offset from
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each other by a distance Df , calculated as,

Df = Nf
vmvl

vl − vm

1

f
(6.1)

where f is the operating frequency and Nf is the number cycles delay between waves

arriving to the focus at that frequency from each curve, vl is the acoustic wave velocity

in the lens, and vm is the wave velocity in the medium of interest. Equation 6.1 is

derived by assuming a plane wave impinges on the back of the lens and that the

time-of-flight from each Fresnel ring arrives at the focus delayed from its neighbours

by an integer number of wavelengths.
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Figure 6.1: Multiple curves (black) all focused to the marked axial location at 8 mm
(X) and offset from each other by a distance Df form the basis of the Fresnel lens.
For this work, moving along each curve and stepping back to the next curve once the
axial position reaches 0.64 mm creates the blue dashed line which can be revolved
about the symmetry axis to form the Fresnel lens surface shape.
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In this specific case, Df = 0.644 mm where the values used to calculate Df are

provided in Table 6.1 and the lens and medium are aluminum and water, respectively.

Note, the lines stepping between curves in Figure 6.1 need not only travel axially, nor

do they need to be equal length (they are not in this case). For ease of machining,

Nf was chosen to be two (2) which results in seven emitting surfaces for a 15 mm

diameter device. A value of one (1) for Nf would lead to 13 surfaces, the outer few

of which would have dimensions difficult to achieve in CNC fabrication.

Table 6.1: Properties Used For Fresnel Lens Design

Property Nf (unitless) vm (m/s) vl (m/s) f (MHz)

Numerical
Value

2 1480 6320 6.0

Revolving the Fresnel curve from Figure 6.1 about the symmetry line and adding

2 mm of material to the lens for additional rigidity results in the final lens design

shown Figure 6.2 with CAD renderings of the front, side, and cross-section views, as

well as a picture of the final machined lens itself (bottom-left) and the lens if used in

a co-registered imaging device with a 5.7 mm diameter central hole (bottom-right).

A cross-section view shows that the inner surface as well as five (5) rings have been

machined, while the outer-most ring was not fully machined and does not contribute

acoustically as it is occluded by the next innermost ring.

Two piezoelectric materials were used: a 5 MHz 1-3 PZT-5A-polymer dice-and-

fill composite with an acoustic impedance calculated to be approximately 14 MRayls
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Figure 6.2: Top, side, and cross-section renderings of the final lens design are shown
along the top, where the cross-section shows six separate surfaces. The bottom left
and right images show the final machined Fresnel lens, both without and with a hole
for co-registered imaging.

(Smart Material Corp., USA), and a porous piezoelectric material, Meggitt PZ-39,

with an acoustic impedance reported to be 18 MRayls (Meggitt A/S, Denmark). Both

materials match closely enough to the aluminum lens that reflections at the piezo-lens

boundary are minimized. The porous material was chosen for the co-registered device

to provide more focal pressure at a given drive voltage, as demonstrated in Chapter

5.

On the face of the lens is a quarter wavelength matching layer of Parylene-C de-

posited using a Specialty Coating Systems Labcoter 2 Parylene Deposition System.



140

Parylene-C was chosen as its acoustic impedance of 2.75 MRayl [132] matches rea-

sonably between aluminum lens and water and the acoustic wave propogation speed

is known at 2135 m/s. For this device, given the lens is designed to operate at

6 MHz the desired quarter wavelength matching layer thickness for Parylene-C is

89 micrometers. Once Parylene coated, the lens curvature was filled with Precision

Acoustics Aptflex F7 encapsulation material (Precision Acoustics Ltd., Dorchester

UK) - a water-matching epoxy with an attenuation coefficient of ∼3 dB/mm at 6.0

MHz.

Electrical connectivity was provided by two small strips of flex circuit board mea-

suring less than 1mm by 2 mm attached to the piezo element face and lens using

cyanoacrylate adhesive with wire bonds connecting the flex circuit to the acoustic

element. Micro-coaxial cables are soldered to the flex strips and run to a connector,

allowing the device to be driven using a pulser similar to the one described in Brown

and Lockwood [147] modified to run single-ended.

6.3 Methods

6.3.1 Full-Aperture Transducer

Validation of the full-aperture transducer design was performed through hydrophone

measurements compared with FEM simulations, as well as through visual cavitation

confirmation. Using a Onda HGL-0085 capsule hydrophone (Onda Corp, Sunnyvale,
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USA) with a known calibration, the substitution method was used to calibrate a

Precision Acoustics Fibre-optic hydrophone (FOH) system which was used for all

acoustic measurements due to its higher pressure rating. FOH sensitivity was found

to be 0.18 V/MPa at 6.0 MHz and all measurements for pressure field and focal

pressure versus drive voltage were performed at steady-state.

Prior to applying a parylene-C matching layer, the full aperture PZT5A device was

pulsed to confirm the lens was machined based on design parameters. The pressure

was measured at the focus for the transducer pulsed with one (1), two (2), three

(3), and five (5) cycles at 6.0 MHz, the design frequency, and compared to simulated

results from COMSOL Multiphysics. Also before applying parylene, the steady-state

peak focal pressure versus frequency was measured. The device was pulsed with a

negative uni-polar -8.0 V 25-cycle square pulse with the frequency ramped from 5.8

MHz to 6.5 MHz in 0.5 MHz increments.

The steady-state focal pressure was measured at 6.1 MHz before parylene applica-

tion, after parylene application, and after filling the Fresnel lens curvature with epoxy

to determine how the parylene and epoxy fill affect focal pressure. The transducer

was again driven with a negative uni-polar -8.0 V 25-cycle square pulse.

Radial and axial pressure field measurements for the transducer were generated

by translating it using an in-house XYZ motion stage setup with Thorlabs TDC001
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motor drivers and MTS50 motion stages (Thorlabs Inc., Newton, NJ, USA) and col-

lecting steady-state pressure measurements over a focal-centered 1 mm by 1 mm plane

normal to the transmission axis . COMSOL Multiphysics was used to perform 2-D

axysymmetric finite-element method FEM simulations of the pressure field generated

by the lens itself.

Optical images of the bubble cloud were captured using a Zeiss Discovery.V20

Stereo Microscope with a Canon Rebel T1i EOS digital camera with the bubble cloud

was illuminated perpendicular to the direction of imaging, and a camera exposure time

of 1/60 s was used for a single image, with multiple images combined using a median

filter to generate cloud images at a single drive level. The clouds were generated with

a 17 cycle negative uni-polar pulse at 6.0 MHz drive frequency.

6.3.2 Removed Center Element Transducer

For the device with the central element machined out, a relative pressure-per-volt

measurement was made with respect to the full-aperture device where each transducer

was driven with a negative uni-polar 25-cycle square pulse with a drive voltage ramped

from -0.5 to -7 V in 0.5 V increments. The results are compared to determine pressure

reduction from removing the center element. Additionally, a COMSOL simulation of

peak focal pressure was performed for this device and the full-aperture transducer

to compare relative pressure change from removing the lens center. Voltage was
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increased until cavitation was again confirmed visually, driving the transducer with

a 17 cycle negative uni-polar pulse at 6.0 MHz drive frequency.

6.4 Results

6.4.1 Full Aperture PZT5A Device

The pre-parylene focal pressure plots for 1,2,3, 5-cycles are shown in Figure 6.3. Note,

the pressure scale remains constant between each data set. Arrows in the 1-cycle plot

indicate pulse arrival times from the center zone and the first three Fresnel rings.

The arrival data for the fourth and fifth rings is cropped from the plots for clarity, as

internal reflections cause substantial ringing prior to applying the matching layer.

The timing between the first peak and fourth peak arrivals is 0.992 µs which,

given an Nf of two, corresponds to a six cycle delay and a design frequency of 6.05

MHz. The 2-cycle data shows that the second cycle fills the space between the

labeled peaks in the 1-cycle data; however, the peak pressure does not increases.

This is expected behavior as the Fresnel steps are delayed from each other by two

cycles. When pulsed 3-cycle, constructive interference now increases the pressure at

the labeled locations in the 3-cycle data (the same locations labeled in the 1-cycle

data) and, finally, when pulsed with 5-cycles constructive interference once again

increases pressure. The 4-cycle data is not shown, but it behaves as the 2-cycle

data where the peak pressure does not improve but additional gaps are filled in. To
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Figure 6.3: Normalized focal pressure measurements from a single, two (2), three (3)
and five(3) cycle 6.0 MHz pulse are plotted with the single-cycle response additionally
plotted in red for the two, three and five cycle responses. Arrows on the upper curve
indicate the pulse arrival times from the center zone and the first three Fresnel rings.

confirm this behavior is expected, a comparison of the data from Figure 6.3 is made

to time-domain FEM simulations from COMSOL in Figure 6.4

The simulated time-domain data shows similar behavior to the measured data

where, for a single-cycle pulse, the peaks arriving from each Fresnel ring line-up well

between measurement and simulations, and there is a gap between peaks due to

the design choice of Nf = 2. In the 2-cycle plot, the space between pulses is filled

while the original pulse amplitudes labeled in the 1-cycle data remain consistent.

For the 3-cycle and 5-cycle plots, simulated data seems to act as expected where

constructive interference leads to an increase in pressure at the labeled points. The
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Figure 6.4: Normalized focal pressure measurements from a single, two (2), three (3)
and five(3) cycle 6.0 MHz pulse are plotted along with their respective time-domain
FEM simulations.

data presented in Figure 6.3 and Figure 6.4 shows that the machined lens matches

the design parameters, but it is also important to confirm the maximum pressure also

occurs at or near the design frequency of 6.0 MHz.

The results of measuring steady-state focal pressure as a function of drive voltage,

presented in Figure 6.5 show that the peak-to-peak pressure reaches a maximum of

2.18 MPa at 6.1 MHz, with a reasonably flat pressure plateau from 6.05 MHz to 6.3

MHz. This measurement was performed also without parylene to avoid any potential

frequency shifting of the result.

A measurement of the steady-state focal pressure at 6.1 MHz, the optimum de-

termined in Figure 6.5, for the device without a parylene matching layer, with a
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Figure 6.5: The 8.0 V drive level steady state focal pressure as a function of frequency
swept from 5.8 to 6.5 MHz, showing a peak at 6.1 MHz with a pressure plateau from
6.05 MHz to 6.3 MHz.

parylene matching layer but without an epoxy fill, and after filling the lens curvature

with epoxy is shown in Figure 6.6.

The peak-to-peak pressure for the uncoated lens is 2.2 MPa, for the parylene

coated lens is 3.2 MPa, and for the parylene coated lens with Aptflex F7 filling the

lens curvature is 3.0 MPa, meaning the addition of parylene increases output pressure

by 1.0 MPa or 45%, and the Aptflex F7 reduced the pressure by 0.2 MPa, or a 6%

reduction from peak pressure.

The pressure field through the focus and normal to the lens axis of symmetry was

measured after parylene coating and the results are shown in Figure 6.7 as a surface

plot with the X and Y direction pressure fields through the focus plotted on their

respective axis along with COMSOL simulated results as dashed red lines.
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Figure 6.6: Three curves show the focal pressure at 6.1 MHz for a device without
coatings (black), the same device with a quarter-wave matching layer (thick grey)
and that device with a quarter-wave matching layer and the lens curve filled with
epoxy. Parylene increases the peak-to-peak pressure output by 45% from 2.2 MPa to
3.2 MPa, and the epoxy reduces pressure output by 6% from 3.2 MPa to 3.0 MPa.

The measured full-width at half maximum (FWHM) in the x-axis is 0.34 mm

while in the y-axis 0.29 mm, showing some asymmetry in the field while the FWHM

in the COMSOL simulations is calculated to be 0.274 mm. The pressure field along

the focal axis is also measured and presented in Figure 6.8.

The measured -3 dB beam lengths are 0.88 mm and 0.99 mm for the measured

and simulated data, a difference of 11%, while the -6 dB beam lengths are 1.23 mm

and 1.48 mm, a difference of 17%. To confirm the transducer can generate a bubble

cloud, the transducer was immersed in degassed water and pulsed. The first sustained

bubble cloud was found at a drive voltage of 190 V, at a 1 ms repetition rate with 17

cycles at 6.0 MHz The voltage was increased progressively, and clouds at voltages of

190, 220, 250, 310, 340, and 370 V are shown in Figure 6.9.
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Figure 6.7: A surface plot of the measured pressure field in a focal-intersection plane
normal to the direction of acoustic propagation shows a FWHM of 0.34 mm in the
x-direction and 0.29 mm in the y-direction. The red dashed line shows COMSOL
simulated pressure measurements, where the FWHM is calculated 0.274 mm.
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Figure 6.8: The black curve shows the measured pressure versus axial position around
the focus for the PZT5A Fresnel lens, while the red dashed line provides a simulated
result. The measured -3 dB beam lengths are 0.88 mm and 0.99 mm for the measured
and simulated data and 1.23 mm and 1.48 mm at -6 dB.
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Figure 6.9: Six bubble cloud images, each composed of N median-filtered images at
their respective voltages, show the cloud size increasing as drive voltage is increased
from 190 V to 370 V. The 190 V cloud includes two curves - brightness versus position
on the plot through the largest radial and axial portions of the cloud.

Each cloud is a composite of N images, combined using a median filter in MAT-

LAB. The individual images making up each composite were acquired by setting the

camera described in Section 6.3 to burst mode and holding down the shutter button

on the camera. The variation in N is from holding the shutter button for different

lengths of time, however, the variations in N to not appear to significantly change

estimates of cloud size. The longest dimension of each cloud axially and radially was

identified by summing lines of pixel, both radially and axially, and finding the largest

sum and then the identified image line is used to determine cloud size. Example

curve plotting the image brightness along the widest radial and axial dimensions of

the 190 V bubble cloud are shown overlayed above and to the left of the 190 V cloud,

respectively. Cloud sizes are estimated by visually determining where the transition

from cloud to background image occurs, a transition estimated to occur at a bright-

ness value of 80, where brightness could range from 0-255. The results and number
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of compounds per image are summarized in Table 6.2.

Table 6.2: Estimated Bubble Cloud Sizes for Fresnel Lens

Voltage (V) 190 220 250 310 340 370

N Compounded
Images

11 11 17 15 12 15

Radial Width
(mm)

0.31 0.35 0.43 0.46 0.49 0.51

Axial Length (mm) 0.53 0.57 0.71 0.77 0.78 0.81

The radial cloud width monotonically increases with size ranging from 0.31 mm

at 190 V to 0.51 mm at 370V, while the axial cloud length increases by 0.28 mm from

0.53 mm at 190 V to 0.81 mm at 370 V. It should be noted the transition choice of 80

was based on visual examination of individual cloud images as well as the composite

frames in Figure 6.9.

6.4.2 Removed Center Element Transducer

Normalized pressure per volt measurements between the full-aperture and removed

center element transducers are shown in Figure 6.10. Note, these measurements were

normalized as they were taken with an un-calibrated hydrophone. Measurement of

absolute pressures is ongoing. That said, both devices were measured within minutes

of each other at the same drive frequency so relative comparisons are valid. Removing

the center element reduced the focal pressure by 38%, suggesting a significant amount

of pressure comes from the central element despite it only accounting for 14.4% of

the total transducer area. A frequency-domain COMSOL simulation, modified from
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that used for pressure field data in Section 6.4.1 to include a central hole, showed a

33% reduction in focal pressure after removing the transducer center element.

Voltage was increased and cavitation was observed to occur intermittently at 370

V drive levels, with cavitation maintaining a consistent observable bubble cloud at a

400 V drive level.

6.5 Discussion

The results from Figures 6.3 and 6.4 showing pulses arriving from each individual

Fresnel ring at a delay of two-lambda validate the lens curvature and the use of

Equation 6.1 for the Fresnel step distance. This is corroborated by the COMSOL

time-domain simulations of focal pressure lining up with the measured one-way pulse

measurement, although slight inconsistencies in relative pressure amplitudes between

model and measurement can be attributed to the signal in the simulation being a

pressure source and not accurately capturing the impulse response function of the

transducer. It can also be reasonably concluded that the lens was machined to an

acceptable tolerance, since cavitation generation occurred. In Figure 6.3 the delay

between the first and fourth peaks should be 1.0 µs for a 6.0 MHz pulse delayed by

six cycles but was measured to be 0.992 µs - a deviation which could be explained

by slight machining variation or error in the speed of sound used to calculate Df .

That said, Figures 6.7 and 6.8 show there may be room for improvement in the lens
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Figure 6.10: The pressure per voltage in units normalized to the peak full-aperture
device pressure, where the device with a missing center element shows a slope of 8.68
arbitrary pressure units per 100 V, compared to the 14.00 a.u. per 100 V. This is a
38% reduction in pressure.

curvature. It has been shown in previous work that there can be a good match between

our COMSOL simulations and measured pressure fields for a given lens model [141],

suggesting the deviation of the FWHM and -3 dB beam dimensions could be due to

things such as flatness of the composite-attached lens face, or difficulty in maintaining

dimensional tolerances over the full lens shape.

We know from previous work that attaching an impedance matched piezo to lens

leads to a maximum power output at frequencies significantly higher than the piezo

design frequency[102]. Figure 6.5 showing a broad frequency range of maximum

pressure output is likely a consequence of this, where the lens has a peak output at

between 6.0 and 6.1 MHz, however, the piezo-on-aluminum frequency shift effect may

provide a maximum pressure closer to 6.2 or 6.3 MHz, broadening the range over
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which the device can be driven at the cost of maximum output. It could be possible

to improve overall pressure output by making the piezo elements thicker, matching

the maximum stack output to the Fresnel design frequency.

The focal pressure increase by a matching layer, in this case by 45%, as shown by

the data in Figure 6.6 has been simulated in KLM [102] and the behavior has been

consistently observed when fabricating aluminum-lens based devices where cavitation

drive levels were lower with a parylene layer, but this measurement confirms the

behavior experimentally. To understand the behavior, consider that an aluminum lens

without a matching layer would have a power reflection coefficient from aluminum

to water of 70%, assuming normal incidence for simplicity; however, and all of that

energy would be back-scattered at a range of angles based on the lens curvature.

This back-scattered energy would reflect internally in the lens, but would likely not

contribute to the output pressure. Consider the alternative where a quarter-wave

matching layer of parylene is placed on the lens face. With the matching layer, the

power reflection coefficient should be zero, ideally, ensuring maximum power transfer

to the medium. In reality, something in-between exists as parylene is not a perfect

match between aluminum and water.

The drop in pressure from 3.2 MPa to 3.0 MPa with the addition of Aptflex F7 is

equivalent to a -0.56 dB change in pressure. Given the attenuation coefficient of ∼3

dB/mm at 6.0 MHz, the average path length spent within the epoxy is 0.186 mm.
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This relatively small loss in pressure suggests a thicker epoxy layer could be applied

for additional robustness of the device if needed. For perspective, the average path

length spent in epoxy for a 15 mm diameter non-Fresnel lens with a focus 8 mm from

the aperture can be estimated by taking the volume inside the lens curvature and

dividing by the aperture area. For a lens of this design, the volume was measured

in CAD software to be 369.65 mm3, and the aperture area 176.78 mm2, giving an

average path length of 2.09 mm - corresponding to -6.27 dB of loss, or a pressure loss

of 48.5% compared to no epoxy fill. Note, this is an underestimate of the actual loss,

but still illustrates the benefit in reducing the lens curvature.

The measured pressure fields shown in Figures 6.7 and 6.8 show the focus to be

larger in the radial and axial directions than simulations predict. Given previous, sim-

ilar models show a good agreement between COMSOL model and measured pressure

fields [141], it is believed that machining limitations may be the cause of this discrep-

ancy. The lens face that the piezo is attached to may not be normal to the acoustic

axis, explaining the slightly uneven beam widths shows in Figure 6.7. Additionally,

the aluminum lens becomes thin near the peak of each Fresnel ring, meaning the alu-

minum could become misshapen during the machining process, reducing how well the

actual piece matches the CAD design. Nonetheless, the focus does allow cavitation to

occur, and improvements to the machining process can only reduce the voltage level

needed for cavitation, allowing reduction in lens size or increased ablation rates.
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The cloud sizes presented in Table 6.2 are based on a subjective brightness thresh-

old of 80 out of 255 to delineate between cloud and background. The justification

for this choice comes from visual examination of a set of clouds, where the edge was

chosen and labeled, and it was found that each point had a brightness of somewhere

between 70 and 90. The average, 80 was used, however, using any value between 70

and 90 had minimal effect on the estimated cloud size. This brightness threshold will

depend on a number of factors such as cloud illumination, camera ISO and aperture

settings, and exposure time, therefore the threshold must be identified on an experi-

ment by experiment basis. Nevertheless, these estimated cloud sizes in water provide

a point of reference for potential ablation sizes at these drive levels in tissue and show

that ablation size should grow with increasing drive level.

Removing the center transducer element lead to more than doubling drive levels

to reach free-field cavitation. Given the center element only contributes 14.4% of

the total piezo area and should contribute the same amount to the acoustic power

emitted, additional factors must contribute to this drive level requirement. First,

the COMSOL simulation does suggest removal of the center element reduced focal

pressure by 33%. We suspect this significant contribution to the pressure by the

center element is due to the outer elements self-occluding each other. Examining

Figure 6.1 we see line-of-sight to the focus from the bottom of each subsequent ring is

blocked by the neighboring ring. By drawing lines from the focus at 8 mm, and having
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these lines intersect each Fresnel ring and the peak of the next inner ring, it can be

shown that 68.13 mm2 of the total 176.7 mm2 piezo element area may be occluded

from contributing to the focal pressure, although this assumes no diffraction which

is a useful but likely not fully accurate assumption. Nevertheless, this means that

total effective area of piezo is only 108.5mm2, meaning the center element contributes

23.5% to the active piezo area. Removal of the center element will also change the

depth of field and beam widths, potentially spreading acoustic energy over a broader

area and reducing peak pressure. Additionally, outside of the linear acoustics regime,

this device likely operates through shock-scatter histotripsy with such a large number

of cycles, and given the outer rings are further from the focus they may be more

susceptible to the compounding non-linear effects and therefore frequency dependent

attenuation. It would be difficult quantify such an effect through simulation due to

the complex lens shape as typically only simple lens shapes are used in KZK modeling

- a common method to simulate non-linear acoustics. The self-occlusion of elements

would become less of a problem if the focus were pushed out further, although this

then opens the device up to additional non-linear effects and an overall reduction in

focal gain.

One downside of the Fresnel design is the number of cycles needed to reach steady

pressure - at least two per Fresnel zone. This requires more power, and precludes

the possibility of achieving intrinsic threshold histotripsy. That being said, because



157

of the high frequency shock-scatter ablation still maintains a tight ablation zone that

may be acceptable in most applications. If intrinsic threshold cavitation is necessary,

one may be able to etch a pattern in the electrode on the device and create a phased

array, delaying the pulse from each Fresnel zone to allow focusing with one or two

cycles.

6.6 Conclusion

A single-element flat-aperture 6.0 MHz histotripsy transducer capable of gel-coupling

to tissue was successfully fabricated and was presented along with measurements and

simulations to validate the design. The measured pressure fields matched reasonably

well with simulation, but improvements in the lens fabrication process may improve

this. Cavitation occurred free-field in water and images captured of the cloud show

that small volumes could be ablated. With imaging co-registration, it is believed that

this device will allow researchers to apply histotripsy to new, and as-of-yet unexplored

areas of research and medical treatments without the complication of needing to cover

the transducer with a water sac or fill a large lens curvature with epoxy or gel.



Chapter 7

Conclusion and Future Work

The individual conclusions of each chapter stand on their own as a summary of the

works. From a holistic view, this thesis presents a collection of devices that push

transducer fabrication in a direction previously unseen for histotripsy. The use of

high-frequency (6 MHz range) and single-element aluminum lens designs matched to

the piezo element should allow researchers to build devices directly from this work

with an ablation spot size smaller than previously reported. The composites from

Smart Materials Inc., and solid piezo material from Meggitt are both low cost and

easy to order in custom shapes and thicknesses. The one barrier to fabrication may

be parylene coating for matching layers, but even these can be contracted out to

a number of companies whose regular business is custom parylene layer deposition.

The simple pulser design from Brown et. al. [147] should also be easy to replicate for

driving these devices.

The small form-factor for devices presented in Chapters 5 and 6 could lead to

surgical options not previously explored, although the path through pre-clinical and

158
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clinical trials as well as regulatory approvals and meeting of the IEC 60601 standard

required for all medical devices are still a significant barrier. It was mentioned that

the target is neural ablations, but any difficult to reach tumors outside of the brain

are also well within the capability of these devices. Obese patients, on whom the

current generation of histotripsy may have difficulty with due to the high attenuation

factor and thickness of adipose tissue, could have liver tumors ablated through a

laparoscopic device which bypasses these layers. Pancreatic tumor treatment, which

may be difficult for previous generation devices due to their relatively large focal spot

sizes and the size of the pancreas itself, may be possible with the smaller spot size and

precise positioning these small form-factor devices allow. And, all of this combined

with the recent discovery of histotripsy ’tumor inoculation’ effect mean devices such

as these may be in demand within the near future.

7.1 Future Work

The focus of this work was on transducer design, fabrication, and validation, so in this

thesis there are few applications tested with a clear lack of small-animal work past the

proof-of-concept ablations in Chapter 4 and 5. One of the obvious future directions

will be showing that these devices can ablate with high precision and accuracy on

mouse models, with spot sizes small enough to target not just the larger organs such as

the brain or liver. Survival studies on brain ablations, followed by tumor implantation
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and ablation while monitoring immune response will be key in moving forward.

From an academic perspective, devices of even higher frequency should be made,

pushing the envelope on how small of a spot size can be achieved. Devices with

a tighter focus, and higher frequency could be used on tissue samples, potentially

competing with LGFU in the ablation of individual cells but, without the need for a

laser, or integrated into lab equipment as a compact way to blend or lyse cells. A more

in-depth exploration of the non-linear fields generated by these devices should also

be performed, although this would require a special fiber hydrophone or membrane

hydrophone. The ability to build and validate a model of the non-linear fields could

lead to improvements on future devices or a way to predict if a device will work prior

to fabrication.
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Figure 2.6 - Shock waves and bubble cloud size
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