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Ultrasound-Responsive Particles for Cancer Diagnostics and Therapeutics 
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Michael Jerome Benchimol 

 

Doctor of Philosophy in Electrical Engineering (Photonics) 

 

University of California, San Diego 2012 

 

Professor Sadik Esener, Chair 

 

Ultrasound is a toolbox for interacting with the human body and especially cancer where 

there is a need for precision and deep tissue access. Practiced medicinal applications of 

ultrasound are limited to depositing mechanical energy or probing mechanical properties of 

tissue. However, when particles capable of harnessing ultrasound energy are interfaced with 

complex systems, the capabilities of ultrasound become multidimensional and virtually limitless. 

One such potential investigated in this work is the ability to direct the exposure of encapsulated 

therapeutic agents to specific tissues. The incorporation of an ultrasound-sensitizing particle into 

a liposome yields a carrier which can circulate throughout the body and rupture to release its 

contents when and where ultrasound is applied. Tissues adjacent to the ultrasound focus do not 

experience a high enough pressure to cause drug release, since the acoustic energy is concentrated 

in all 3 dimensions.  

In vitro experiments have visually and quantitatively demonstrated the rapid 

fragmentation of liposome membranes as well as the localized release of entrapped molecules. 

Localized deposition of fluorescent molecules in mice has been demonstrated by intravenous 

administration of liposomes and application of focused ultrasound to the site of interest. Foreign 
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enzyme has been hidden and incorporated in liposome membranes so that focused ultrasound can 

expose the enzyme to its substrate. This ability could be used for enzyme prodrug therapy, where 

immune evasion and delivery specificity are key challenges needing to be addressed. 

Another approach described here aims to break physical barriers to effective delivery. 

Engineered microstructures can direct concentrated acoustic energy, producing a powerful 

impulse which allows them to penetrate tissues for efficient delivery. The resulting “microbullet” 

is 100 times faster than current micromotors and does not rely on the presence of external fuel. 

The final portion of this dissertation presents a new fluorescent microbubble contrast 

agent capable of being tagged by ultrasound for precise localization. Radial oscillations of the 

microbubble modulate the fluorophore separation and fluorescence emission through a physical 

mechanism only theorized in the past. By directly attacking the biggest challenges in the field, 

these new directions for cancer therapeutics and diagnostics promise to evolve into game-

changing technologies. 
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Chapter 1: 

 

Introduction: The Paradigm of Smart Medicine 
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1.1 How Did We Get Here? 

Living things have a strong thirst for survival, needed to reach maturity and propagate 

their species. Each reacts to the environment in its own way in order to prolong life and promote 

well being. For human beings, it is natural to seek nourishment, shelter, shade on a hot sunny day, 

etc. It is also in our nature to respond to illness and injury (e.g. to clean a wound). Many living 

things share in these preventative and reactive behaviors; however, our innate ability to design 

and build tools for these purposes sets us apart from the other species, and thus redefines the 

bounds of nature. 

 For thousands of years, surgery and medication has been used to treat the sick. Societal 

evolution necessitated the development of more sophisticated medicine to protect important 

leaders. In the meantime, civilizations were tested by wars, epidemics, and natural disasters. With 

the aid of experimentalists, inventors, and pioneering physicians, new techniques became 

increasingly widespread, until today. Now, (in the United States, at least) anyone can walk into a 

hospital, and receive better care than what was offered to even the most powerful rulers a century 

ago. Thus, our existence today is owed to and defined by generations of ancestors who learned 

how to adapt and survive through courageous innovation. If we wish to follow in their footsteps, 

then it too is our responsibility to apply our resources, knowledge, and technological 

advancements for the benefit of human health. 

 In modern times, antibiotics, vaccines, and other pharmaceutical products have 

revolutionized the treatment of infections and common illnesses which were once serious 

problems. For other diseases where these are less applicable, we have been forced to develop 

alternate approaches. Where there is less of a distinction between a disease target and other 

healthy tissues, it is a greater challenge to design agents which attack the target only. Such is the 

case with cancer cells, which are our own, and are therefore often difficult to distinguish even 

with the best in vitro/in vivo techniques1-5. 
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 Innovators have found medical applications for many newly developed technologies, no 

matter how imperfect some may be. For example, although we have long known the dangers of 

ionizing radiation and its mutagenicity, today radiation therapy is routinely used to treat cancer. 

For a healthy person with a minor ailment, there is no need to intervene with potentially harmful 

means. However, for a person suffering from a life-threatening disease such as cancer, the 

balance is tilted in the favor of action. 

 

1.2 Cancer Treatment 

X-ray radiation was first used to treat cancer in the late 19th century, just after its 

discovery. Since then, radiation therapy has cured many people of cancer. While many advances 

have been made to localize the radiation, and minimize effects to healthy tissue, there is still 

significant exposure to healthy tissue regions. This method relies on the body’s ability to repair 

resulting replication errors/mutations. Unfortunately, in a predisposed state, a single mutation is 

enough to redirect a cell to a cancer pathway. Also, even without triggering carcinogenesis, 

radiation has many damaging/debilitating local effects such as skin sores, alopecia, incontinence, 

infertility, brain swelling, and tooth decay. 

 Surgical methods are some of the oldest medical techniques used to treat cancer, and still 

remain an active area of innovation (e.g. robotic surgery, image guidance, etc.)  However, even 

with the best techniques, surgery is not always an option due to inaccessibility or excessive 

danger of cutting critical nerves and/or blood vessels. Ablation techniques are alternatives to 

surgery which use concentrated energy to kill a region of cells. For example, thermal/cryo-

ablation uses intense heating or freezing to destroy tissue. A needle or probe is typically inserted 

into the desired region, and can be heated with RF, microwaves. By using less invasive 

procedures, these methods can limit complications associated with the treatment. Other 

technologies now reaching the clinic can achieve similar results without the need for any incision 
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or penetration. High intensity focused ultrasound (HIFU) is an example of one such emerging 

noninvasive method for thermal or mechanical ablation. 

 As our treatment options become more advanced in the future, we may one day look back 

on today’s methods as crude and barbaric. Existing front-line chemotherapy treatments use highly 

toxic chemicals, many of which are highly toxic to rapidly dividing cells, the immune system, and 

vital organs (heart, liver, etc.) Even more, many of these drugs are themselves carcinogens. For 

an outside observer, it could be hard to believe that some of these were rationally designed, not 

stumbled upon like the natural remedies which were once the only option. For all these 

treatments, the fundamental medical rationale remains the same – we have good faith that the 

potential benefits of intervening outweigh the risks of inaction. Our available treatments are not a 

consequence of some big pharma conspiracy. The current treatment paradigm exists because 

regulatory approval takes time and right now it’s the best available option. That said, there is a 

whole lot of room for improvement. 

 

1.3 The Age of Cancer Targeting 

As new alternatives emerge, safer and more effective treatments will displace current 

methods once their benefit has been realized. In this respect, we have made great strides thus far 

with both pharmaceuticals and physical methods. Many new and upcoming drugs have 

mechanisms of action which are targeted, or do not decrease the error rate of DNA replication, a 

source of carcinogenesis6-8. After ensuring that a drug is safe enough for use in humans, it must 

still have a greater toxicity to tumor cells than to other healthy tissues in order to be effective. The 

figure of merit which defines this property of specificity is the therapeutic index, which for 

humans is typically defined as: 
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 For a high therapeutic index, it is easier to achieve an effective dose while avoiding a 

toxic dose, so the safety margin is larger. Since administered doses are typically limited by these 

toxicities, increasing the therapeutic index leads to decreased mortality, and increased treatment 

efficacy9, 10. Many chemotherapy drugs used today have a therapeutic index of about 1, meaning 

that a dose that is effective almost certainly causes toxic side effects11. Two main classes of 

targeted molecular therapeutics have proven successful in achieving a higher therapeutic index 

than predecessors12-15: 

1) Monoclonal antibodies/antibody-drug conjugates which target a protein overexpressed by 

cancer cells  (Examples: Trastuzumab (Herceptin®), Bevacizumab (Avastin®), 

Alemtuzumab (Campath®)) 

2) Inhibitors of enzymes and other components of cancer-associated signaling pathways  

(Examples: Imatinib mesylate(Gleevec®), Erlotinib (Tarceva®), Sorafenib (Nexavar®)) 

The key to successes like these is not the identification of the targeted compounds – 

discovery and development of these are well defined problems with established methods in the 

pharmaceutical industry16. The real challenge is in identification of the targets themselves. While 

our ability to profile the massive proteome of different cell types is ever improving, our ability to 

identify new targets has not kept up. The targets that we have found are only consistent in specific 

patient subpopulations, and much of the pharmaceutical industry’s effort is currently devoted to 

the development 2nd and 3rd generation therapies of these same few successes17-19. 

 A common example of the potential of monoclonal antibody therapeutics is the 

blockbuster drug trastuzumab (Herceptin®). 20-30% of patients with breast cancer are HER2 

positive, meaning the cancer cells overexpress the HER2/neu receptor linked to uncontrolled cell 

proliferation20-22. For these patients, trastuzumab (an antibody to this receptor) is an effective drug 

with a low toxicity. But the lack of an equally effective alternative for the remaining 80% of 
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patients highlights the fundamental issue of biochemically targeted therapies: cancer is an 

incredibly diverse and dynamic system, and it may not always be possible to find a unique 

druggable differentiator23. Even if one is found, cancer’s keen ability to evolve and develop 

resistance can quickly negate the effects, and in some cases incite a more aggressive cancer24, 25.  

Such is the case for trastuzumab, where 66-89% of patients develop resistance26. 

 The story of inhibitors has the same theme. The most successful inhibitor cancer 

therapeutic to-date is imatinib (Gleevec®). For about 80% of patients with chronic myelogenous 

leukemia (CML), the inhibition of a tyrosine kinase by imatinib can make their disease 

manageable (though not cured)27-29. However, imatinib is not nearly as effective for most other 

cancers, and a different target with equivalent effectiveness also have yet to be found30. 

The inhibitors which do have a general anti-cancer function are also the ones with the lowest 

therapeutic index. Topoisomerase inhibitors, for instance, do not target a specific pathway, but 

instead target enzymes essential to transcription and replication of DNA in any cell. Thus, like 

other chemotherapeutics which impair cell replication, their main mode of cancer selectivity is 

based on the rapidly dividing property of cancer cells, and like those same drugs, they too are 

highly toxic to all dividing cells31, 32. 

 

1.4 Nanoparticle Cancer Therapeutics 

Another class of emerging therapeutics are drug-loaded nanoparticles (NPs). NPs can 

provide the benefit of long circulation and protection of a drug payload for a more sustained 

release profile and a lower required dose33-36. The chemical versatility and large size of NPs 

compared to molecules enables modularity, allowing them to incorporate surface components for 

immune stealthing, targeting, and other functionalities independent of their core payload. 

However, their unique physicochemical properties are accompanied by associated challenges. 

NPs can be subject to immune recognition and phagocytosis by immune cells as well as local 
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accumulation in organs such as the liver, spleen, lungs, and kidneys37, 38. If they are above the size 

which can be safely eliminated through the kidneys (typically 5-15 nm), then they should safely 

degrade in a short enough time to prevent local tissue effects such as inflammation39-42. 

Additionally, since NPs cannot diffuse into a cell like a small molecule, they must be actively 

taken into the cell (usually by endocytosis), or degrade and release their payload in the cell’s 

vicinity43-45. If endocytosed, the particle or drug must then be able to escape the endosome so it 

can reach its biological target located in another compartment of the cell46, 47.  

 To outweigh all of these challenges, NPs must leverage all of their potential strengths, 

especially their ability to improve on specificity of delivery. Many properties of NPs can be 

exploited to alter their pharmacokinetic properties. Their surface can be functionalized with 

targeting components (e.g. ligands, aptamers, antibodies) made to bind specifically to receptors 

overexpressed by cancers48-52. These components for “active” targeting can function by binding a 

certain cell surface receptor, or by additionally inducing cell internalization of the NP53, 54. 

Although this idea has existed for decades, there are still no FDA approved actively-targeted 

cancer NPs. As discussed previously, one reason is that our inability to find these unique 

receptors is a barrier to achieving specific delivery. Even if the NP can effectively limit its 

nonspecific accumulation, receptors present in other tissues result in off-target accumulation and 

depletion of the NPs from circulation. 

 

1.5 Passive Targeting via the Enhanced Permeation and Retention (EPR) Effect 

The physical properties of NPs alone (namely size) can be controlled for “passive” 

targeting of tumors via the enhanced permeability and retention (EPR) effect. The irregularity of 

rapidly growing tumor vasculature imparts a distinct geometry with significantly larger inter-cell 

spacing compared to the usually encountered tight junction55-57. These gaps allow small NPs to 

extravasate, where the vascular system present in other tissues will not58-60. Thus, by carefully 
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tailoring the size of a NP, one can maximize the probability that it will end up in the interstitial 

space near a cancer cell61-64. Once in this space, the NPs should degrade, release their payload, or 

be taken up by cells before random diffusion causes them to be washed out. 

 The EPR effect should also be optimized for ligand-targeted NPs, since the NPs will have 

to extravasate before reaching their target receptor on a cancer cell65. Targeting the 

neovasculature near a tumor can bypass this need, but this approach achieves a different goal than 

treating cancer cells directly.  

 Many physical means have the ability to locally ablate specific tissues, as alternatives to 

surgery or in cases where surgery is not an option. Nonionizing electromagnetic radiation such as 

radio frequency and near-infrared light have been used to cause hyperthermia. Since diffraction 

and scattering limit the ability to precisely focus these types of energy in tissue, nanoparticles are 

often used to locally concentrate the energy66, 67. Some examples of these are magnetic iron oxide 

nanoparticles for radio frequency and gold nanoparticles for near infrared68-70. The presumption 

for doing this is that nanoparticles can be targeted by some means with greater specificity than the 

diffuse energy source. If there is selective accumulation of the nanoparticles in off-target tissues 

distant from the tumor, these can potentially be avoided by directing the energy source away from 

this region. 

 One limitation of using a physically focused method is the need for a priori knowledge of 

the tumor location, if it is too unpractical to scan the source across the whole body. Even if it 

would be possible to do so, a whole body scan would negate the benefits of selectivity, unless 

energy-concentrating particles were targeted to the tissue of interest, and the source was kept 

away from susceptible vital organs. With modern imaging techniques, we typically have location 

information before beginning treatment, but in advanced cases where there are many metastatic 

lesions, it can be difficult to find each individual lesion, some of which may be microscopic and 
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distant from the primary tumor. Therefore, without the ability to scan across the whole body, 

treating these advanced patients with local methods may be inadequate.  

 One relevant finding shows that 90% of cancer deaths occur due to metastasis71, 72. This 

commonly misinterpreted statistic is often used as justification for the development of therapies 

designed for late stage cancer treatment. This is akin to asserting that to save heart disease 

patients, we should focus all efforts on emergency heart attack treatments, and forego all attempts 

at early treatment. Without question, treating metastasis is necessary. However, although 

metastasis is the final stage of most cancer fatalities, it is unclear how many of these cancers can 

be intercepted at an earlier stage, preventing the occurrence of metastasis.  

 

1.6 A Statistical Context to Cancer and Metastasis 

Table 1.1 shows the rate of incidence and death by cancer site, and the fraction of patients 

who present metastasis at the time of detection. These data were taken from the National Cancer 

Institute website (cancer.gov), provided by their Surveillance Epidemiology & End Results 

(SEER) Program fact sheets. A weighted average across the different cancer sites shows that as a 

whole, 20.9% of cancer patients have metastatic cancer at the time of diagnosis. When compared 

to the total # of deaths/total # incidences (41.4%), it appears that for every death in which the 

cancer was detected at a late stage, there is one death in which the cancer was detected at an 

earlier stage.  

 Breast cancer is a good example of the significance of this, likely due to the prevalence of 

screening methods. In breast cancer (in the U.S.), 5% of patients have metastatic disease at the 

time of detection, or about 10,000 women a year have this diagnosis. Every year however, about 

40,000 women die of breast cancer73. It is evident that most of these patients were originally 

diagnosed with localized or regional cancer. In other words, over 70% of breast cancer deaths in 

the U.S. are of patients where no metastasis was seen at the time of detection. As technological 
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advancements move us towards earlier detection, there will be a growing opportunity to treat the 

disease at these early stages. Thus, while we continue to develop systemic treatments for 

metastasis, we need to rethink our approach to develop alternate technologies for localized 

treatments that capitalize on our successes in early detection. 

 

Strategy Going Forward: Delivery Vehicle Design 

Analysis of today’s cancer treatments have taught us that improvements in the safety and 

efficacy of treatments are directly tied to increases in specificity. Nanoparticles give us a platform 

for delivering drugs which is customizable enough to allow targeting components to be 

incorporated. In order to get the most out of a targeted nanoparticle, it must be made long-

circulating to give it a good chance of reaching its target before it is removed from the system. 

Since the diversity of cancer presents a challenge in targeting a specific biochemical state, we can 

circumvent this problem by physically directing the action of the nanoparticles after they have 

been introduced into the system 
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Table 1.1 Rates of cancer incidence and death in the U.S. by cancer site. These data were 
taken from the National Cancer Institute website (http://www.cancer.gov), provided by their 
Surveillance Epidemiology & End Results (SEER) Program fact sheets.  For cancer types which 
were gender restricted or had a strong gender bias (e.g. prostate, breast), rates were adjusted to 
reflect the impact on the total population. Data was sorted by the number of deaths in descending 
order. 

 

 

Cancer Site 

 

Age-adjusted 

Incidence  

per 100k  

Men & Women 

 

Age-adjusted  

Deaths per 100k  

Men & Women 

 

% With Distant 

(Metastatic) Cancer 

at Diagnosis 

Lung 62 51.6 56 
Colorectal 47.2 17.1 20 
Prostate 78 11.8 4 
Breast 62 11.75 5 

Pancreatic 12 10.8 53 
Lymphoma 22.7 7.1 46 
Leukemia 12.5 7.1 Uncited 

Liver 7.3 5.3 19 
Bladder 21.1 4.4 4 

Brain & Other 
Nervous System 

6.5 4.3 2 

Esophagus 4.5 4.3 32 
Ovarian 6.4 4.2 62 

Kidney &  
Renal Pelvis 

14.6 4 18 

Stomach 7.7 3.7 34 
Myeloma 5.7 3.5 95 

Skin 22.7 3.5 Uncited 
Oral Cavity & 

Pharynx 

10.6 2.5 15 

Cervix Uteri 4.05 2.4 12 
Corpus & Uterus 11.95 2.1 8 

Soft Tissue 
(Including Heart) 

3.3 1.3 15 

Larynx 3.4 1.2 17 
Vulva 1.15 1 5 

Thyroid 11 0.5 5 
Bone & Joint 0.9 0.4 Uncited 

Small Intestine 2 0.4 27 
Other Endocrine 0.7 0.3 Uncited 

Testicular 2.75 0.2 12 
Anal 1.6 0.2 12 

Eye & Orbit 0.8 0.1 Uncited 
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1.7 Cancer Diagnostics 

Cancer detection and monitoring are as vital as treatments, since the more we know about 

a problem, the better chance we will have at solving it. Among the multitude of available tools, 

imaging techniques are the main methods used to detect and locate solid tumors. Biopsies are 

often taken to confirm a diagnosis, but usually after another method has detected a suspicious 

tissue mass. Less invasive methods are much better tolerated by patients and can reduce exam 

associated risks74. However, some of these exams expose the patient to ionizing radiation, which 

has its own set of risks. Although non-ionizing imaging modalities exist (MRI, ultrasound), other 

modalities are often chosen due to their low cost or better accuracy. X-ray imaging is a common 

diagnostic tool for even mild injuries, since a single x-ray image involves only a very small 

radiation exposure. However, a patient exposed to repeated x-ray scans (as done in CT to build 3-

dimensional images) quickly accumulates a large radiation dose. 

Positron emission tomography (PET) is one of the most sensitive and accurate imaging 

modalities for cancer diagnosis and staging75-79. A key reason for this is that it generates 

functional information based on the metabolic rates of different tissues. Thus, where another 

modality may not be able to distinguish a benign mass from a malignant mass, in PET, only the 

malignant mass will appear “hot”, due to its high uptake of radioactive glucose80, 81. 

Unfortunately, PET relies on the systemic administration of a radioactive contrast agent which 

results in a radiation exposure equivalent to few hundred chest x-rays, similar to the dose given in 

CT scans82, 83. Diagnostic exams of this nature bring a non-negligible risk of carcinogenesis, 

which radiologists consider in designing an exam schedule84, 85. In order not to cause excessive 

exposure, the yearly number of PET scans which a patient can receive is limited, and even more 

so if a PET/CT scan is performed or the patient has had other radiation exposures. The disease 

may be progressing quickly while waiting for the next opportunity to monitor the efficacy of the 

last treatment. Exam cost is also a great limiting factor, due to the expensive machinery required 
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and especially for PET where the unstable radiopharmaceuticals are typically produced off-site 

the same day due to their short half-life (110 min. for 18F-FDG)86, 87.  

 For the above-mentioned reasons, the most accurate detection technologies are not 

suitable for early screening procedures. Instead, procedures such as x-ray mammography are 

favored, despite their non-negligible radiation exposures and high inaccuracy rates which pose 

the risk of unnecessary treatment. 

 The new generation of contrast-enhanced and contrast-free imaging modalities is looking 

to provide similar functional information in a safer and less costly manner. This would allow 

more frequent disease monitoring for the patients who are at the greatest risk, as well as the 

potential for accessible and accurate cancer screening. The same benefits that exist for targeted 

therapeutic particles also apply for targeted contrast agents, but with less stringent requirements. 

Since contrast agents are generally very biocompatible and have little to no cytotoxicity, it is not 

dangerous if they accumulate in healthy tissue regions. Radiologists are trained to know these 

consistently high signal regions, and therefore focus on abnormal sites. 

 

1.8 Ultrasound: A Versatile Tool for Medicine 

Well controlled ultrasound waves are very safe, which explains their use in prenatal 

imaging (obstetric ultrasonography)88, 89. Since acoustic energy is strictly mechanical, there is no 

risk of exposure to ionizing radiation present in other imaging modalities. The ability to focus 

non-ionizing energy through deep tissue, while still maintaining the ability to safely interact, is a 

rare and powerful combination of properties. While ultrasound waves are subject to the same 

limitations as all waves (wavelength-dependent diffraction, scattering, etc.), there exists a 

favorable window which allows both tight focusing and good tissue penetration. The speed of 

sound in soft tissue ranges from 1400-1700 m/s, and up to ~4000 m/s in bone90. Therefore, at a 

frequency of 3 Mhz, the wavelength is ≈ 0.5 mm in soft tissue. At this frequency, the 6 dB 
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penetration depth through breast fat is 59 mm and the use of lower frequencies allows for even 

greater penetration due to lower tissue absorption and scattering91, 92. 

 While low intensity ultrasound can be applied for extended durations without causing any 

harm, higher intensity ultrasound can be used to induce tissue damage. This damage can either be 

due to excess amounts of absorbed energy, or due to higher peak pressures. The former case leads 

to hyperthermia, and the latter results in mechanical damage due to a pressure-based phenomenon 

known as cavitation.  

 

1.9 Acoustic Cavitation 

Cavitation is the formation and/or collapse of a gaseous cavity (bubble) in liquid due to 

pressure changes93. Specifically, the low or negative pressure induced by sound waves or rapid 

motion causes vaporization of the liquid in a process analogous to boiling. When the pressure 

returns back to normal, the newly formed bubble will often collapse/implode on itself. The rate at 

which the bubble retracts greatly exceeds the rate of heat transfer, and is therefore a nearly 

adiabatic process94, 95. Since a micron-sized bubble will collapse to a nanoscopic scale, heat will 

quickly collect in this pinpoint, causing temperatures to reach near 5000°K, near the temperature 

on the surface of the sun96, 97. At this temperature, a significant amount of radiation is emitted, 

including ultraviolet light and higher energy waves which produce free radicals98, 99. High 

temperatures are just one of the proposed sources of light from this phenomenon known as 

sonoluminescence. This extreme heat is very tightly confined, so that most of the surrounding 

matter is not exposed to these temperatures. 

A more pronounced consequence of the bubble formation and collapse is a powerful 

shockwave which extends tens of microns100. These shockwaves when repeated are capable of 

breaking membranes, lysing cells and generally damaging tissue architecture101-105. Asymmetric 

collapse of the bubble due to structural imperfections or interactions with nearby objects leads to 
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formation of powerful jets which are more directed, and share the same potential for disrupting 

structures106, 107. 

 

1.10 Insonation Regimes 

There are 4 different regimes in which an ultrasound system can operate, depending on 

the pulse parameters, specifically pressure and duty cycle (Fig. 1.1). Ultrasound intensity is a 

power density proportional to the square of the pressure amplitude. For the frequencies in 

question, any one of these 4 regimes is practically achievable. The regime producing no 

hyperthermia or cavitation (shaded green) is the one defined by the FDA (with a safety margin) 

for diagnostic ultrasound imaging, but in general can be achieved by maintaining a low peak 

negative pressure (PNP). A high intensity pulse with a low duty cycle can cause cavitation 

without causing heating (shaded blue) – even a single cycle is adequate to induce cavitation. This 

is the regime in which therapies like extracorporeal shock wave lithotripsy (ESWL) and 

sonothrombolysis (not yet approved) operate.  

 On the other hand, raising the temperature in tissue to a point where there is significant 

cell death requires the deposition of a considerable amount of energy. One way to achieve this 

without causing cavitation (shaded red) is to use continuous-wave ultrasound with a low intensity. 

This is the regime in which HIFU likes to operate in. A high intensity combined with a high duty 

cycle will cause both cavitation and heating. A complexity arises in the interdependency of 

cavitation and heating, since they both facilitate each other108. Specifically, the cavitation 

threshold decreases with increasing temperature, due to an increase in the vapor pressure and the 

presence of bubbles formed through cavitation causes an increase in the local acoustic 

absorbance, which accelerates tissue heating109. To circumvent this problem, the “off” time 

between ultrasound pulses can be adjusted to allow time for the heat to subside or the vapor 

bubbles to dissolve back into the liquid110. 



 

 

 

 

Figure 1.1 Four general ultrasound pulsing regimes. 

the production of cavitation or appreciable heat by ultrasound is a function of the acoust
pressure and duty cycle of the ultrasound. Achieving either heating, or cavitation, or both, or 
neither are all possible by tailoring the pulsing scheme. The independent parameters are 
frequency, pressure, pulse length (# cycles), and duty cycle (% time
 
 The threshold at which cavitation occurs is a function of the peak

(PNP) and the frequency of the ultrasound

ultrasound based on these two parameters. To be a safe distance from the cavitation regime, the 

mechanical index (MI) must be below 1.9. In order to prevent 

peak temporal average intensity (I

, where I is the intensity, p is the pressure amplitude, and Z is the acoustic impedance.

 

Four general ultrasound pulsing regimes. At a constant temperature and frequency, 
he production of cavitation or appreciable heat by ultrasound is a function of the acoust

pressure and duty cycle of the ultrasound. Achieving either heating, or cavitation, or both, or 
neither are all possible by tailoring the pulsing scheme. The independent parameters are 
frequency, pressure, pulse length (# cycles), and duty cycle (% time on). 

The threshold at which cavitation occurs is a function of the peak-negative pressure 

(PNP) and the frequency of the ultrasound111. The FDA has safety limits in place for diagnostic 

ultrasound based on these two parameters. To be a safe distance from the cavitation regime, the 

mechanical index (MI) must be below 1.9. In order to prevent appreciable heating, the spat

peak temporal average intensity (ISPTA) must be below 720 mW/cm2. 
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At a constant temperature and frequency, 
he production of cavitation or appreciable heat by ultrasound is a function of the acoustic 

pressure and duty cycle of the ultrasound. Achieving either heating, or cavitation, or both, or 
neither are all possible by tailoring the pulsing scheme. The independent parameters are 
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1.11 Scope of Dissertation 

The work presented in this dissertation is based on acoustic phenomena which occur in 

the non-thermal ultrasound regimes (green and blue in Fig 1.1). Chapters 2-4 cover cavitation-

driven carrier delivery systems. Chapter 5 presents a novel cavitation-driven propulsion 

mechanism which may also in the future be used as a delivery vehicle. Chapter 6 presents a 

fluorescent microbubble contrast agent which operates in the regime absent of cavitation. Instead, 

the microbubble fluctuates in size similar to clinically-used ultrasound contrast agents112. The 

continued oscillation of a bubble is sometimes referred to as “stable” cavitation, in which case the 

terminal collapse mode discussed earlier is differentiated by the term “inertial” cavitation. 
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Abstract 

The use of focused ultrasound can be an effective method to locally highlight tumor 

tissue and specifically trigger the activation of echogenic drug delivery vehicles in an effort to 

reduce systemic chemotherapy side effects. Here we demonstrate a unique ultrasound triggered 

vehicle design and fabrication method where the payload and a perfluorocarbon gas microbubble 

are both encapsulated within the internal aqueous space of a liposome. This nested lipid shell 

geometry both stabilized the microbubble and ensured it was spatially close enough to interact 

with the liposome membrane at all times. The internal microbubble was shown to fragment the 

outer liposome membrane upon exposure to ultrasound at intensities of 1 - 1.5 MPa. The focused 

ultrasound allowed the release of the internal payload to localized regions within tissue phantoms. 

The vehicles showed high payload loading efficiency of 16%, stability in blood of several hours, 

and low level macrophage recognition in vitro. High speed fluorescent videos present the first 

optical images of such vehicles interacting with ultrasound. This ability to open the outer 

membrane in small regions of deep tissue could provide a second level of spatial and temporal 

control beyond biochemical targeting, making these particles promising for in vivo animal 

studies. 

 

2.1 Introduction 

 Indiscriminate exposure of all cells in the body to a systemically administered 

chemotherapy drug is the main cause of harmful toxic side effects113. Certain drug delivery 

vehicles such as Abraxane for delivery of paclitaxel and liposomal Doxil for doxorubicin114, 115 

reduce exposure of non-targeted cells to the drug while accumulating a therapeutic dose within 

the tumor. Passive accumulation in the tumor tissue due to the enhanced permeation and retention 

of the vasculature114 coupled with slow drug release limits the bioavailability to non-tumor 
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organs116. However, this slow release also limits the maximum levels of drug in the tumor117, and 

nonspecific accumulation in healthy tissue remains a major hurdle114.  

The use of tumor targeting ligands has the potential to improve the preferential 

accumulation of these delivery vehicles in tumor tissue 118, 119. The delivery requires endocytosis 

of the targeted vehicle with subsequent endosomal escape120, 121. However, saturation of the 

targetable receptors limits the targeting efficiency. Also, tumor “receptors” are rarely unique to 

the tumor 122 and the targeted particles accumulate in other healthy tissues, especially in the liver 

and spleen, causing local toxicity 48.  

To address the difficulties of pure biochemical targeting, an independent non-

biochemical trigger is required to cause instantaneous drug release only from the particles that 

have accumulated in the tumor tissue. Ultrasound is an attractive trigger candidate due to its low 

cost, wide availability, its generation external to the body, and its independence from biochemical 

or physical properties of the tumor. It can be focused to small volumes of deep tissue on the order 

of several cubic millimeters123 to avoid healthy tissue. It is non-ionizing, and does not damage 

tissue as long as the exposure is kept below 720 mW/cm2 124, 125.  

The best particles to respond to ultrasound at safe exposure levels are gas-filled 

microbubbles126 already approved for human use as ultrasound contrast agents 127, 128.  Ultrasound 

causes large size fluctuations in microbubbles due to the large density difference between the 

compressible gas and the surrounding water, which induces microstreaming of fluid around the 

microbubble and disrupts nearby membranes 129. Microbubbles can also adiabatically implode 

(cavitate) producing a shockwave and water jets which can penetrate nearby membranes. This 

causes sonoporation and can facilitate delivery of DNA or drugs into cells128, 130-132.  Significant 

work has been done to employ microbubbles as delivery vehicles in vivo 130, 132 without much 

success 133. This is likely attributed to extremely short circulation times of microbubbles in vivo 

(3-15 min half-life 133) and to limited payload capacity.  



29 
 

 

 

Surface loading of a hydrophilic payload, such as DNA, is limited by the surface area of 

the microbubble134-137 and leaves it exposed to degradation and potential immune system 

recognition. Hydrophobic payloads are carried in limited volumes of thickened lipid, polymer, or 

oil surrounding the microbubble 136, 138 but when fragmented the hydrophobic drug will be 

contained in relatively large lipid particles reducing diffusion rates. 

Drug loaded liposomes have been attached to the surface of microbubbles139, however the 

points of attachment can concentrate shear stress during transport through the microvasculature 

and destabilize the entire particle. Separate drug-loaded liposomes and microbubbles can be 

targeted to the same tissue, but successful delivery of the drug depends on very close co-

localization of both particles because the cavitation shockwave is only effective at disrupting 

membranes within a few tens of microns. It is unlikely that both particles would be present in 

sufficient proximity and concentration to deliver a therapeutic dose. 

To protect the microbubble and address the challenges described above, the microbubble 

and the payload can be encapsulated together within a protective outer liposome membrane shell. 

Previous efforts to incorporate gas bubbles into liposomes have used freeze drying techniques140 

or chemical reactions that create CO2 microbubbles141, but have very low yields. They also lack 

sufficient control over gas and payload entrapment, stability, and internal geometry, resulting in a 

large distribution of properties. Such distributions reduce the effectiveness of ultrasound to 

activate the entire population. Premade microbubbles stabilized with a lipid monolayer can be 

made independently using standard probe sonication techniques which increases bubble half-life 

in storage and in vivo. Microbubbles of desired size ranges can be collected and subsequently 

encapsulated in liposomes.  

The most common methods of liposome encapsulation involve exposure to vacuum, 

sonication, heating, and/or extrusion, all of which destroy microbubbles. Ethanol injection is 

gentle enough to allow the microbubbles to survive the encapsulation process but produces 
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liposomes too small to encapsulate a microbubble142. Detergent dialysis methods143 can make 

liposomes large enough to encapsulate microbubbles and are gentle enough to not destroy them in 

the process.  

Here we demonstrate a new manufacturing method to reproducibly encapsulate and 

protect premade microbubbles in a liposome as shown schematically in Fig. 2.1a. This method is 

similar to detergent dialysis but uses organic solvents to dissolve the lipids. A slow diffusive 

introduction of water allows the lipid membranes to seal and encapsulate the large microbubbles. 

We refer to these malleable nested structures as SHockwavE-Ruptured nanoPayload cArriers 

(SHERPAs).  

 

Figure 2.1 SHERPA nested structural design (a) A schematic of the nested liposome SHERPA 
design. (b) Fluorescent image of a SHERPA resulting from the described manufacturing process. 
The payload is a small fluorescently labeled lipid membrane. (c) A series of sequential pictures 
taken of the SHERPA showing the microbubble and fluorescent lipid payload moving around 
inside due to Brownian motion. This confirms that the microbubble and payload were internal to 
the outer membrane and not just attached to the outside. 
 

2.2 Materials and Methods 

2.2.1 Materials 

L-α-phosphatidylcholine (EPC) from chicken eggs, distearoyl phosphatidylcholine 

(DSPC), distearoyl phosphatidylethanolamine-methyl poly(ethylene glycol) MW5000 (mPEG-

DSPE), and cholesterol were purchased from Avanti Polar Lipids, Inc. (Alabaster, AL).  1,2-

propanediol, glycerol, ethanol, and perfluorohexane were purchased from Sigma-Aldrich. All 
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water was purified using the Milli-Q Plus System (Millipore Corporation, Bedford, USA). DiO 

was purchased from Biotium, Inc. CA. The PBS was purchased from Hyclone Laboratories Inc. 

(Logan, UT). 

2.2.2 SHERPA Production  

2.2.2.1 Lipid Preparation 

The SHERPAs were manufactured in a two step procedure with the microbubbles being 

formed through a probe sonication process and subsequently encapsulated in the outer liposome. 

The desired payload of nanoparticles or water soluble drug can be introduced in Solution 1, 

Solution 2, or in the PBS used for the final encapsulation step. 

Solution 1:  Outer Liposome Lipid Solution 

A 1.5 mL eppendorf tube was filled with 76 µL of EPC in chloroform (26 mM)(20 mg 

mL-1) and 10 µl of cholesterol in chloroform (100 mM)(387 mg mL-1). The chloroform was 

removed by evaporation while vortexing under an argon stream. 125 µL of ethanol was then 

added and the solution was vortexed at 3200 rpm for 30 sec. To visualize lipid membranes, 5 µL 

of 1 mM DiO (Biotium, Hayward, CA) in ethanol was added. 

Solution 2:  Microbubble Solution 

A 1.5 mL eppendorf tube was filled with 25 µL of DSPC in chloroform (51 mM) (40 mg 

mL-1) and 20 µL mPEG5000-DSPE in chloroform (8.6 mM) (50 mg mL-1). The chloroform was 

removed by evaporation while vortexing under an argon stream. Then 450 µL of 1,2-propanediol 

was added. The solution was vortexed at 3200 rpm for 30 sec, and then placed in a heating block 

at 60 °C.  

After 10 minutes, the solution was vortexed at 3200 rpm for 10 sec, and 150 µL glycerol 

was added. The solution was gently vortexed for 30 sec, and then placed back into the 60 °C 

heating block. The heating, vortexing cycle was repeated until the glycerol was fully mixed in 



32 
 

 

 

and the solution was homogeneous. This solution was then transferred to a 4 ml glass vial with a 

narrow neck. The neck of the glass vial was covered with parafilm to create a barrier and prevent 

loss of PFH gas during the violent sonication process. 

The headspace of the container was filled with perfluorohexane gas using the method 

shown in Fig. 2.2 at 25 °C. 0.5 ml of the PFH liquid was first drawn into a 5 ml syringe. The 

plunger was then pulled all the way to the back of the syringe leaving 4.5 ml of air space. The 

syringe was rotated to coat all the walls of the syringe with the PFH several times to encourage 

fast vaporization of the PFH into the air. The metal needle of the syringe was bent at 130° from 

vertical and the syringe held upright as shown in Fig. 2.2A. The needle of the syringe was then 

inserted through the parafilm barrier and 4 ml of PFH/air mixture inside the syringe was injected 

into the air space as seen in Fig 2.2B. Care was taken to not inject any liquid PFH into the vial. 

The air that was originally in the vial head space was forced out of the vial through the needle 

track hole made in the parafilm. 

As shown in Fig. 2.2C the tip of the probe sonicator (Fisher Scientific Model 100 Sonic 

Membrane Disruptor) was then inserted through the parafilm and positioned 1 mm below the 

surface of the lipid solution. The sonication power used was 25 W for 20 seconds. The 

temperature of the solution began at 25 °C but increased to approximately 40 °C at the end of the 

soniction. This bubble solution was put immediately on ice. 
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Figure 2.2 Schematic representation of the manufacturing process for the PFH/air mixture 

filled microbubbles. (a) A 5 ml syringe is filled with 0.5 ml of liquid PFH. The PFH is allowed 
to evaporate and mix with the air in the syringe until it reaches equilibrium. The top of the glass 
vial containing the lipid solution is covered with parafilm to reduce gas exchange from within the 
vial to the atmosphere (b) The PFH/air mixture is injected into the head space of the vial 
containing the lipid solution. Care is taken to prevent injection of any liquid PFH. The original air 
that was in the vial is displaced through the needle track hole made in the parafilm (c) The probe 
sonicator tip is inserted through the parafilm into the vial and the tip is positioned 1 mm below 
the surface of the lipid solution. (d) The probe sonicator is turned on and creates microbubbles 
which incorporate the PFH/air gas mixture in the headspace. These microbubbles are coated with 
the lipids from the solution. 

 

2.2.2.2 Microbubble Encapsulation and SHERPA Formation 

After allowing Solution 2 to cool to room temperature, Solution 1 was added drop wise to 

Solution 2 under vortex at 3200 rpm. This new solution was Solution 3.  

1.5 mL Eppendorf tubes were each filled with 200 µL of Solution 3. 100 µL of PBS was 

gently added to the bottom of each tube to initiate the closing of the lipid sheets and formation of 
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the SHERPA. After 10 min, the tubes were rotated gently at an angle until the bubbles mixed 

thoroughly throughout the solution. 

 

2.2.2.3 Microbubble Stability 

Fig. 2.2D shows that once the sonication process began the only gas that could have been 

incorporated into the forming microbubbles was the PFH/air mixture. Control experiments 

showed greater long term stability for microbubbles made with the PFH gas and air mixture over 

those made with just pure air.  

Allowing the PFH liquid to evaporate into the airspace of the syringe allowed the PFH 

gas to naturally come to equilibrium with the liquid PFH and the atmospheric gasses at 

atmospheric pressure. This process ensured that the PFH gas was present in a concentration that 

provided stability to the microbubble at atmospheric pressure and gas composition. Microbubbles 

made with no PFH would simply dissolve away and collapse. If the PFH gas concentration was 

too high then the PFH would recondense into a liquid droplet collapsing the microbubble. If the 

PFH gas concentration was too low then there would be a driving force for nitrogen to leave the 

microbubble and shrink its size to the collapse radius 144, 145.  

For the purpose of these observational experiments the SHERPA were not stabilized with 

a PFH gas concentration against arterial pressure like the microbubbles used for ultrasound 

contrast imaging. The microbubbles described here were stabilized for atmospheric pressure and 

gas composition because these were the conditions they were exposed to while being tested in the 

ultrasound microscope setup. The microbubbles needed to be stabilized only against atmospheric 

pressure because the Laplace pressures on the microbubbles were greatly reduced due to the 

reduction of interfacial tension caused by the lipid coating 146. For in vivo experiments the 

microbubble manufacturing process described here could be easily modified to have the same 

PFH mixture already developed to stabilize for in vivo pressure conditions 144. 
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2.2.2.4 Purification 

The desired microbubble-containing liposomes were separated from the empty liposomes 

by gentle centrifugation. The positive buoyancy of the entrapped microbubbles caused the actual 

SHERPAs to rise to the top of the reaction solution allowing them to concentrate. A Beckman 

Coulter Allegra X-15R Centrifuge was used at 524 g. The purification was done in an inverted 

syringe inside a 50 ml tube oriented so the SHERPA would rise against the plunger. The 

subnatant, containing mostly empty liposomes, could be expressed and replaced with fresh 

solution to purify the SHERPAs as well as wash them from any unreacted materials or 

unencapsulated payloads.  

 

2.2.3 Retention Time of Doxorubicin 

A sample of doxorubicin-loaded SHERPAs (.37 mg/mL DOX) was prepared, by 

dissolving 0.4 mg of doxorubicin hydrochloride (Jinan Wedo Industrial Co., Ltd. Shandong 

Province, China) in the bubble solution. The sample was diluted 1:20 by volume in PBS to 

improve dialysis performance. One sample of SHERPAs without DOX was prepared to 

determine the background fluorescence, and one solution of just the equivalent solvents and DOX 

was used to determine the dialysis rate of DOX. 

Each sample (250 µL) was dialyzed against 1 L PBS using Spectra/Por cellulose ester 

membrane tubing with a molecular weight cutoff of 1MDa. The 1 MDa pore size was chosen 

because it was much larger than the DOX molecule, allowing unrestricted diffusion across the 

membrane. The smallest liposomes manufactured were too large to pass through these membrane 

pores so all of the liposomes were retained. When measuring drug retention time it was crucial 

that the dialysis rate was much faster than the SHERPA leakage rate, so the DOX would not build 

up in the fluid surrounding the liposomes inside the dialysis tubing. For each measurement, the 

relative concentration of doxorubicin within the dialysis tubing was determined by measuring the 
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fluorescence with the TECAN Infinite 200 plate reader (Männedorf, Switzerland).  The excitation 

and emission wavelengths were 475 and 595 nm respectively. The DOX-loaded SHERPA were 

analyzed at times 0, 0.5 hrs, 2 hrs, 6 hrs, and 24 hrs. For each time point, a separate sample was 

dialyzed. 

2.2.4 Encapsulation Efficiency of IgG 

To load the SHERPAs, mouse IgG was dissolved into the microbubble solution (solution 

2) before the addition of water caused outer membrane sealing. A sandwich ELISA was used to 

assay the amount of free IgG. The background signal was determined by an identical sample with 

no IgG.  For a positive control, IgG was added to the outside of this sample. Alternate liposomes 

were prepared by hydrating a lipid film with a solution containing IgG.   

The difference between the sample and the positive control was taken to be the amount 

encapsulated. The percent encapsulation was calculated by dividing the difference by the 

background-adjusted positive control. 

 

2.2.5 SHERPA characterization 

2.2.5.1 Ultrasound microscope equipment  

A custom system was developed to characterize the interaction of these SHERPAs with 

ultrasound.  A water tank was used to couple the ultrasound to the SHERPA samples. Ultrasound 

was generated with a submersible Panametrics 2.25 MHz transducer (V305-Su, 1” spherical-

focus) using a Panametrics BCU -58 - 6W waterproof connector cable. A needle hydrophone 

from Onda Corporation (HNP-0400  Broadband Needle Hydrophone AH - 2020-100  with 

hydrophone pre amp, 50kHz - 100 MHz, 0 +20 db.) was used to measure the sound field, and a 

Photron FASTCAM 1024 PCI acquired the image sequences. The National Instruments PCI 5412 

arbitrary waveform generator was used to create different waveforms and was controlled using a 
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custom designed LabVIEW 8.2 program. A 300 W amplifier from Vox Technologies (model 

number VTC2057574) was used to create acoustic intensities at the focal region of up to 1.6 MPa.  

The samples being analyzed were held in a custom fabricated microwell chamber 

comprised of a coverslip and a slab of Polydimethylsiloxane (PDMS) with a 15 µm-deep molded 

well.  The microwell was placed halfway in the water, with the coverslip above the surface for 

fluorescent imaging with a Nikon 100X oil objective.  The PDMS served as a coupling medium 

for the ultrasound between the water bath and the sample well.   

 

2.2.5.2 Stability in blood 

Blood was obtained from a healthy female mouse.  All animal work was reviewed and 

approved by the Burnham Institute’s Animal Research Committee. The sample was centrifuged 

to isolate the erythrocytes, which were then recombined with the remaining serum.  80µL of this 

sample was added to 20µL of SHERPAs and gently mixed. The SHERPA outer membrane 

integrity was inspected for stability by fluorescent microscopy 2, 30, and 120 minutes after the 

addition of blood. 

2.2.5.3 Phagocyte uptake experiments 

2.2.5.3.1 Macrophage Culture 

J774A.1 mouse macrophages were purchased from American Type Culture Collection 

(ATCC) Manassas, VA, USA.  Cells were cultured in a 75 cm2 flask with DMEM containing 

10% Fetal Bovine Serum, glutamate and penicillin-streptomycin antibiotics (all purchased from 

Gibco, Invitrogen, Carlsbad, CA). SHERPAs and fluorescent beads (FluoSpheres, Invitrogen, 

Carlsbad, CA) were incubated with the macrophages for 1 hr.   
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2.2.5.3.2 Dendritic Cell Culture 

Peripheral Blood Mononuclear Cells (PBMCs) were isolated from the blood of normal 

volunteers (San Diego Blood Bank) over a Ficoll-Hypaque (Amersham Biosciences, Uppsala, 

Sweden) density gradient. To generate dendritic cells (DCs), PBMCs were allowed to adhere to 

culture plates for 1h. The non-adherent cells were washed off and the adherent cells were cultured 

in RPMI 1640 medium supplemented with 2 mM L-glutamine (GIBCO-BRL Life Technologies; 

Grand Island, NY, USA), 50 mM 2-mercaptoethanol (Sigma, St. Louis, MO, USA), 10 mM 

HEPES (GIBCO-BRL), penicillin (100 U/mL),streptomycin (100mg/mL) (GIBCO-BRL) and 5% 

human AB serum (Gemini Bio Products West Sacramento, CA, USA), supplemented with 1000 

U GM-CSF/mL (Cardinal Health, Dublin, OH, USA) and 200U IL-4/mL (R&D Systems, 

Minneapolis, MN ) at days 0, 2, and 4. Immature DCs were harvested on days 5-7. These N178 

human dendritic cells were incubated with SHERPAs for 1 hr, and FITC-dextran (IVGND1845, 

Invitrogen, Carlsbad, CA) was used as a positive control.  Results were analyzed with FACS 

using the FACSCalibur system (BD Biosciences, San Jose, CA) and fluorescence microscopy.  

2.3 Results 

2.3.1 SHERPA Structure 

The dialysis-based manufacturing process described above produced the desired 

SHERPA structure consisting of a nested 5 µm liposome containing a 1 µm microbubble as 

shown schematically in Fig. 2.1a and with fluorescence microscopy in Fig. 2.1b. The Brownian 

motion of the microbubble and payload of the SHERPA was contained entirely within the outer 

membrane as shown in a series of sequential pictures in Fig. 2.1c. These structures were observed 

to be stable for several days. 
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2.3.2 SHERPA Production 

2.3.2.1 Microbubble Formation 

The probe sonication of the heated glycerol and 1,2-propanediol mixture containing dissolved 

DSPC and mPEG5000-DSPE successfully created microbubbles coated with a stabilizing lipid 

monolayer. This increased their resistance to the subsequent introduction of ethanol. DSPC was 

chosen because its long saturated tails result in a high Tc of 55 ºC. The brush layer created by the 

mPEG5000-DSPE helped increase SHERPA stability by preventing microbubbles from merging 

with each other and the outer liposome membrane. Perfluorohexane was chosen as the gas due to 

its established biocompatibility and low water solubility which increased the microbubble 

stability137. The high viscosity environment of the glycerol and 1,2-propanediol increased the 

concentration of microbubbles (~108/mL) by reducing their direct physical contact until they 

reached a more stable state. 

 

2.3.2.2 Microbubble Encapsulation  

The addition of the ethanol solution containing the egg PC lipid, cholesterol, and the 

lipophilic dye DiO to the microbubble solution drop wise under high vortex created lipid 

structures that intermixed with the microbubbles as shown in Fig. 2.3a. These structures appear to 

be unclosed lipid sheets whose free ends were stable under these solvent conditions. The viscosity 

of the solvent was important because it slowed the diffusion of added water into the region of 

these lipid sheets, making their free ends slowly unstable over several minutes. The increasing 

instability of the free ends caused the sheets to seal with themselves and neighboring sheets 

encapsulating the intervening microbubbles to form SHERPAs as shown in Fig. 2.3b. Fig. 2.3c 

shows a magnified view with several SHERPAs present. Egg PC was chosen because its very low 

transition temperature (Tc) of -15 ºC increased the flexibility and fluidity of the outer membrane, 

allowing the lipid sheets to seal. The flexibility could also help increase particle circulation time 
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by allowing easier passage through the microvasculature. The cholesterol amount was optimized 

to increase stability of the outer liposome and improve drug retention time. Some of the 

mPEG5000-DSPE from the microbubble solution was also incorporated into the outer membrane. 

This was demonstrated by preventing charge interactions between SHERPAs doped with 

positively charged DOTAP lipid and cell surfaces. SHERPAs that were doped with DOTAP but 

did not have mPEG5000-DSPE attached readily to the surface of HUVEC cells. This indicates 

that the external surface of the SHERPAs were PEGylated and able to maintain a steric separation 

from the cells. This property is crucial to prolonging in vivo circulation time.  

The large microbubbles shown in Fig. 2.3a disappeared in Fig. 2.3b and 2.3c because the 

added water made the solution less viscous. The larger bubbles floated quickly to the top, where 

they aggregated and destabilized. The 1-2 µm diameter microbubbles of choice rose more slowly 

and were much more stable when exposed to increasing concentrations of water in the formation 

process. 
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Figure 2.3  SHERPA formation. (a) The fluorescently labeled lipid structures mixed with the 
microbubbles shown before the final water addition step during SHERPA formation. The lipid 
structures appear to be open sheets whose free ends are stable under these mixed solvent 
conditions of glycerol, 1,2-propanediol, and ethanol. (b) After addition of water to the 
microbubble and ethanol mixture shown in Fig. 2.3a, the open free ends of the lipid sheets 
become energetically unstable and they seal with themselves and with the free ends of 
surrounding sheets encapsulating the intervening microbubbles. This magnification level is the 
same as in Fig. 2.3a. (c) This shows a close up of the SHERPAs just after formation. 
 

2.3.3 Encapsulation and Retention Time of Doxorubicin 

One fundamental property of a drug delivery vehicle is its ability to contain its payload 

while in transit. The outer lipid membrane sheets of the SHERPA which close around the 

microbubble must seal to encapsulate a drug such as doxorubicin (DOX). DOX is currently dose 

limited by its cardiotoxic side effects, especially when administered systemically in free form147-

149. DOX can be incorporated into the SHERPAs by its addition to the bubble solution, or to the 

water during the final formation step. The concentration of the DOX inside the SHERPA is the 

same as the concentration of the drug in these preparation solutions because this solution is 

encapsulated within the SHERPA along with the microbubbles. The SHERPA can be loaded with 

higher concentrations of DOX by using higher concentrations in the preparation solutions. 

The encapsulation of DOX is shown in Fig. 2.4a. The retention time of free DOX was 

determined by dialyzing DOX-loaded SHERPAs against PBS, and measuring the DOX 

a b c
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concentration over time from the fluid within the dialysis tubing. For passively loaded DOX, the 

release followed an exponential decay with tight correlation. The retention half-life was 4.74 

hours, and is in good agreement with the literature for other liposomes loaded with free DOX 150. 

In the future, the retention time of DOX can be increased 10 times or more from this value by 

inducing the DOX to form crystals inside the liposomes by using proper pH gradients 150.  

 

Figure 2.4 SHERPA payload loading. (a) Demonstration of doxorubicin loading. Red 
fluorescence from entrapped doxorubicin can be seen as a diffuse sphere. This liposome also 
contains a microbubble shown by the dark inner circle. (b) Efficient loading of a macromolecule, 
IgG, was demonstrated and quantified using ELISA. Other liposomes were prepared by standard 
methods for comparison.  

2.3.4 Encapsulation Efficiency of Microbubbles and Biomolecules 

To evaluate the encapsulation efficiency of the SHERPA, mouse IgG was used as a 

model large biomolecule payload. An ELISA was performed to calculate the percent loading of 

IgG (150 kD, ~5 nm) into the SHERPAs. The samples were added directly to capture antibodies 

after formation, to minimize experimental error. Only free IgG was accessible to bind capture 

antibodies and contributed to the ELISA signal. The mean percentage of the entire volume of the 

preparation solution that was encapsulated within the SHERPA outer liposome was 16%. This 

was high for passive entrapment and much higher than the 2.5% measured for the liposomes 
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prepared by thin film hydration 151 as shown in Fig. 2.4b. This is likely due to the larger size of 

the SHERPA liposomes and the fact that the lipids sheets are well suspended with the payload 

before sealing. 

The encapsulation efficiency of the microbubbles into the SHERPA outer liposomes was 

lower (1-5%) because the IgG was small enough to fit into any sized SHERPA but the 

microbubbles were on the micron size and could only fit into the larger liposomes. However, 

these microbubble-containing SHERPAs were easily separated from the empty liposomes by 

buoyancy driven methods, since the microbubble inside reduces the overall density of the 

SHERPA compared to empty liposomes and bulk solution. 

2.3.5 SHERPA Interaction with Ultrasound  

2.3.5.1 Ultrasound Intensity Level of 1.5 MPa 

The custom built high speed ultrasound microscope setup described in the methods 

section was used to observe the interaction of the fluorescently labeled SHERPA with ultrasound. 

Cavitation of the internal microbubble was observed at ultrasound intensity levels of 1.5 MPa as 

shown in Fig. 2.5a. Here the microbubble underwent a violent implosion producing a shockwave 

that fragmented the fluorescent lipid outer membrane into a cloud of fine debris. It is important to 

note that an empty liposome was present right next to the SHERPA as shown in Fig. 2.5a frame 

1. This empty liposome contained no microbubble and was exposed to the same ultrasound pulse 

that cavitated the SHERPA, but had no visible reaction or disruption of the membrane. This 

shows that the ultrasound exposures required to cavitate the microbubbles would not harm the 

membranes of cells even in the focal zone. This localized effect of the cavitation on surrounding 

membranes illustrates the importance of the co-localization of the liposome and microbubble. A 

jet of debris material was also ejected from the site of cavitation as seen in frame 3 of the 

sequence. Fluid ejection is a well documented mode of microbubble cavitation152.  
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2.3.5.2 Ultrasound Intensity Levels Below 1 MPa 

A second mode of interaction between SHERPAs and ultrasound at levels below 1 MPa 

was observed in which the microbubble did not undergo cavitation, but instead had a less violent 

response. The size modulation of the bubble initiated an opening and unfolding of the SHERPA 

outer membrane as shown in Fig. 2.5b, probably due in part to microstreaming152. These free ends 

made the open membrane an unstable high energy structure.  
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Figure 2.5  Interaction of SHERPA with Ultrasound. (a) Sequence of images showing a 
cavitation mode of ultrasound interaction with a SHERPA. Frame 1 shows the SHERPA before 
ultrasound exposure. Frame 2 shows the very onset of ultrasound exposure. Frame 3 shows the 
results just after the microbubble cavitation event creating a cloud of fluorescent debris. A jet of 
material has shot out from the main debris cloud. Frame 4 shows the diffusion of the membrane 
fragments 1.2 seconds after the cavitation event. (b) Sequence of images showing a popping type 
mode of SHERPA interaction with ultrasound. Frame 1 shows the SHERPA with its fluorescent 
outer membrane before exposure to ultrasound. Frame 2 shows the very onset of ultrasound 
exposure. Frame 3 shows the SHERPA membrane popping open on the lower right hand side and 
beginning to open up. Frame 4 shows the SHERPA fully opened up. (c) Images of ultrasound 
activation of SHERPA in simulated blood vessel channel within an agar block. The channel was 
coated with avidin and the SHERPA were functionalized with biotin. The biotin on the outside of 
the SHERPA was blocked with free avidin The control showed very little nonspecific binding of 
the fluorescently labeled SHERPA to the surface of the channel. Insonification with focused 
ultrasound ruptured SHERPA in the focal region allowing the biotin on the inside to bind to the 
surface of the channel. Higher intensity focused ultrasound created more activation and widened 
the range of SHERPA rupture causing larger deposition. 
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2.3.5.3. Localized SHERPA Activation 

The localized activation of SHERPA only near the focal region of the ultrasound was 

demonstrated in an agar tissue phantom using a biotin/avidin binding scheme.  An agar gel was 

prepared with a 1 mm diameter channel molded through the center to simulate a blood vessel 

which was coated with avidin. SHERPAs were made with DSPE-PEG2000-Biotin so the biotin 

was present on both the inner and outer surface of the SHERPA outer membrane. Biotins on the 

outside of the SHERPA were blocked by incubation with an excess of free avidin. The outer 

membrane was stained with DiO for visualization and the SHERPAs were introduced into the 

channel. The agar blocks were then insonified with focused ultrasound of various intensities. The 

control agar block showed very little nonspecific binding of the SHERPA to the walls of the 

channel after being washed with water as shown in Fig. 2.5c. Low intensity ultrasound ruptured 

the SHERPA only in the focal region, creating fluorescent membrane fragments with exposed 

free biotin that was originally on the inner leaflet of the SHERPA membrane. These fragments 

were then able to bind to the avidin coated walls of the channel allowing them to remain on the 

channel surface after it was flushed with water. Higher intensity ultrasound ruptured a larger 

number of SHERPA resulting in a higher fluorescent signal as well as creating a larger region of 

activation. 

 

2.3.6 SHERPA Stability in Biological Fluids 

SHERPA stability was evaluated by dilution into a blood sample followed by fluorescent 

microscopy. Intact SHERPAs were observed for up to two hours. Brownian motion caused the 

SHERPAs to interact with the surrounding red blood cells (RBCs), demonstrating their 

membrane flexibility. Much like the cells, they appeared to change their shape to pack closely 

with neighboring groups of RBCs a shown in Fig. 2.6a. The flexibility can potentially help reduce 
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uptake from the spleen by mimicking the ability of RBCs to squeeze through the filtration system. 

No attachment or clotting induction of the SHERPAs on the RBCs was observed.  

 

Figure 2.6  SHERPA in vitro behavior. (a) SHERPA interaction with red blood cells. The outer 
membrane of the SHERPA is very flexible and allows it to change shape so as to achieve close 
packing with surrounding red blood cells as shown through this sequence of pictures. The only 
driving force for this is Brownian motion. (b) Three J774 macrophages have engulfed nearly all 
the fluospheres (red).  No liposomes (green) can be seen inside the macrophages. 
 

2.3.7 Macrophage Uptake of SHERPA 

An effective drug carrier must be able avoid clearance by phagocytes for a sufficient 

period of time to reach its target. This nested design has a smooth PEG coated outer surface 

which presents less of a target for the immune system. J774 mouse macrophages were used to 

model the uptake of particles and liposomes fabricated by our method. SHERPA membranes 

were labeled green, and red Fluosphere beads were used as a positive control to show that the 

incubation solution did not inhibit the function of the macrophage. After 1 hr of incubation, 

macrophages were inspected by fluorescence microscopy. Fig. 2.6b shows strong macrophage 

uptake of red Fluospheres with no visible phagocytosis of SHERPAs.  

SHERPAs were also incubated with N178 human dendritic cells and analyzed by FACS 

and fluorescence microscopy. The FITC-dextran control was contained within 96.9% of cells, 
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whereas only 3.49% of cells contained fluorescently labeled SHERPAs. Scatter data showed no 

evidence of cell death. This indicates the possibility that the SHERPAs will have a low clearance 

rate from the immune system.   

2.3.8 In Vivo Circulation and Biodistribution 

To test the in vivo behavior of the SHERPA, a mouse was injected i.v. with a sample, and 

blood was sampled periodically in order to estimate the circulation half-life. Organs were frozen 

and sectioned (Fig. 2.7a) to look at the retention of liposomes and/or membrane fragments which 

were labeled with a red fluorescent lipophilic dye. Uptake is dominant in the spleen, and other 

uptake can be seen in the liver. The lack of red fluorescence in the other samples indicates a low 

level of uptake. The blood clearance of the SHERPA liposomes had an excellent fit to an 

exponential curve. When extrapolated, the clearance half-life was calculated to be 91 minutes. 

  



 

 

 

Figure 2.7 SHERPA in vivo 

in order to track their fate and blood clearance. 
the SHERPA in various key organs. The liver and especially spleen showed a high level of 
accumulation. (b) SHERPA blood clearance was determined by measuring fluorescence intensity 
from blood samples taken at different time points. Extrapolation of
blood clearance half-life of 91 minutes.
 
2.4 Discussion 

The SHERPA nested geometry has several attractive features as a drug delivery vehicle. 

The smooth continuous outer liposome with its PEG coating protects the internal 

and payload from degradation, reduces immune system recognition, and creates far greater 

loading capacity than microbubbles alone. The surface

nanoliposomes which allows higher surface densities of targe

 

SHERPA in vivo biodistribution and circulation. SHERPA were labeled with DiI 
in order to track their fate and blood clearance. (a) Tissue sections show relative accumula
the SHERPA in various key organs. The liver and especially spleen showed a high level of 

SHERPA blood clearance was determined by measuring fluorescence intensity 
from blood samples taken at different time points. Extrapolation of the exponential fit suggests a 

life of 91 minutes. 

The SHERPA nested geometry has several attractive features as a drug delivery vehicle. 

The smooth continuous outer liposome with its PEG coating protects the internal 

and payload from degradation, reduces immune system recognition, and creates far greater 

loading capacity than microbubbles alone. The surface-to-volume ratio is far less than that of 

nanoliposomes which allows higher surface densities of targeting ligands to be used to increase 
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targeting efficiency without the risk of receptor saturation. The materials used in the construction 

of SHERPAs are bioresorbable and the perfluorocarbon gas can be cleared through exhalation.  

The SHERPA are intended for intravenous injection which allows the SHERPA and the 

payload to penetrate every region of the tumor where the vasculature reaches, as opposed to an 

intratumoral injection where the SHERPA would be limited in their mobility from the injection 

site. The flexibility of the outer membrane can mimic the flexibility of red blood cell membranes 

and could help to increase circulation time of the SHERPA by allowing easier passage through 

the microvasculature. The SHERPA drug delivery vehicles themselves are not meant to 

extravasate from circulation into the tumor tissue. The main role of the SHERPA is to bring a 

highly concentrated payload into the tumor region through the vasculature. The payloads 

consisting of therapeutic nanoparticles or drug molecules are capable of extravasation once 

released from the SHERPA, especially inside the tumor region due to the “leaky” vasculature. 

The release of payload from the SHERPA located in the vasculature of the tumor will expose 

both the endothelial cells and the tumor tissue itself to the payload. Future work will explore the 

circulation time of these particles and the effect of focused ultrasound on payload delivery from 

the circulating particles to selected tissue regions. 

The nested SHERPA structure always keeps the microbubble, large payload, and cell 

membrane in close proximity, increasing the chance for sonoporation153 which is initiated by the 

cavitation event. Simultaneous pore formation in the cell membrane and release of high 

concentrations of payload in the same region could allow payload to travel down its concentration 

gradient into the cells, bypassing the need for endocytosis, and endosomal escape. With the 

resolution of focused ultrasound on the order of several cubic millimeters, SHERPAs residing in 

surrounding healthy tissue will be unaffected. They will break down gradually, diluting their 

payloads into the blood stream, making cellular delivery much less effective, and preventing 

accumulation of the drug153. This sonoporation effect may also occur during non-cavitation 
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microbubble interactions from the microstreaming of fluid around the microbubble152. Transient 

holes formed in the cell surface can be on the order of 100 nm in diameter and allow for payload 

uptake to occur over several minutes154. 

 

2.5 Conclusions 

Here we have demonstrated a process for consistent production of liposomes containing 

stabilized microbubbles. Though the overall structure is new, the outer liposome is amenable to 

standard functionalization and modifications well documented in the literature. These can 

increase their preferential accumulation in tumor sites to achieve maximum SHERPA 

concentration at the moment when the region is selectively insonified with ultrasound. This 

allows for both spatial and temporal control over activation with a burst release of a highly 

concentrated payload making these particles promising for in vivo studies.  

The present structure is able to circulate in the bloodstream of a mouse, and the 

liposomes mostly end up in the spleen. Certain in vivo delivery applications may require a longer 

circulation time to maximize the chance that the SHERPA will pass through the region of interest 

before being cleared from the circulation. Scaling down the particle size may enable a longer 

circulation by preventing size-dependent splenic filtration.  
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Abstract 

Externally-triggered delivery of therapeutics provides a compelling means to control drug 

release profiles and localize exposure. Previously developed delivery vehicles have used 

microbubbles or phase-shifting emulsions as the foundation for an ultrasound-sensitive carrier. 

Here we demonstrate a liposome structure whose exterior is similar to clinically used liposomal 

formulations, but with an interior containing components for ultrasound sensitivity. Stable 

nanoparticle nucleation sites for acoustic cavitation were incorporated to reduce the intensity of 

ultrasound needed to rupture the membrane and cause payload release. High-speed fluorescence 

microscopy showed the efficient fragmentation of liposomes and release of calcein restricted to 

the ultrasound focal region. Release was quantified for different nucleation sites as a function of 

peak negative pressure. The dependence of release on particle size and core material indicates a 

presence of multiple nucleation mechanisms. This novel liposome has the structure, 

biocompatibility, and functional versatility necessary to be an effective delivery platform for 

cancer and other local diseases. 

 

3.1 Introduction 

The advent of nanomedicine has promised to bring new therapeutic delivery systems 

capable of improved precision and external control. Ultrasound (US) has been looked at as a 

means to achieve this external control, due to its deep penetration, low scattering through tissue, 

and its non-ionizing nature which results in minimal secondary effects155. In addition, the ability 

to focus ultrasound waves offers spatial specificity needed to fight local diseases like many 

cancers. The body’s weak interaction with US waves accounts for its safety, but the lack of 

inherent contrast presents a challenge in discriminating tissues. To overcome this, particles can be 

engineered to have this sensitivity that the body lacks.  
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Gas-filled microparticles known as microbubbles (MB) have excellent acoustic 

responsiveness, or echogenicity, which explains their long clinical history as the main contrast 

agent for diagnostic ultrasound156. Their intrinsic property of concentrating acoustic energy 

through resonance has enabled the direct addressing of specific deep tissues, remotely. The 

destructive nature of a MB collapsing under pressure has encouraged much research into 

therapeutic applications including drug delivery157. One approach has been to facilitate diffusion 

of a payload into cells by sonoporation, a consequence of nearby MB cavitation158. The resulting 

transient holes in cell membranes allow rapid diffusion of a payload into the cytoplasm and 

passage of macromolecules like nucleic acids which are too large and polar to cross the cell 

membrane under normal circumstances159.  

Other approaches have ensured colocalization of the payload and MB by attaching the 

desired payload to the MB shell. The payload can be conjugated to a stabilizing monolayer or 

hidden in a thickened shell of lipids or polymer160, 161. The payload can also be contained in 

liposomes attached to the bubble surface162, or the MB can be encapsulated inside of a 

liposome163, 164. In addition to increasing the likelihood of the payload to enter a cell, focused 

ultrasound activation can also enable control over the biodistribution of a drug by altering its 

pharmacokinetics165. The loaded shell of a MB, normally too large to leave the vascular space166, 

can be fragmented into small nanoparticles capable of extravasation and being endocytosed or 

individual molecules which can cross the cell membrane167, 168. The high concentration gradient of 

payload generated at the US focus can increase the chance of the payload to interact with the 

local environment and diffuse into nearby cells. 

MBs can be ruptured at low ultrasound pressures, including FDA-approved formulations 

used in routine US imaging169. While the MB has excellent sensitivity, stability is the main 

limitation for in vivo efficacy. Commercial MB formulations can have long shelf-lives, but the 

blood circulation half-life is typically less than 10 minutes170, 171. Inert and minimally soluble 
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perfluorocarbon (PFC) gases are often used to minimize reactivity and dissolution. Still, MBs 

have difficulty retaining their gas while passing through the lung, and the fate of the shell 

materials is often the liver and spleen172, 173. This is adequate for imaging applications, but for 

localized delivery of a therapeutic, long circulation is critical to ensure that a significant amount 

of material passes through the target region and off-target toxicity is minimized174, 175. 

Compared to MBs described in the previous chapter, PFC nanoemulsions have better 

pharmacokinetics, owing to their stable liquid state and smaller size. This allows significantly 

longer circulation than MBs and the potential to extravasate and accumulate passively in tumors 

via the enhanced permeation and retention (EPR) effect176, 177. Phase-shifting nanoemulsions 

combine these benefits with the excellent contrast enhancement of MBs. The rarefaction from US 

causes a liquid droplet to convert to the gaseous state in a process called acoustic droplet 

vaporization (ADV)178-180. Since the insolubility of liquid PFCs prevents the incorporation of 

virtually all compounds without modification, the surface is again utilized to contain a payload181, 

182. The lack of an aqueous compartment to contain a freely dissolved payload means that at best 

the shell can be fragmented into small nanoparticles to increase the surface and enhance 

extravasation. The property of slow degradation which is desirable for a long-circulating carrier 

conflicts with the need for the nanoparticles to release their contents once they have reached their 

destination. 

If we were able to impart ultrasound-sensitivity to a carrier containing an aqueous 

compartment, we could create a powerful delivery platform for freely dissolved payloads which 

could diffuse across cell membranes immediately following their release. This vehicle would also 

have the versatility to carry other biomolecules which are most stable in polar solvents. To 

accomplish this, we have developed a new ultrasound-sensitive liposome which operates without 

the need for MBs or low-boiling-point liquid PFCs. Instead, we use pressure- and temperature-

stable nanoparticles which act as nucleation sites for acoustic cavitation. This enables cavitation 
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to be induced with lower US intensities than those which cause cavitation in bulk tissue183. In 

addition, the high loading capacity interior of the liposome can contain free solute which allows 

the rapid release of individual molecules, a function not possible in the shell-loaded geometries. 

The development of this vehicle will create for the first time an ultrasound-triggered delivery 

platform capable of carrying and releasing a broad array of therapeutic payloads. 

 

3.2 Results and Discussion 

Non-gaseous nanoparticles can also act as nucleation sites for acoustic cavitation of water 

and PFC emulsions184-187. In addition to the aforementioned ADV mechanism, the surface tension 

and cohesive force between liquid molecules is modulated at the surface of the particles and 

allows for efficient seeding of a gas cavity188. The extent to which a particle will exhibit this 

effect is determined by surface geometry, hydrophobicity, and the entrapment of gas pockets in 

hydrophobic crevices.  

In this work, we investigated the use of high boiling point PFC nanoemulsions as 

cavitation nucleation sites for liposome disruption. These molecules are only stable in the liquid 

state at physiological and room temperatures and cannot undergo conversion into a stable gas 

bubble like other lower boiling point PFCs used in ADV. The use of higher boiling point PFCs is 

beneficial due to their slowed elimination and reduced bio-effects such as pulmonary gas 

trapping189, 190. These adverse effects are likely to become more pronounced as emulsion size 

decreases, due to increasing surface-to-volume ratio, accelerating dissolution. Increasing Laplace 

pressure can also result in a higher degree of blood saturation, though these effects can be limited 

with the use of surfactants to reduce the surface tension. 

 In addition to having a strong effect of reducing cavitation threshold, the consistent 

production of these nanoemulsions made it easy to compare different liquid cores. It was possible 

to produce emulsion solutions at up to 40 vol% PFC, which resulted in droplet concentrations 



60 
 

 

 

near 1016 ml-1, orders of magnitude higher than most commercially available nanoparticles. This 

ensured the greatest possible number of nanodroplets encapsulated in each liposome. 

 

3.2.1 High Boiling-Point PFC Droplets as Cavitation Nucleation Sites 

Though the nanoemulsions used throughout this study were too small to image in real-

time, the source of their nucleation effect is believed to be based on previously proposed 

mechanisms. One potential mode by which PFC nanoemulsions nucleate cavitation is a transient 

ADV from the internal volume instead of a surface nucleation of water cavitation. This concept 

was demonstrated by real-time observations of the US response of perfluorononane (PFN) 

droplets acquired at 45,000 fps as shown in Figure 3.1b. Micron scale droplets were produced in 

order to be clearly visible under an optical microscope. When insonated with US, cavitation 

nucleated from the PFN droplet, as seen in frame 2. Immediately after, a gas MB is clearly visible 

within the liquid volume of the droplet. In the following 62 ms, the MB condenses or dissolves 

back into the PFN droplet until it is no longer visible. This effect was repeatable through many 

cycles, in contrast with droplets of lower boiling point PFCs, which can convert into MBs which 

persist for minutes191. 

This MB persistence time is important for repeatedly pulsed US, where the transient 

microbubble could efficiently nucleate further cavitation at even lower intensities. One cavitation 

event is capable of initiating a chain reaction, rapidly producing a cluster of bubbles and 

broadening the observed region of cavitation192. This may explain the observation of decreased 

cavitation thresholds for longer pulse lengths, since a short pulse may not be long enough to 

create a chain reaction193.  

While persistent MBs are ideal for contrast-enhanced US, the short lifespan of transient 

MBs is enough for them to also serve as spatial indicators by increasing backscatter194, 195. 

Additionally, the generation of these MBs produces a broadband acoustic emission which can be 



 

 

imaged with arrays of passive cavitation detectors

the appropriate imaging system could enable an image

produced in Figure 3.1b is assumed to originate from the PFN and not the surrounding water, 

judging from its affinity for the interior of the droplet. Higher frame

more information as to the exact 

required to induce ADV increases with decreasing droplet diameter

these emulsion droplets would likely facilitate ADV, further experiments have been conducted to 

demonstrate the ability of nanodroplets to also be efficient cavitation nucleation sites. 

Table 3.1 Perfluorocarbon Properties

Molecule Name 

Perfluoroheptane 

Perfluorooctane 

Perfluorononane 

Perfluorodecalin 

 

 

imaged with arrays of passive cavitation detectors196. Thus, the described particles coupled with 

the appropriate imaging system could enable an image-guided delivery system. T

is assumed to originate from the PFN and not the surrounding water, 

judging from its affinity for the interior of the droplet. Higher frame-rate videos may provide 

more information as to the exact cavitation mechanism. It has been shown that the pressure 

required to induce ADV increases with decreasing droplet diameter197. Since the large size of 

these emulsion droplets would likely facilitate ADV, further experiments have been conducted to 

demonstrate the ability of nanodroplets to also be efficient cavitation nucleation sites. 

1 Perfluorocarbon Properties
198

 

Chemical 

Formula 

Chemical Structure Molecular 

Weight 

(Daltons) 

C7F16 

 

388.05 

C8F18 

 

438.06 

C9F20 

 

488.07 

C10F18 

 

462.08 
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. Thus, the described particles coupled with 

guided delivery system. The bubble 

is assumed to originate from the PFN and not the surrounding water, 

rate videos may provide 

cavitation mechanism. It has been shown that the pressure 

. Since the large size of 

these emulsion droplets would likely facilitate ADV, further experiments have been conducted to 

demonstrate the ability of nanodroplets to also be efficient cavitation nucleation sites.  

Boiling 

Point (ºC) 

82 

104 

119 

140 
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If transient ADV does not account for the decreased cavitation threshold, the nucleation 

property of the nanodroplets may be due to surface nucleation of water cavitation (Fig. 3.1a Left 

Panel). The sharp curvature of surfactant molecules around an emulsion droplet can create 

substantial disorder of the surrounding water. Additionally, if US were able to temporarily 

displace surfactant molecules, the extremely hydrophobic PFC core, now exposed to water, could 

then serve as an efficient nucleation site. The shear forces resulting from cavitation could cause 

such a destabilization of the emulsion shell which could rapidly “activate” droplets in the vicinity 

by exposing their PFC core (Fig. 3.1a Right Panel). Thus, a rare cavitation event, which might 

otherwise completely subside in between ultrasound pulses could instead have a cascading effect 

in the presence of nucleation sites. 

  



 

 

Figure 3.1 Cavitation nucleation by high boiling point perfluorocarbon (PFC) nanoemulsion 

droplets. a) Possible nucleation mechanisms. In the left 

interface of the droplet surface an

tension. In the middle frame, transient acoustic droplet vaporization (ADV) causes the production 

of a bubble which rapidly regresses into the liquid PFC core. In the right frame, an initiating 

cavitation event disturbs the surfactant layer of the droplets, temporarily exposing the 

hydrophobic PFC core. By this mechanism, one rare cavitation event could produce many active 

nuclei. In all 3 cases, the gas cavities can also efficiently nucl

speed observation of cavitation nucleating from a perfluorononane emulsion. The first frame 

shows the emulsion before application of ultrasound. An ultrasound pulse occurs during frame 2, 

which shows a violent cavitation event resulting

3.  Subsequent frames show the gradual condensation or dissolution of the vapor bubble into the 

emulsion droplet until the bubble is no longer visible, and the emulsion again appears as it did in 

frame 1. Because the emulsion reverts to its original state, this process was repeatable over many 

ultrasound pulses. Images were recorded at 45,000 fps and downsampled for better illustration. 

The shutter speed was 1/303,000 s.

 

3.2.2 Fabrication of Liposomes 

Generating the desired structure required a liposome fabrication technique capable of 

efficient incorporation of nanoparticles. One technique which was 

stable lipid sheets which would close upo

 

Cavitation nucleation by high boiling point perfluorocarbon (PFC) nanoemulsion 

) Possible nucleation mechanisms. In the left panel, cavitation is nucleated at the 

interface of the droplet surface and the surrounding water due to modulation of the surface 

tension. In the middle frame, transient acoustic droplet vaporization (ADV) causes the production 

of a bubble which rapidly regresses into the liquid PFC core. In the right frame, an initiating 

ation event disturbs the surfactant layer of the droplets, temporarily exposing the 

hydrophobic PFC core. By this mechanism, one rare cavitation event could produce many active 

nuclei. In all 3 cases, the gas cavities can also efficiently nucleate further cavitation. b

speed observation of cavitation nucleating from a perfluorononane emulsion. The first frame 

shows the emulsion before application of ultrasound. An ultrasound pulse occurs during frame 2, 

which shows a violent cavitation event resulting in the production of a gas bubble seen in frame 

3.  Subsequent frames show the gradual condensation or dissolution of the vapor bubble into the 

emulsion droplet until the bubble is no longer visible, and the emulsion again appears as it did in 

cause the emulsion reverts to its original state, this process was repeatable over many 

ultrasound pulses. Images were recorded at 45,000 fps and downsampled for better illustration. 

The shutter speed was 1/303,000 s. 

abrication of Liposomes Containing Perfluorocarbon Nanoemulsions

Generating the desired structure required a liposome fabrication technique capable of 

efficient incorporation of nanoparticles. One technique which was tested was to generate semi

stable lipid sheets which would close upon the addition of an aqueous buffer. Such a technique 
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Cavitation nucleation by high boiling point perfluorocarbon (PFC) nanoemulsion 

cavitation is nucleated at the 

d the surrounding water due to modulation of the surface 

tension. In the middle frame, transient acoustic droplet vaporization (ADV) causes the production 

of a bubble which rapidly regresses into the liquid PFC core. In the right frame, an initiating 

ation event disturbs the surfactant layer of the droplets, temporarily exposing the 

hydrophobic PFC core. By this mechanism, one rare cavitation event could produce many active 

cavitation. b) High 

speed observation of cavitation nucleating from a perfluorononane emulsion. The first frame 

shows the emulsion before application of ultrasound. An ultrasound pulse occurs during frame 2, 

in the production of a gas bubble seen in frame 

3.  Subsequent frames show the gradual condensation or dissolution of the vapor bubble into the 

emulsion droplet until the bubble is no longer visible, and the emulsion again appears as it did in 

cause the emulsion reverts to its original state, this process was repeatable over many 

ultrasound pulses. Images were recorded at 45,000 fps and downsampled for better illustration. 

ning Perfluorocarbon Nanoemulsions 

Generating the desired structure required a liposome fabrication technique capable of 

was to generate semi-

n the addition of an aqueous buffer. Such a technique 
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was recently used to form liposomes encapsulating microbubbles163. While this technique was 

able to encapsulate nanoemulsions, a large majority of the emulsions were not encapsulated, and 

the organic solvents involved precluded the incorporation of most biomolecules which would 

precipitate in their presence. Instead, we used a modification of reverse-phase evaporation (REV), 

a technique which templates the formation of liposomes onto aqueous emulsion droplets. REV, 

originally developed in the 1970’s199, is capable of producing liposomes with high encapsulation 

efficiencies, and is compatible with the encapsulation of proteins, nucleic acids, and other 

biomolecules due to the minimal exchange of the immiscible solvents199. By altering which 

solvent is used, a broad selection of polar molecules can be encapsulated. To achieve efficient 

incorporation, the encapsulant should be more soluble in the aqueous phase to prevent extraction 

into the organic phase. Nonpolar molecules can be encapsulated into nanoparticles, which can 

then be incorporated into the liposomes after the addition of a hydrophilic passivation layer. Such 

is the case for the PFC emulsions used here, which without the appropriate surfactant would be 

extracted into the organic phase. Emulsion size was reduced as much as possible, so as not to 

limit the overall size of the URL. Nanoemulsions were stabilized by a PFC-PEG block 

copolymer, which granted a very low surface tension, and allowed for the production of 20 nm 

emulsions. Additionally, the minimal droplet size resulted in a very high particle concentration, 

and high surface area to maximize surface effects. The PFC emulsions produced here are some of 

the smallest yet reported, and the size was very consistent from batch to batch and had little 

dependence on the specific PFC which was used for the core.  



 

 

Figure 3.2 The Ultrasound

The incorporation of a nucleation site for acoustic cavitation renders the liposome responsive to 

ultrasound. b) Cryo-transmission electron micrograph of a 140 nm 

perfluorononane emulsion. c

nanoparticle (bright sphere). This structure demonstrates that fabrication by reverse

evaporation/extrusion can produce liposomes 

large as 90nm. 

 

3.2.3 Electron Microscopy Imaging of U

Cryo-transmission electron microscopy confirmed the URL structure of 100

liposomes containing 15-30

structure, preserved by the imaging method, clearly displays efficient encapsulation of a highly 

concentrated emulsion. Reconstructed tomograms showed the spatial distribution of PFN droplets 

and verified their volumetric encapsulation as opposed to surface adherence. Due to extrusion, 

liposomes were mostly unilamella

emulsion alone (Figure 3.3d

were not observed in the liposome samples.

The increased size of the liposomes relative to free emulsions allowed for separation by 

centrifugation despite the higher density of the perfluorocarbon. However, the higher density of 

liposomes containing encapsu

lower speeds than empty liposomes, although some empty liposomes were still observed. In the 

URL sample for which the free emulsio

 

ltrasound-Ruptured Liposome (URL). a) Schematic of the described vehicle. 

The incorporation of a nucleation site for acoustic cavitation renders the liposome responsive to 

transmission electron micrograph of a 140 nm liposome containing a 30 nm 

sion. c) Scanning electron micrograph of a liposome containing one gold 

nanoparticle (bright sphere). This structure demonstrates that fabrication by reverse

evaporation/extrusion can produce liposomes as small as 250nm containing nucleation sites as 

Electron Microscopy Imaging of Ultrasound-Ruptured Liposomes 

transmission electron microscopy confirmed the URL structure of 100

30 nm PFN droplets (Figure 3.3d). The liposome and emulsion 

structure, preserved by the imaging method, clearly displays efficient encapsulation of a highly 

concentrated emulsion. Reconstructed tomograms showed the spatial distribution of PFN droplets 

etric encapsulation as opposed to surface adherence. Due to extrusion, 

liposomes were mostly unilamellar and some multilamellar (Fig 3.3c). Imaging of the

emulsion alone (Figure 3.3d) showed the occasional presence of larger (30-60 nm) droplets which 

ere not observed in the liposome samples. 

The increased size of the liposomes relative to free emulsions allowed for separation by 

centrifugation despite the higher density of the perfluorocarbon. However, the higher density of 

liposomes containing encapsulated PFN (ρPFN = 1.799 g/ml) allowed the URL to be pelleted at 

lower speeds than empty liposomes, although some empty liposomes were still observed. In the 

URL sample for which the free emulsions were not removed (Figure 3.3b), the encapsulated 
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a) Schematic of the described vehicle. 

The incorporation of a nucleation site for acoustic cavitation renders the liposome responsive to 

liposome containing a 30 nm 

) Scanning electron micrograph of a liposome containing one gold 

nanoparticle (bright sphere). This structure demonstrates that fabrication by reverse-phase 

as small as 250nm containing nucleation sites as 

transmission electron microscopy confirmed the URL structure of 100-400 nm 

). The liposome and emulsion 

structure, preserved by the imaging method, clearly displays efficient encapsulation of a highly 

concentrated emulsion. Reconstructed tomograms showed the spatial distribution of PFN droplets 

etric encapsulation as opposed to surface adherence. Due to extrusion, 

). Imaging of the PFN 

60 nm) droplets which 

The increased size of the liposomes relative to free emulsions allowed for separation by 

centrifugation despite the higher density of the perfluorocarbon. However, the higher density of 

= 1.799 g/ml) allowed the URL to be pelleted at 

lower speeds than empty liposomes, although some empty liposomes were still observed. In the 

), the encapsulated 



 

 

emulsions were on average larger than the free emulsions. This could be a result of the liposome 

restriction, preventing dilution of the emulsion, thereby accelerating droplet coalescence.

Scanning electron microscopy verified the efficient encapsulation of 90

nanoparticles inside liposomes (Fig. 3.2

removal of free nanoparticles by dialysis with a .2 µm polycarbonate membrane. 

99% of the observed gold nanoparticles were entrapped.

Figure 3.3 Cryo-TEM of ultrasound

(PFN) emulsion droplets. a

b) URL which have been dialyzed to remove trace solvents, but not purified by cent

Although most of the droplets are originally encapsulated inside liposomes, after extrusion the 

inner and outer droplet concentra

also fabricated by reverse-phase evaporation (REV) an

emulsion droplets are unable to

liposome processing. Most of the droplets we

the purified sample viewed at 2 differe

concentrated of droplets are contained within the liposome volume a

the membrane surface. The scale bar in all images represents 100 nm.

 

were on average larger than the free emulsions. This could be a result of the liposome 

restriction, preventing dilution of the emulsion, thereby accelerating droplet coalescence.

Scanning electron microscopy verified the efficient encapsulation of 90

ticles inside liposomes (Fig. 3.2c). Numerous images also confirmed the efficacy of the 

removal of free nanoparticles by dialysis with a .2 µm polycarbonate membrane. 

99% of the observed gold nanoparticles were entrapped. 

TEM of ultrasound-ruptured liposomes (URL) containing perfluorononane 

a) 100nm URL from a sample purified by dialysis and centrifugation. 

) URL which have been dialyzed to remove trace solvents, but not purified by cent

Although most of the droplets are originally encapsulated inside liposomes, after extrusion the 

inner and outer droplet concentration appears to be comparable. c) A sample of empty liposomes 

phase evaporation (REV) and mixed with PFN emulsions. The 

emulsion droplets are unable to penetrate the lipid membrane. d) The PFN emulsion before 

rocessing. Most of the droplets were on the 15-20 nm size range. e,f) A liposome from 

the purified sample viewed at 2 different tilt angles. The acquired tilt sequence demonstrates the 

concentrated of droplets are contained within the liposome volume as opposed to positioned on 

. The scale bar in all images represents 100 nm. 
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were on average larger than the free emulsions. This could be a result of the liposome 

restriction, preventing dilution of the emulsion, thereby accelerating droplet coalescence. 

Scanning electron microscopy verified the efficient encapsulation of 90-100 nm gold 

). Numerous images also confirmed the efficacy of the 

removal of free nanoparticles by dialysis with a .2 µm polycarbonate membrane. Greater than 
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3.2.4 Ultrasound-Triggered Membrane Fragmentation 

Giant URL (2-5 µm) were fabricated in order to observe liposomal membrane 

fragmentation upon exposure to focused ultrasound. The lipid bilayers stained with DiO were 

clearly visible under high magnification in a fluorescent microscope. For the submerged 

geometry, a 60X water dipping objective with a working distance of 2 mm was used for a cleaner 

sound field. To acquire higher frame-rate videos and slightly higher resolution, a 100X oil 

immersion objective was used which had a higher numerical aperture. Real-time observation of 

the URL response to focused US was possible with the use of a combined US-optical microscope 

system described elsewhere204. In immediate response to the applied US, the glowing membranes 

shattered into sub-micron fragments as shown in Figure 3.4a. With liposomes containing no 

nucleation sites, the rupture threshold was significantly higher, and below the threshold only 

jolting or translation of liposomes was observed (Fig. 3.4b).  

 

  



 

 

Figure 3.4 Real-time observation

fluorescent microscopy. a,b) Giant (2
membranes to show the fragmentation of the lipid structures. Ultrasound
(URL) shown in (a) were fragmented with 1000 cycles of 2.25 MHz US (1.3 MPa), whereas 
normal liposomes (b) did not respond to the same settings. Only a “jolting” motion is visible due 
to a vibrational response of the sample holder. c,d) Release and dequenching of calcei
contained in nanoliposomes. The first frame is dark due to efficient quenching of the dye, highly 
concentrated in the liposomes. The 2
instantaneous release and dilution of the dye, resulting in brig
the rapid diffusion of the small molecule dye. c) Bright plumes, presumably occurring near 
cavitation events, can be seen 
which produces hexagonal acous
submerged, there is no observed acoustic interference
region of the US, which is approximately 1 mm at this frequency.
 

 

3.2.5 Ultrasound-Triggered Calcein

To demonstrate ultrasound

self-quenching dye calcein was used. This showed the destruction of much smaller 

nanoliposomes which would be expected to function better in vivo. Liposomes e

dye and nanoparticles were extruded, and free dye and nanoparticles were removed by dialysis. 

The extruded liposomes had a mean diameter of 500 nm and a polydispersity index of 

measured by dynamic light scattering. US

the calcein and rapidly mixing it with the surrounding liquid. The nearly instantaneous dilution of 

the dye caused the calcein to be less quenched and the fluorescence intensity to increase by more 

than 10-fold in some cases. Thus, the fluorescence intensity was an indicator for payload release 

 

time observation of focused ultrasound liposome rupture with high speed 

a,b) Giant (2-5 µm) liposomes were prepared with fluorescently labeled 
membranes to show the fragmentation of the lipid structures. Ultrasound-ruptured liposomes 

(a) were fragmented with 1000 cycles of 2.25 MHz US (1.3 MPa), whereas 
normal liposomes (b) did not respond to the same settings. Only a “jolting” motion is visible due 
to a vibrational response of the sample holder. c,d) Release and dequenching of calcei
contained in nanoliposomes. The first frame is dark due to efficient quenching of the dye, highly 
concentrated in the liposomes. The 2nd frame in which  the US pulse occurs shows nearly 
instantaneous release and dilution of the dye, resulting in bright regions. The final frame shows 
the rapid diffusion of the small molecule dye. c) Bright plumes, presumably occurring near 
cavitation events, can be seen in high resolution images, at the expense of a reflecting sound field 
which produces hexagonal acoustic interference. d) In a cleaner sound field completely 

there is no observed acoustic interference, and the release is restricted to the focal 
region of the US, which is approximately 1 mm at this frequency. 

Triggered Calcein Release 

To demonstrate ultrasound-triggered release of a hydrophilic small molecule payload, the 

quenching dye calcein was used. This showed the destruction of much smaller 

nanoliposomes which would be expected to function better in vivo. Liposomes e

dye and nanoparticles were extruded, and free dye and nanoparticles were removed by dialysis. 

The extruded liposomes had a mean diameter of 500 nm and a polydispersity index of 

measured by dynamic light scattering. US-induced cavitation ruptured the liposomes, releasing 

the calcein and rapidly mixing it with the surrounding liquid. The nearly instantaneous dilution of 

the dye caused the calcein to be less quenched and the fluorescence intensity to increase by more 

me cases. Thus, the fluorescence intensity was an indicator for payload release 
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of focused ultrasound liposome rupture with high speed 

5 µm) liposomes were prepared with fluorescently labeled 
ruptured liposomes 

(a) were fragmented with 1000 cycles of 2.25 MHz US (1.3 MPa), whereas 
normal liposomes (b) did not respond to the same settings. Only a “jolting” motion is visible due 
to a vibrational response of the sample holder. c,d) Release and dequenching of calcein dye 
contained in nanoliposomes. The first frame is dark due to efficient quenching of the dye, highly 

frame in which  the US pulse occurs shows nearly 
ht regions. The final frame shows 

the rapid diffusion of the small molecule dye. c) Bright plumes, presumably occurring near 
in high resolution images, at the expense of a reflecting sound field 

completely 
is restricted to the focal 

triggered release of a hydrophilic small molecule payload, the 

quenching dye calcein was used. This showed the destruction of much smaller 

nanoliposomes which would be expected to function better in vivo. Liposomes encapsulating the 

dye and nanoparticles were extruded, and free dye and nanoparticles were removed by dialysis. 

The extruded liposomes had a mean diameter of 500 nm and a polydispersity index of 0.21 as 

ation ruptured the liposomes, releasing 

the calcein and rapidly mixing it with the surrounding liquid. The nearly instantaneous dilution of 

the dye caused the calcein to be less quenched and the fluorescence intensity to increase by more 

me cases. Thus, the fluorescence intensity was an indicator for payload release 
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and more generally failing of the lipid bilayer. Though calcein is an appropriate model for small 

molecules, it is possible that the release characteristics will be dependent on size and 

hydrophobicity and is thus a topic of future work.  

At an ultrasound pressure slightly above the cavitation threshold, the resulting fluorescent 

spot was confined to a sub-millimeter focal region (Fig 3.4c). Calcein release was also observed 

at the air/water interface, which allowed for higher resolution imaging of the kinetics, at the cost 

of a less characterized sound field. Figure 3.4d clearly shows bright regions where cavitation 

nucleated and streamlines where microstreaming caused shearing of the sub-micron liposomes or 

mixing of the released dye. Acoustic interference in the sample caused cavitation to nucleate in 

discrete spots, creating bright plumes throughout the focal region. The smaller fishtail streaks are 

presumed to be caused from secondary cavitation nucleated by projected MBs. 

 The required ultrasound pressure to release the calcein was recorded for each type of 

nanoparticle loaded inside of the liposomes and the control sample which contained no additional 

nanoparticles. In the submerged geometry, the control never showed any calcein release from the 

10 ms continuous burst of 2.25 MHz US at the maximum pressure of 1.6 MPa. At the same US 

settings, liposomes loaded with perfluorononane nanoemulsions and Au nanoparticles nucleated 

cavitation, causing release of the calcein. There was a sharp pressure threshold centered at 1.3 

MPa below which cavitation was never observed. For perfluorononane emulsions, the measured 

threshold at the air/water interface was slightly lower (1.1 MPa), due to regions of constructive 

interference in the sample. Since microscopy allows us to observe very isolated cavitation events 

and generate a cumulative fluorescence signal, the measured threshold is likely to be lower than 

those measured by many acoustic methods. 
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3.2.6 Quantification of Ultrasound-Triggered Calcein Release 

The efficiency of calcein release in a bulk liposome solution was quantified by 

fluorescence intensity. Since particle size and concentration can affect the threshold and amount 

of cavitation200, 201, these parameters must be well controlled to allow a direct comparison of 

different particle cores. For this reason URLs containing calcein and equal concentrations of 

either perfluoroheptane, perfluorooctane, perfluorononane, or perfluorodecalin emulsions were 

prepared. Pulsed US was applied from a 3.3 MHz focused transducer onto the sample for 1 

minute in order to induce liposome rupture. The sample was diluted 100-fold to mimic dilution 

into the bloodstream. The fluorescence intensity of aliquots was taken as a measure of total 

release, when compared with an untreated and fully lysed sample. The encapsulation of PFC 

nanoemulsions was able to reduce the US intensity needed to cause release of the calcein. A 

1000-cycle sine wave pulse was applied and repeated at a 1 or 10% duty cycle (Figure 3.5a) 

(Pulse repetition frequency 33 or 330 Hz) for 1 to 5 minutes. For URL containing 

perfluorononane nanoemulsions at 3.3 MHz, there was greater than 40% release at a peak-

negative pressure (PNP) of 2.3 MPa.  

A sharp rupture threshold of the URL was observed at a PNP near 2 MPa. At a PNP of 

2.3 and 2.9 MPa, liposomes containing PFC nanoemulsions released 30-50% of their calcein, 

whereas the liposomes containing no nanoparticles showed less than 5% release until a PNP of 

greater than 3 MPa. Thus, at a PNP of 2.3 MPa, cavitation could be produced and URLs were 

ruptured with great selectivity over conventional liposomes, about 30-fold when Perfluorononane 

was used. The choice of PFC had little effect on the rupture threshold, which is evidence that for 

these formulations, the mechanism of cavitation nucleation is more dependent on the particle size 

and structure than the core material. 



 

 

 Figure 3.5 Quantification of payload release from URL containing self

Using a fluorescence plate reader, release of calcein was measured as a function of nucleation site 
a) composition and b) size and of 
different perfluorocarbon emulsions (10% v/v). A sharp threshold was observed between a peak 
negative pressure (PNP) of 1.6 and 2.3 MPa, where there was a 20
release. For the control liposomes containing no nucleation sites, the threshold occurred between 
a PNP of 2.9 and 3.3 MPa. b) The observed release threshold decreased with increasing droplet 
size, an effect which has been previously documented f
were not loaded into liposomes, but instead added to the outside to neglect a confounding effect 
of size-dependent loading efficiency.
 

 

To test the dependence of droplet size on cavitation nucleation, PFN emulsions of

different sizes were prepared. Encapsulation efficiency of emulsions inside liposomes is size

dependent, so emulsions were added to the outside of the liposomes to negate this effect. Since 

the concentration of PFN was held constant, emulsion samples wi

lower droplet concentration. ADV theory and experiments agree that conversion threshold 

decreases for increasing diameter

Smaller emulsion samples, however, have a

surface area, thus surface effects should be most pronounced in these samples. Calcein release 

 

Figure 3.5 Quantification of payload release from URL containing self-quenched calcein. 

Using a fluorescence plate reader, release of calcein was measured as a function of nucleation site 
size and of c) pulse length. a) Liposomes were prepared containing 4 

different perfluorocarbon emulsions (10% v/v). A sharp threshold was observed between a peak 
negative pressure (PNP) of 1.6 and 2.3 MPa, where there was a 20-fold increase i
release. For the control liposomes containing no nucleation sites, the threshold occurred between 
a PNP of 2.9 and 3.3 MPa. b) The observed release threshold decreased with increasing droplet 
size, an effect which has been previously documented for ADV. For this experiment, droplets 
were not loaded into liposomes, but instead added to the outside to neglect a confounding effect 

dependent loading efficiency. 

To test the dependence of droplet size on cavitation nucleation, PFN emulsions of

different sizes were prepared. Encapsulation efficiency of emulsions inside liposomes is size

dependent, so emulsions were added to the outside of the liposomes to negate this effect. Since 

the concentration of PFN was held constant, emulsion samples with a larger mean diameter had a 

lower droplet concentration. ADV theory and experiments agree that conversion threshold 

decreases for increasing diameter, due to a reduction in surface tension and Laplace pressure

Smaller emulsion samples, however, have a higher particle concentration and a greater exposed 

surface area, thus surface effects should be most pronounced in these samples. Calcein release 
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quenched calcein. 

Using a fluorescence plate reader, release of calcein was measured as a function of nucleation site 
pulse length. a) Liposomes were prepared containing 4 

different perfluorocarbon emulsions (10% v/v). A sharp threshold was observed between a peak 
fold increase in calcein 

release. For the control liposomes containing no nucleation sites, the threshold occurred between 
a PNP of 2.9 and 3.3 MPa. b) The observed release threshold decreased with increasing droplet 

or ADV. For this experiment, droplets 
were not loaded into liposomes, but instead added to the outside to neglect a confounding effect 

To test the dependence of droplet size on cavitation nucleation, PFN emulsions of 5 

different sizes were prepared. Encapsulation efficiency of emulsions inside liposomes is size-

dependent, so emulsions were added to the outside of the liposomes to negate this effect. Since 

th a larger mean diameter had a 

lower droplet concentration. ADV theory and experiments agree that conversion threshold 

, due to a reduction in surface tension and Laplace pressure. 

higher particle concentration and a greater exposed 

surface area, thus surface effects should be most pronounced in these samples. Calcein release 
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was observed at a lower PNP for larger emulsion samples (Figure 3.5b), indicating a lower 

activation threshold. This result, which is seemingly evidence for an ADV-like mechanism, 

conflicts with the finding of a weak dependence of calcein release on PFC boiling point. This 

could be explained by the presence of both a transient ADV and a surface nucleation effect, 

where the ADV effect becomes insignificant for the smaller emulsions used in Figure 3.5a 

While ADV and liposome rupture may be facilitated with the use of larger emulsions, for 

use in the URL, the encapsulating liposome size must be increased accordingly and could result 

in a liposome too large to have desirable in vivo circulation properties. To improve tumor 

specificity through EPR, the liposome size should be reduced to maximize leakage out of the 

vasculature. One mode of delivery may be to allow the URL to accumulate passively, and 

subsequently induce rupture with US to release their contents in the extracellular space. This 

could allow small molecules entrapped in liposomes to rapidly release, and diffuse down their 

concentration gradient into nearby cells, bypassing endocytosis. Alternatively, US-induced 

rupture could be used to release URLs that have been taken up by cells and are trapped in the 

endosome. Thirdly, liposomes may be ruptured as they pass through the target tissue, creating a 

high local payload concentration, or releasing a payload modified to be adherent to aid in 

remaining localized. Even without modifying the payload, this system could function like a local 

injection in the microvasculature, where placing the source near many surfaces and many sinks 

(drug targets) has the potential to lead to a local enhancement in delivery. 

 While passive targeting via EPR has been shown to increase tumor concentrations61, 

inter- and intratumor heterogeneity are still obstacles to the development of an effective 

generalized treatment202. The application of US causes a structural change which can increase the 

likelihood of local cell interaction. This property could be exploited to enhance local delivery. 

The shear forces present during cavitation are capable of creating unclosed membrane fragments 

which are thermodynamically unstable and fusogenic203. It is this mechanism that is responsible 
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for the formation of liposomes from lipid solutions by probe sonication. Since these fragments 

will rapidly reform into more stable liposomes or micelles, their fusion should remain localized to 

the region of cavitation. 

 

3.2.7 In Vivo Local Delivery of Fluorescent Membrane 

 In order to test this hypothesis in vivo, URL were fabricated with fluorescently tagged 

membranes. A near-infrared lipophilic dye, DiR was used to minimize the autofluorescent 

background. Since the local delivery mechanism proposed here is independent of EPR, the ear of 

a mouse was chosen as the target. The ear is well vascularized, easy to access and position with a 

transducer, and the contralateral ear can control for liposome accumulation in the absence of 

ultrasound. 

 After intravenous injection of extruded URL, pulsed focused ultrasound applied to the ear 

was able to cause cavitation, and significantly increase the deposition of fluorescent membrane. 

Immediately after insonation, a large background of liposomes remaining in circulation made the 

two ears indistinguishable. However, after 24 hours, a notable difference in fluorescence was 

observed between the insonated and not insonated ears, as seen in the whole ear scans shown in 

figure 3.6a,b. The exposed ear showed fluorescence extending outside of the ultrasound focus, 

possibly due to lipid fragments flowing away before fusing with the blood vessel wall. The 

intensities used for this experiment (2.3 MPa PNP) did not cause any observable tissue damage. 

However, at a slightly higher intensity (2.9 MPa PNP), cavitation damage was observed at the 

ultrasound focus. This produced a much more dramatic accumulation of liposomes confined to 

the 1 mm diameter ultrasound focal region (figure 3.6c). This ability could be exploited as a local 



 

 

delivery mechanism which synergizes with therapeutic ultrasound modalities like HIFU.

Figure 3.6 Delivery if DiR labeled lipid membranes to a mouse ear using focused 

ultrasound. a) Fluorescent scan showing ultrasound
Autofluorescence at 700 nm provides a reference and outlines the ear. The 800 nm channel shows 
the fluorescence of DiR, which corresponds to the location of lipid membranes. a) Exposure to 
2.3 MPa US results in a speckled deposition of membrane distant
Exposure to 2.9 MPa US results in cavitation damage localized to a 1 mm region
to the US focus. There is significant accumulation, which has a fluorescent intensity 
approximately 14-fold greater than the control ear.
 

 

elivery mechanism which synergizes with therapeutic ultrasound modalities like HIFU.

Delivery if DiR labeled lipid membranes to a mouse ear using focused 

) Fluorescent scan showing ultrasound-induced membrane depositi
Autofluorescence at 700 nm provides a reference and outlines the ear. The 800 nm channel shows 
the fluorescence of DiR, which corresponds to the location of lipid membranes. a) Exposure to 
2.3 MPa US results in a speckled deposition of membrane distant from the ultrasound
Exposure to 2.9 MPa US results in cavitation damage localized to a 1 mm region
to the US focus. There is significant accumulation, which has a fluorescent intensity 

fold greater than the control ear. 
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elivery mechanism which synergizes with therapeutic ultrasound modalities like HIFU. 

 

Delivery if DiR labeled lipid membranes to a mouse ear using focused 

induced membrane deposition. 
Autofluorescence at 700 nm provides a reference and outlines the ear. The 800 nm channel shows 
the fluorescence of DiR, which corresponds to the location of lipid membranes. a) Exposure to 

from the ultrasound. b) 
Exposure to 2.9 MPa US results in cavitation damage localized to a 1 mm region, corresponding 
to the US focus. There is significant accumulation, which has a fluorescent intensity 
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3.2.8 In Vivo Delivery of Calcein to a HT1080 Xenograft 

To test the hypothesis that local US-triggered release enhances local concentrations, 

calcein-loaded liposomes were prepared and delivered to a mouse bearing 2 HT1080 xenograft 

tumors on either flank. After IV injection of the liposomes, one tumor was insonated with focused 

ultrasound, resulting in local calcein release. The mouse was euthanized immediately after 

insonation to ensure visualization of the dye. Calcein is a small polar molecule which cannot 

diffuse into cells, therefore its residence time in the tumor is not expected to be very long. A 5-

fold greater fluorescence intensity was observed in the tumor exposed to ultrasound (figure 3.7a). 

Membranes were also dyed with DiR to see the fate of the lipids. Since no time was waited to 

allow clearance of the liposomes from the bloodstream, there was no observed difference in the 

DiR fluorescence between the insonated and not insonated tumors (figure 3.7a). 

  



 

 

Figure 3.7 Fluorescent imaging of tum

liposomes, with 1 tumor insonated. 

tumor, kidneys, spleen, heart and lungs, and liver. a) DiR fluorescence shows an indistinguishable 
intensity between the two tumors, and an accumulation in the spleen and liver. The heart also 
shows a high intensity, possibly due to the large blood volume and the liposomes remaining in 
circulation. b) Calcein fluorescence is only detectable in the tumors and part of 
resolution calcein image of the tumors. The insonated tumor was moved to the right side for 
better imaging. The calcein fluorescence intensity of the insonated tumor was 4
the not-insonated tumor. 
 

Fluorescence lifetime

quenching, in an intensity-independent manner. Since the calcein liposomes used here exhibit a 

dynamic self-quenching, their fluorescence lifetime is significantly shorter in the quenched state

(figure 3.8b). Thus, FLIM can aid in determi

using dual exponential regression analysis.

experiment to figure 3.7. The insonated tumor (shown on the right) has a l

from the tumor which was not exposed to ultrasound (shown on the left). This technique may be 

further used to study the release and breakdown of liposomes containing calcein.

 

Figure 3.7 Fluorescent imaging of tumors organs from a mouse injected with

liposomes, with 1 tumor insonated. a,b) From left to right, insonated tumor, not
tumor, kidneys, spleen, heart and lungs, and liver. a) DiR fluorescence shows an indistinguishable 

een the two tumors, and an accumulation in the spleen and liver. The heart also 
shows a high intensity, possibly due to the large blood volume and the liposomes remaining in 
circulation. b) Calcein fluorescence is only detectable in the tumors and part of 
resolution calcein image of the tumors. The insonated tumor was moved to the right side for 
better imaging. The calcein fluorescence intensity of the insonated tumor was 4

Fluorescence lifetime imaging (FLIM) allows the determination of the degree of 

independent manner. Since the calcein liposomes used here exhibit a 

quenching, their fluorescence lifetime is significantly shorter in the quenched state

FLIM can aid in determining the fraction of entrapped and released calcein 

using dual exponential regression analysis. Figure 3.8c shows two tumors from a replicate 

experiment to figure 3.7. The insonated tumor (shown on the right) has a longer average lifetime 

from the tumor which was not exposed to ultrasound (shown on the left). This technique may be 

further used to study the release and breakdown of liposomes containing calcein.
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ors organs from a mouse injected with dual-labelled 

a,b) From left to right, insonated tumor, not-insonated 
tumor, kidneys, spleen, heart and lungs, and liver. a) DiR fluorescence shows an indistinguishable 

een the two tumors, and an accumulation in the spleen and liver. The heart also 
shows a high intensity, possibly due to the large blood volume and the liposomes remaining in 
circulation. b) Calcein fluorescence is only detectable in the tumors and part of the liver. c) High 
resolution calcein image of the tumors. The insonated tumor was moved to the right side for 
better imaging. The calcein fluorescence intensity of the insonated tumor was 4-fold greater than 

imaging (FLIM) allows the determination of the degree of 

independent manner. Since the calcein liposomes used here exhibit a 

quenching, their fluorescence lifetime is significantly shorter in the quenched state 

and released calcein 

Figure 3.8c shows two tumors from a replicate 

onger average lifetime 

from the tumor which was not exposed to ultrasound (shown on the left). This technique may be 

further used to study the release and breakdown of liposomes containing calcein. 



 

 

Figure 3.8 Fluorescence lifetime imaging of calcein lipo

tubes were filled with either calcein liposomes lysed by probe sonication (left), or unlysed calcein 
liposomes (right). a) Fluorescence intensity of calcein liposomes shows approximately a 10
increase in intensity after lysis. The inhomogeneity of the intensity distribution due to volume and 
depth dependence illustrates a key challenge in fluorescence intensity imaging. 
fluorescence lifetime calcein increases approximately 5
The in vitro lifetime may not be representative of the in vivo lifetime, since lifetime is strongly 
dependent on environment. c) Tumors from a mouse injected with calcein liposomes. The tumor 
on the right was insonated with ultrasound resulting in re
fluorescence lifetime of the insonated tumor is significantly greater, in a similar trend to the in 
vitro results. 
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microcentrifuge tube and adding 240uL Zonyl FSO
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Figure 3.8 Fluorescence lifetime imaging of calcein liposomes in vitro and in vivo. 

tubes were filled with either calcein liposomes lysed by probe sonication (left), or unlysed calcein 
liposomes (right). a) Fluorescence intensity of calcein liposomes shows approximately a 10

ter lysis. The inhomogeneity of the intensity distribution due to volume and 
depth dependence illustrates a key challenge in fluorescence intensity imaging. 
fluorescence lifetime calcein increases approximately 5-fold from the quenched to the free s
The in vitro lifetime may not be representative of the in vivo lifetime, since lifetime is strongly 
dependent on environment. c) Tumors from a mouse injected with calcein liposomes. The tumor 
on the right was insonated with ultrasound resulting in release and dilution of the calcein. The 
fluorescence lifetime of the insonated tumor is significantly greater, in a similar trend to the in 

paration of Perfluorocarbon Emulsions 

A surfactant solution was prepared by heating 720uL PBS to 85ºC in a 1.5 mL 

microcentrifuge tube and adding 240uL Zonyl FSO-100 (Sigma Aldrich, St. Louis, MO). This 

solution was vortexed,to homogenize and cooled in an ice bath. To this solution, 240uL of the 

appropriate perfluorocarbon was added and an XL-2000 (Misonix, Inc., Farmingdale, NY) probe 
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somes in vitro and in vivo. a,b) 2 
tubes were filled with either calcein liposomes lysed by probe sonication (left), or unlysed calcein 
liposomes (right). a) Fluorescence intensity of calcein liposomes shows approximately a 10-fold 

ter lysis. The inhomogeneity of the intensity distribution due to volume and 
depth dependence illustrates a key challenge in fluorescence intensity imaging. b) The 

fold from the quenched to the free state. 
The in vitro lifetime may not be representative of the in vivo lifetime, since lifetime is strongly 
dependent on environment. c) Tumors from a mouse injected with calcein liposomes. The tumor 

lease and dilution of the calcein. The 
fluorescence lifetime of the insonated tumor is significantly greater, in a similar trend to the in 

ing 720uL PBS to 85ºC in a 1.5 mL 

100 (Sigma Aldrich, St. Louis, MO). This 

solution was vortexed,to homogenize and cooled in an ice bath. To this solution, 240uL of the 

2000 (Misonix, Inc., Farmingdale, NY) probe 
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was lowered in the tube about 8 mm from the bottom. While still in the ice bath, the sonicator 

was operated with a LabVIEW program (National Instruments, Austin TX) interfaced with the 

sonicator via a foot pedal input and a reed relay board (Pencom Design, Inc., Trumbauersville, 

PA). The program delivered three 0.5 sec bursts and was repeated 120 times. The short bursts 

prevented the solution from stirring violently and producing foam, and there was a 15 sec delay 

between each set of 3 bursts to prevent overheating. This resulted in a 20% v/v perfluorocarbon 

emulsion which was yellowish and translucent in appearance. The perfluorocarbon concentration 

could be decreased to .1% v/v or increased to 40% v/v by scaling the concentration of the Zonyl 

FSO-100. Emulsion size could also be increased by decreasing the surfactant concentration. 

Excess surfactant was removed by dialysis against PBS using the Fast SpinDialyzer (Harvard 

Apparatus, South Natick, MA) combined with .03 µm track-etched polycarbonate membranes 

(Whatman, Maidstone, UK). 

 For the real-time imaging of the transient ADV, perfluorononane emulsions were 

prepared as described above with 20% v/v perfluorononane and .01% v/v FSO-100, which 

produced droplets with an average size of 2.4 µm, as observed by light microscopy. 

 

3.3.2 Preparation of Ultrasound-Ruptured Liposomes 

Liposomes containing various payloads were prepared by a modified version of the  

reverse-phase evaporation technique developed by Papahadjopoulos et al.199. 3.6 mg DSPE-PEG-

5K (Laysan Bio, Inc., Arab, AL) dissolved in chloroform was added to a 1.5 mL microcentrifuge 

tube. The chloroform was evaporated by applying a gentle argon stream while vortexing the open 

vial, leaving a lipid film on the walls. To this tube, 800 µL PBS (GIBCO, Bethesda, MD) was 

added, and the tube was vortexed for 1 minute. To break up the lipids into small micelles, a 

Misonix XL-2000 (Farmingdale, NY) probe type sonicator was operated at level 10 in the liquid, 

near the bottom of the tube for 30 0.5 sec pulses. This solution was set aside. 
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2.48 mg Egg-PC and 1.24 mg Cholesterol (Avanti Polar Lipids, Inc., Alabaster, AL) 

dissolved in chloroform were combined in a 4 mL glass flat-bottom vial. When it was necessary 

to fluorescently label the lipid membrane, the lipophilic dye DiO (Biotium, Hayward, CA) was 

included at 0.1 mol%. The chloroform was evaporated again with the vortex argon stream 

method. After removing the chloroform, 1 mL of diethyl ether was added, and the vial was 

vortexed gently. 300 µL of an aqueous solution containing the material to be entrapped was 

added to the bottom of the vial. The aqueous solutions used were always adjusted to a pH 7.4 and 

isotonic with PBS to prevent osmotic shock. 

The tip of a PowerGen 125 Homogenizer (Fisher Scientific, Pittsburgh, PA) was lowered 

to just above the bottom of the vial, and was operated on high speed for 1 minute. This created a 

stable water-in-ether emulsion. The vial was taken immediately to a rotary evaporator and 

attached by means of a screw-thread adapter. The vial was rotated at a constant 200 rpm and the 

vacuum pump pressure was set to -18 inHg. After 20 minutes, the solution began to gel as the 

ether was almost completely removed. For URL containing perfluorooctane nanoemulsions, the 

vacuum was removed as soon there was first sight of the emulsion boiling. For URL containing 

perfluoroheptane nanoemulsions, ether was removed with a weak stream of argon. 

To the emulsion gel, the PBS solution containing DSPE-PEG-5K was added, and the vial 

was vortexed on the lowest speed for 1 minute. The vial was then placed under a gentle argon 

stream for 5 to 10 minutes to remove most of the remaining ether. This separated the closely 

packed emulsions and completed the liposome formation. To reduce liposome size, the solution 

of giant liposomes was extruded through track-etched polycarbonate membranes (Whatman, 

Maidstone, UK) with the appropriate pore diameter. The liposomes were then dialyzed against 

DPBS using the Fast SpinDialyzer (Harvard Apparatus, South Natick, MA) for 12 hours, which 

allowed the use of large pore membranes for the efficient removal of the free nanoparticles. 
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For liposomes loaded with calcein, 50% of the aqueous solution was a 47.5 mM calcein 

solution adjusted to be isotonic with DPBS and have a pH of 7.4. The remaining 50% was a 

solution of nanoparticles or DPBS for the controls. Typically, a 20% v/v PFC emulsion was used 

to achieve a final concentration of 10% v/v emulsion in the liposomes. After liposome 

fabrication, the free calcein was removed by dialysis. The buffer was changed 3 or 4 times until 

the fluorescence intensity of the equilibrated dialysis buffer was less than 2 times that of DPBS.  

 

3.3.3 Fluorescent Videography of Ultrasound Response 

A microscope system described elsewhere204 was used to monitor the response of URL to 

focused ultrasound. Briefly, 10 ms 2.25 MHz ultrasound pulses at a peak negative pressure of 1.3 

MPa were delivered with a Panametrics V305-SU (Olympus NDT Inc., Waltham, MA), 2.25 

MHz transducer connected via a Panametrics BCU–58–6 W waterproof connector cable. 

Response was monitored in brightfield or fluorescence mode, and images were captures by a 

FASTCAM 1024 PCI (Photron, San Diego, CA). The transducer was submerged in a water tank 

and was pointing towards the air surface. The sample was either held on a glass slide under a 

coverslip at the air/water interface, or sandwiched between two sealed thin plastic films. 

 

3.3.4 Calcein Release in a Transfer Pipet 

Calcein-loaded liposomes were diluted 100X into DPBS. 2 mL aliquots of the diluted 

liposomes were loaded into standard disposable transfer pipettes (ThermoFisher Scientific, 

Waltham, MA). Hydrophone measurements showed that there was >95% transmission through 

the plastic walls of the pipet. An H-102 HIFU transducer (Sonic Concepts, Bothell, WA) was 

placed flat on the bottom of a water bath heated to 37°C. The pipets were held by a clamp, so that 

the bottom of the bulb was in the center of the transducer alignment cone.  The water bath level 

was adjusted to be at least as high as the liquid in the pipet. The 2 mL volume contained in the 
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pipet filled the sample up to a height > 1.5 cm above the transducer focus. Samples were allowed 

to equilibrate with bath temperature for 2 minutes prior to insonation. 

3.3 MHz sine wave pulses were produced by a NI-5412 arbitrary waveform generator 

(National Instruments, Austin, TX) and amplified by a 300 W amplifier (Vox Technologies, 

Richardson, TX). Pulse length was varied from 10 to 10,000 cycles (3.03 to 3,030 µs) and 

repeated with a duty cycle of 1 or 10%. 

 

3.3.5 In Vivo Insonation Setup 

Aquasonic ultrasound transmission gel (Parker Labs, Fairfield, NJ) was degassed by 

centrifugation at 4150 rpm for 10 minutes in a plastic bag. A corner of the bag was cut so that the 

gel could be pipetted into the transducer alignment cone and onto the ceramic ring of the 

transducer. The cone was then placed on the transducer, and remaining gas pockets were removed 

with a syringe. An elevated platform was constructed for the mouse to lay on while receiving 

anesthesia. A hole in the platform allowed the tip of the transducer alignment cone to protrude 

slightly so that the target on the mouse could be easily placed in the correct focus. 

 

3.3.6 In Vivo Membrane Delivery to a Mouse Ear 

For in vivo experiments, URL were prepared as described above, and to the lipid mixture 

.1 mol% DiR (Biotium, Hayward, CA) was added to fluorescently tag the liposome membranes. 

After preparation, the final lipid concentration was 7.32 mg/mL. 

One male Swiss Webster white mouse (5-6 week old), weighing 26.0 g was anesthetized 

with isoflurane vapor. The mouse was then injected with 150 µL liposome solution into the tail 

vein, corresponding to a lipid dose of 42.2 mg·kg-1. A H-102 HIFU transducer (Sonic Concepts, 

Bothell, WA) was filled with degassed Aquasonic ultrasound transmission gel for efficient 

acoustic coupling. The mouse was positioned so that its left ear was centered over the focus of the 
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transducer, and excess gel was applied to minimize acoustic reflections. 10 minutes after 

injection, ultrasound was applied for 30 minutes. A PCI-5412 (National Instruments, Austin, TX) 

arbitrary waveform generator produced a 303 µsec pulse of 1000 cycle sine wave at 3.3 MHz, the 

3rd harmonic of the transducer. The pulse was repeated continuously at a 1% duty cycle. The gain 

was adjusted on a 300 W amplifier (Vox Technologies, Richardson, TX) to produce a peak 

negative pressure of 2.3 MPa. 

Immediately after the 30 minute duration, the mouse was euthanized by cervical 

dislocation. The heart, lungs, liver, spleen, and kidneys were excised and frozen in blocks of 

Tissue-Tek OCT (Miles Scientific, Elkhart, IN). Both ears were also harvested and imaged for 

fluorescence at 700 nm and 800 nm using an Odyssey scanner (LI-COR Inc., Lincoln, NB). The 

ears were then also frozen in OCT blocks. Cryo sections of the organs and ears were cut and 

imaged in brightfield and fluorescence modes using a Cy7 filter set. 

 

3.3.7 In Vivo Delivery of Calcein to HT1080 Xenograft Tumors 

Tumor Implantation 

HT1080 human fibrosarcoma cells were cultured and harvested. Approximately 106 cells 

were injected subcutaneously into both flanks of a female nu/nu mouse (5-6 week old, Charles 

River, San Diego, CA) at day 0. At day 10, tumors had grown at the injection sites to 

approximately 100 mm3. 

Calcein-loaded URL for In Vivo Delivery 

URL were prepared as described above, with the aqueous solution containing 42.75 mM 

calcein and 2% v/v perfluorononane emulsions. 0.1 mol% DiR (Biotium, Hayward, CA) was 

included in the lipid formulation for visualization of the lipid membranes. Final lipid 

concentration was 6.59 mg·ml-1 

Tumor Insonation 
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While under anesthesia, 100 µL of a URL suspension (6.59 mg·ml-1) was injected into the 

tail vein of a mouse. The mouse was then placed on a platform on its side with the center of one 

tumor over the center of the transducer alignment cone. Additional impedance-matching gel was 

added to the top of the tumor to limit acoustic reflections at the tumor surface. While under 

constant anesthesia, ultrasound was applied for 30 minutes 

Fluorescence Imaging of Excised Tissues 

Fluorescence of excised organs and tumors were imaged with the eXplore Optix (GE 

Healthcare, Giles, UK). A GFP filter set was used to visualize calcein and a Cy7 filter set was 

used to visualize the DiR. Fluorescence lifetime analysis of calcein images was performed with 

OptiView software (Advanced Research Technologies Inc., Montreal, QC, Canada) and allowed 

the differentiation of entrapped and free calcein. 

 

3.3.8 Electron Microscopy 

Cryo-TEM images were acquired by Nano Imaging Services (San Diego, CA). 

Vitrification (rapid freezing) of undiluted liposome samples was performed by plunging sample 

suspensions supported on a C-Flat holey carbon film (Protochips, Inc., Raleigh, NC) into ethane 

liquefied in a small container in a bath of liquid nitrogen. After vitrification, sample grids were 

maintained at a temperature below −170 °C at all times. Imaging was performed on a Tecnai T12 

transmission electron microscope (FEI, Hillsboro, OR) operating at 120 keV equipped with an 

FEI Eagle 4K × 4K CCD camera. The images were acquired at a nominal underfocus of −5 µm 

(21,000×) and −4 µm (52,000×) with electron doses of approximately 10–15 e−/Å2. 

 

3.4 Conclusions 

In summary, the incorporation of cavitation nucleation sites into liposomes has yielded a 

platform delivery vehicle, capable of carrying and releasing a broad variety of payloads with 
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ultrasound. The inclusion of PFC nanoemulsions as the nucleation sites lowered the acoustic 

intensity threshold for cavitation, which was shown to facilitate the rupture of the liposome 

membrane, and release of an encapsulated small molecule. Liposome rupture was restricted to the 

ultrasound focus, demonstrating its potential for specific spatial control. The fabrication method 

was able to produce liposomes of a controllable size between 100-500 nm containing highly 

concentrated emulsions and 100 nm gold nanoparticles. This vehicle, by virtue of its liposomal 

structure, benefits from the vast knowledgebase, optimized formulations, and clinical history of 

liposomes such as Doxil®, Lipo-Dox®, DaunoXome®, and DepoCyt®. The unique property of 

rapid exposure lends itself well to the delivery of poorly circulating payloads such as transfection 

complexes, foreign proteins, viruses, and small molecules which can readily diffuse across the 

plasma membrane. When combined with the ability to increase the specificity of therapy with 

precisely focused ultrasound, the URL has application in many localized diseases where a 

systemic chemical treatment results in negative side effects. 

 Furthermore, the application of high boiling point liquid PFC’s to nucleate cavitation is 

an area which merits further research. Though higher boiling point perfluorocarbons cannot 

produce stable bubbles, a transient ADV-like effect was observed for micron-sized PFN droplets. 

This might be exploited to trigger release of drugs or nucleic acids loaded on the surface of 

emulsion droplets. Beyond their ability to trigger release of therapeutic molecules, these stable 

emulsion particles could be also be used  as effective sensitizers for non-thermal HIFU ablation 

of tumors.  
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Abstract 

Cancer enzyme-prodrug therapy has been actively explored for over two decades for its 

potential to produce high local concentrations of cytotoxic drugs in cancer tissues. Failed clinical 

trials have highlighted the need to achieve specific delivery of enzymes as well as protect 

exogenous enzymes from antibody responses. A recently developed liposome with ultrasound-

controlled release can address both of these concerns by shielding the enzyme during transit and 

spatially restricting enzyme exposure using tightly focused ultrasound waves. β-lactamase has 

been incorporated into liposome membranes by chemical conjugation to a phospholipid. 

Fluorescent tagging of the enzyme demonstrated efficient partitioning into the lipid bilayer. 

Proteolytic degradation or cleavage of outward facing enzyme reduced activity of liposomes until 

ultrasound-induced lysis exposed inner enzymes to increase activity 15-fold. This system has the 

properties of both protection and specificity needed to make an impact in the field of enzyme-

prodrug delivery.  

 

4.1 Introduction 

Among the many medicinal applications of enzymes, one has been to convert relatively 

benign prodrugs into their more toxic forms to treat cancer. Similar to all systemic chemotherapy 

approaches, specific delivery of the enzyme to the tumor determines the extent to which healthy 

tissues are exposed to the converted drug. The repeated activation of prodrug in regions of active 

enzyme provides an amplification mechanism that complements targeting mechanisms which are 

receptor limited and nanoparticle carriers which are cargo limited. The use of targeting ligands 

can improve the distribution of nanoparticles in tumor tissue 118, 119, 205, but is often non-selective 

and insufficient to boost the amount of drug to the tumor. In order to overcome the systemic 

toxicity of chemotherapy, the enzyme prodrug therapies (antibody-, gene therapy- and virus- 

Directed: ADEPT, GDEPT, VDEPT, respectively) have been developed, where a bacterial 
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enzyme is capable of converting a prodrug into the active drug and is delivered to or made to be 

expressed in the tumor. The biggest drawback of enzyme/prodrug therapies is that they often rely 

on enzymes normally absent from the host, due to the lack of enzymes uniquely present in the 

tumor, and not in other tissues like the liver. Thus, the careful design of a prodrug to be specific 

to an exogenous enzyme prevents the premature activation by endogenous enzymes, which would 

result in toxicity to off-target organs206. The downside of using such enzymes is that they are 

immunogenic, so that after repeated dosing, patients generate antibodies that opsonize the enzyme 

before it can reach the desired site of action207. As in ADEPT, a strong response of neutralizing 

antibodies would preclude extended therapy208. When antibodies are the targeting mechanism, an 

additional problem is slow clearance of antibody-enzyme conjugates from the bloodstream209.  

Antibody-directed enzyme prodrug therapy (ADEPT) is an elegant approach for targeting 

enzymes to convert generally less toxic prodrugs into their active form in the tumor. Clinical 

trials have shown two major limitations: the lack of tumor specificity and the immunogenicity of 

the enzymes. In many cases, the patient’s own antibodies intercept the enzyme before it can reach 

the tumor, terminating the effectiveness of the treatment208, 209. Furthermore, even if these two 

hurdles could be overcome, this approach could only achieve the necessary specificity for a 

fraction of the patient population that presents the appropriate antibody receptor target. 

The strategy of gene-directed enzyme prodrug therapy (GDEPT) is to deliver a gene 

encoding the enzyme of interest. This is accomplished using a nucleic acid combined with a 

method to achieve transfection in the target cells. Although efficiency of transfection may 

initially be low, this may be compensated by the ability for transfected cells to produce many 

enzymes. A similar scheme uses viruses to deliver the gene (VDEPT), and has the potential for 

amplification and improved tissue penetration by creating a viral infection with replicating 

viruses. Unfortunately, for either of these two approaches to succeed, they must first be able to 
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solve the challenges of viral/nucleic acid delivery, which have been some of the main hurdles to 

achieving effective gene therapy210. 

In chapter 3, an ultrasound-sensitive liposome has been developed as a controlled release 

therapeutic delivery vehicle. Here, this structure has been modified to create a novel liposomal 

delivery system which can shield an enzyme, allowing for long circulation to reach the tumor site. 

Localized exposure of the hidden enzyme can be achieved using focused ultrasound, in order to 

implant an enzymatically active environment in the tumor in a spatially-selective manner. 

Physically determining the affected region through positioning of an instrument bypasses all 

dependence on biochemical tissue properties. 

 

4.2 Ultrasound-Directed Enzyme Prodrug Therapy (UDEPT) Concept 

Ultrasound has the potential to scramble membrane structures in specific regions defined 

by an operator external to the body. This can be used to release entrapped solutes, or rearrange 

membrane components. In this work, liposomes containing membrane-bound enzyme 

asymmetrically loaded on the inner membrane leaflet exploit this property to act as an enzyme 

source triggerable by ultrasound. Inversion of the membranes exposes the enzyme to prodrug 

substrates for conversion to their cytotoxic form at the defined site. Since the biodistribution of 

exposed enzyme is determined by the region exposed to ultrasound, this concept has been termed 

ultrasound-directed enzyme prodrug therapy (UDEPT). 

Previous enzyme prodrug therapies have shown the benefit of allowing a time delay 

between enzyme delivery and prodrug administration, to allow clearance of enzyme from healthy 

tissues211. To aid in keeping the membrane structures localized during this time, surface ligands 

or adhesive components can be incorporated. After administration and ultrasound activation, 

enzyme deposited on regions of the tumor vasculature could then convert prodrug and act as a 

source of active drug in the local vicinity. Converted small molecule drugs will be able to diffuse 
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Discussion 

wide range of methods for enzyme delivery allows tailoring to prodrugs with 

differing pharmacokinetic properties. Both strategies of achieving enzyme concentrations 

intracellular or extracellular have their respective advantages and disadvantages. With specific 

intracellular delivery, there is less likelihood of an activated drug product flowing away in the 

bloodstream. However, this limits the use of prodrugs to those whose protection mechanism is 
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based on blocking diffusion through the plasma membrane. Also, intracellular delivery requires 

carrying the enzyme into the cell via an uptake mechanism such as endocytosis, or causing the 

cell to produce the enzyme by transfection (also dependent on endocytosis), which is a challenge 

in of itself. To limit the delivery hurdles, the approach of UDEPT described here is to create an 

enzymatically active environment in extracellular space of the tumor, similar to if the cancer cells 

or their supporting endothelial cells were to express a unique surface enzyme.  

Liposomes carrying the enzyme can serve as efficient delivery vehicles, with the 

potential for long retention at the target site. A major reason for the early adoption of liposomes 

as therapeutic nanocarriers for cancer (e.g. Doxil®) is their biocompatibility and similarity in 

composition to natural cell membranes. The goal of UDEPT is thus to leverage these properties to 

replace the existing cell surface with cell membrane-like liposome membranes presenting 

attached enzymes (Figure 4.1). To produce a liposome for this application, we have incorporated 

the robust and highly active enzyme, β-lactamase. β-lactamase is produced by some Gram-

negative bacteria to allow them to degrade antibiotics containing a β-lactam ring structure (e.g. 

penicillin)212. Since this enzyme has been thoroughly investigated for enzyme-prodrug therapy, 

numerous β-lactam-modified drugs have been synthesized as prodrug candidates211, 213. Many of 

these drugs achieve the desired cytotoxicity enhancement upon cleavage by β-lactamase, but their 

potential has not been realized due to limitations in the delivery of the enzyme. 

 

4.3.1 Bioconjugation of β-lactamase to a Phospholipid 

To anchor β-lactamase in a liposome bilayer, the enzyme was conjugated to the 

hydrophilic end of a PEGylated phospholipid through one of its exposed amine groups. A 

disulfide linkage was included in the conjugate structure to allow for efficient detachment of 

exposed enzyme by exposure to a reducing agent. An alternative conjugate was also tested, where 

proteolysis was instead used to degrade the exposed enzyme.  
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Figure 4.2 Chemical conjugation of β-lactamase to the functional phospholipids DSPE

PDP and DSPE-PEG(2000)-maleimide. Reaction of amine groups on β
with Traut’s reagent produces an active thiol which is reactive to PDP and maleimide gro

thiol reaction produces a disulfide bond which can be attacked by a reducing agent for 
lactamase. The maleimide-thiol reaction is more efficient, and the conjugate is 

more stable, so that exposed enzyme must be removed by proteolytic degradation.

In the conjugate synthesis, the number of molecular equivalents of lipid to enzyme 

of the resulting conjugates. The commercially acquired 

enzymes, which differed by about 3,000 Daltons, and can be seen as the two 

on the gel shown in figure 4.3. Since this difference was similar to the molecular 

molecule, addition of a single lipid to the lower molecular weight form 

resulted in a conjugate which was indistinguishable to the higher molecular weight f

alents of Traut’s reagent and 25 equivalents of DSPE-PEG-PDP for each molecule of 

lactamase resulted in labeling of nearly all enzymes with the lipid. Both a sequential and a 

were tested. The efficiency of achieving the correct product was 

approximately equivalent for both methods. 

The PDP moiety binds thiols to produce a disulfide linkage which can be broken with a 

reducing agent such as DTT, or TCEP. Addition of DTT efficiently reduced the disulfide linkage, 

removing the attached lipids, and resulting in the original unmodified enzyme bands.
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a conjugate which would remain stable in reducing environments

was reacted with the thiolated enzyme.

 

Figure 4.3 SDS gel showing

fluorescently tagged with BODIPY
PEG(2000)-PDP in sequence and in concert
were varied, keeping a constant ratio of 1:4 TR:lipid. Both the concerted and sequent
yielded similar results. The use of more equivalents in the sequential reaction produced more 
reacted enzyme, but producing higher MW bands, indicating the attachment of multiple lipid 
molecules. In all cases, addition of DTT reduced the disul
enzyme bands. Samples: 4 µL water, 4 µL staining solution (4X) and 8 µL sample (20 µM), 
W/WO 1 µL DTT (1 M stock solution in water. Samples were loaded on a 15
Tris gel, 1.5 mm (Invitrogen). The gel was
minutes. The gel was then imaged on UVP (excitation 485/20 emission 530/20).
 

 

conjugate which would remain stable in reducing environments, DSPE-PEG(2000)

was reacted with the thiolated enzyme. 

showing optimization of lipid conjugation to fluorescent BLA.

uorescently tagged with BODIPY-FL was reacted with Traut’s reagent (TR) and DSPE
PDP in sequence and in concert. Number of equivalents of TR and lipid molecules 

were varied, keeping a constant ratio of 1:4 TR:lipid. Both the concerted and sequent
yielded similar results. The use of more equivalents in the sequential reaction produced more 
reacted enzyme, but producing higher MW bands, indicating the attachment of multiple lipid 

In all cases, addition of DTT reduced the disulfide linkage and produced the original 
Samples: 4 µL water, 4 µL staining solution (4X) and 8 µL sample (20 µM), 

W/WO 1 µL DTT (1 M stock solution in water. Samples were loaded on a 15-well 4
Tris gel, 1.5 mm (Invitrogen). The gel was run with MEM-SDS, 110 V, 85 mAmp for 90 
minutes. The gel was then imaged on UVP (excitation 485/20 emission 530/20).
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Figure 4.4 SDS gel of non-

functionalized lipids. Samples: 4 µL water, 4 µL staini
µM), W/WO 1 µL DTT (1 M stock solution in water. Samples were loaded on a 15
Bis-Tris gel, 1.5 mm (Invitrogen). Gel
minutes. The gel was then stained with Coomass
conjugation protocol yielded similar results for the two functionalized lipids. However, a
addition of DTT, the original enzyme bands return for the 
conjugate, but not for the b)

linker. 
 

 

-fluorescent BLA conjugated to a) PDP and b) maleimide 

Samples: 4 µL water, 4 µL staining solution (4X) and 8 µL sample (20 
µM), W/WO 1 µL DTT (1 M stock solution in water. Samples were loaded on a 15

Tris gel, 1.5 mm (Invitrogen). Gels were ran with MEM-SDS, 110 V, 85 mAmp for 90 
minutes. The gel was then stained with Coomassie Blue, de-stained and imaged on UVP.
conjugation protocol yielded similar results for the two functionalized lipids. However, a
addition of DTT, the original enzyme bands return for the a) DSPE-PEG(2000)

b) DSPE-PEG(2000)-Mal-BLA conjugate which has no reducible 
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Incorporation of BLA-Lipid Conjugate into Liposome Membranes 

phase evaporation vesicles (REV) containing the membrane-bound enzyme were 

fabricated with slight modifications to published procedures199 (detailed protocol in methods 

based method resulted in a high entrapment efficiency of enzymes as well 

as cavitation nucleation sites in the liposome vesicles. β-lactamase was labeled with Alexa 750 to 

allow tracking of the enzyme by fluorescence microscopy. Even without conjugation of the 

enzyme to a phospholipid, β-lactamase was incorporated and soluble in the aqueous volume of 

. However, only the lipid conjugates efficiently partitioned into the 

liposome membrane, as evidenced by fluorescent microscope images (figure 4.6b

hydrophobic portion from the lipid comprises only a small fraction of the conjugate, it was 

enough alter the enzyme solubility, and make it lipophilic. Enzymes with no lipids were 
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where it is the “thickest”. In contrast, enzyme-lipid conjugates stained the lipid membrane, 

creating a bright ring characteristic of liposomes whose membranes have been fluorescently 

Incorporation of β-lactamase inside liposomes. β-lactamase was f
750 to visualize its location within liposomes by standard fluorescent 

microscopy. a) The labeled enzyme was incorporated in REV. The diffuse fluorescent spheres 
visible partitioning of the enzyme within the lipid membrane, 

brightest fluorescent region at the center of the spheres, corresponding to the thickest
lactamase conjugated to DSPE-PEG2000 resulted in efficient partitioning of 

the conjugate in the liposome membrane, resulting in an image strongly resembling membrane 
dyed liposomes. Rupture of both structures in a) and b) result in an enzyme exposure and an 

ease in activity, but rupture of the structure in b) produces enzyme-containing membrane 
fragments which are more likely to remain localized to the site of rupture. 

One underlying aspect of this approach is that the liposomes which have not been 

to ultrasound do not have exposed β-lactamase, but should instead have an asymmetric 

distribution of the enzyme on the inner leaflet of the lipid bilayer. By virtue of the l

s thermodynamically favorable for the enzyme-lipid conjugates to face 

the inside of the liposome. Still, there were outward-facing enzymes which needed to be 

removed. To accomplish this, two strategies were pursued, depending on which conjugate was 

incorporated. For the reducible conjugate, treatment with a membrane impermeable reducing 

agent such as TCEP detached exposed enzyme, while ensuring that inward facing enzymes 
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remained membrane bound. For the non-reducible conjugate, Proteolytic degradation of exposed 

enzyme by a protease such as Proteinase K again removed the catalytic portion of outward facing 

enzymes, while sparing inward facing enzymes due to impermeability of enzymes through the 

lipid bilayer. 

 It is also possible that the remaining attached protein fragments contain an immunogenic 

portion, so that although the catalytic site has been destroyed, the liposomes are not shielded from 

immune recognition. Immunization experiments will be required to determine if this is an issue 

going forward. The reducible conjugate solves this problem by allowing the removal of the 

enzyme and leaving only a thiol-terminated PEG. These thiolated lipids may be subject to 

dimerization. However, even if that is the case, we have seen no evidence of liposome 

destabilization after exposure and removal of the reducing agent. 

 Before rupture with US, UREAL still retained a low activity, presumably due to 

remaining exposed enzyme, or a non-negligible diffusion of the assaying substrate (nitrocefin) 

across the liposome bilayer to the internal enzymes. Unlysed liposomes displayed a lower activity 

when assayed with the substrate CCF2-FA, which is presumed to be membrane-impermeant. 

Thus, the ratio of increase in enzyme activity was greater with this substrate, and is more 

representative of the performance of an intended membrane-impermeant prodrug. Lysis of 

UREAL by US resulted in a 15.8-fold increase in activity (Figure 4.7a) and a 22.4-fold increase 

when lysed with a chemical detergent. Higher activity from detergent lysis compared to US lysis 

could be due to a more complete lysis of the liposomes, or a greater exposure of the enzyme-lipid 

conjugates in the micellar state, however, the detergent also increased the activity of untreated 

BLA. . Ultrasound-induced lysis likely produced reformed liposomes containing hidden enzyme.  

A clinically relevant high-intensity focused ultrasound (HIFU) transducer was employed 

to trigger enzyme exposure. Although the acoustic power was significantly higher than those used 

in diagnostic applications, the intensity was similar to those used in clinical scanners, and was 
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below the mechanical index limit of 1.9. Activity increased 4.9-fold with the application of 

focused ultrasound at a peak negative pressure (PNP) of 2.7 MPa, with a strong dependence on 

applied pressure. Consistent with previous experimental results using ultrasound-ruptured 

liposomes, it was necessary to exceed the cavitation threshold to cause liposome rupture and 

payload exposure. At a PNP of 1.2 MPa, the activity was still very close to the background level, 

indicating minimal enzyme exposure. However, by increasing the PNP to 1.8 MPa, the cavitation 

threshold was exceeded, which resulted in nearly 3-fold amplification of activity. Although 

cavitation in high doses can be detrimental to the function of enzymes214, 215, the amount of 

cavitation required to rupture liposomes was low enough to preserve much of the enzyme’s 

activity. 

 

  
Figure 4.7 β-lactamase exposure by ultrasound to increase activity. a) The activity of 
UREAL, both untreated, and exposed to ultrasound was assayed using Nitrocefin. The rate at 
which the absorbance at 486 nm increases is proportional to the activity. Lysed UREAL showed a 
15-fold higher activity than the untreated sample. b) A clinically relevant focused ultrasound 
transducer was used to trigger the exposure of enzyme. A threshold was observed between 1.2 
and 1.8 MPa where cavitation began to occur. 
 

4.3.3 Strategies for Ultrasound Operation 

Once granted the ability to selectively expose enzyme at the correct time and place, 

multiple operating protocols can be envisioned. In one scheme, UREAL can be ruptured shortly 

after IV administration, to cause membrane deposition and enzyme exposure as they travel 
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through the tumor microvasculature. A continuous, pulsed application of US can lead to the 

constant accumulation of membrane fragments. A hidden ligand or adhesion molecule can also be 

exposed to enhance the retention of enzymes at the site of rupture. The efficiency of local 

retainment will not be 100%, which will result in exposed enzyme continuing to circulate instead 

of remaining localized. This will necessitate a waiting period to allow clearance of the exposed 

enzyme from the bloodstream, after which the prodrug can be administrated. The majority of 

liposomes which continue to circulate will ultimately accumulate in the spleen or the liver. If their 

clearance is more rapid than those at the tumor site, it may also be beneficial to further delay 

prodrug administration. 

In a second scheme, UREAL can be allowed to accumulate passively through the 

enhanced permeation and retention (EPR) effect, or due to the attachment of a cancer-specific 

targeting ligand. In this scheme, the purpose of the US will be mainly to spatially control the 

exposure of enzyme, rather than to further concentrate the enzyme. Before rupture, UREAL will 

be unable to convert a membrane-impermeant prodrug216, 217, which will limit the production of 

active drug in regions of off-target accumulation and cell uptake, such as the liver and spleen. 

Once accumulated, a brief pulse of US will rupture the accumulated UREAL, and create an active 

environment for incoming prodrug. The US could be applied immediately before or after 

administration of the prodrug. 

Either scheme allows the enzyme to be hidden from the immune system while travelling 

to the tumor location. However, in the first scheme, since the enzymes will be exposed in the 

tumor for an extended duration, they could be prone to immune recognition, degradation, or 

antibody neutralization, all of which could be detrimental to the enzyme function. Such an 

outcome is a more likely concern for repeated treatments, which will have to overcome a 

mounting antibody response. In the second scheme, since the enzyme can be exposed near the 

time of prodrug administration, it is only necessary for the enzyme to remain active for the in 
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vivo lifetime of the prodrug. Thereafter, an immunostimulatory response localized to the tumor 

region has the potential to be beneficial to the patient218. 

4.4 Methods 

4.4.1 Enzyme Labeling and Bioconjugation Protocols 

Fluorescent labeling of β-Lactamase 

12.5 mg BLA (13.8% protein – 1.725 mg) were dissolved in 862 µL HEPES buffer (50 

mM pH 8.0; final enzyme concentration was 72 µM). 15.5 µL of BODIPY-FL (Life 

Technologies, Carlsbad, CA) of a 10 mM stock solution in DMSO was added (final BODIPY-FL 

concentration was 180 µM, 2.5 equivalents) and the solution was kept at room temperature in the 

dark overnight. The solution was then loaded on an ion exchange column (600 mg of Sephadex 

G-25) and eluted with HEPES buffer 50 mM pH 8.0.The orange color fraction was collected (1.2 

mL) and the enzyme concentration in it was determined to be 50 µM (measured by UV 

absorption). This procedure results in an average of 2.1 BODIPY-FL molecules per enzyme. 

Conjugation of lipid to fluorescently labeled BLA – sequential conjugation 

3 microcentrifuge tubes were charged with 200 µL of the purified enzyme from the above 

procedure (50 µM in HEPES buffer 50 mM pH 8.0). Traut’s reagent (TR) solutions of 2.5, 5 and 

10 mM in DMSO were prepared. 10 µL from the TR solutions were added to the enzymes to 

make 2.5, 5 and 10 equivalents of TR to enzyme (final TR concentrations are 125, 250 and 500 

µM for 50 µM of enzyme). The solutions were kept at room temperature in the dark for 2 hours. 

Then, 40 µL from 2.5, 5 and 10 mM solutions of DSPE-PEG2000-PDP (Quanta Biodesign, Powell, 

OH) in DMSO were added to make 4 equivalents lipid to TR in each sample. Each reaction was 

then diluted with 200 µL HEPES buffer (50 mM pH 8.0) and kept at room temperature in the 

dark for 18 hours. 

Conjugation of lipid to fluorescently labeled BLA – concerted conjugation 
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2 microcentrifuge tubes were charged with 150 µL of purified enzyme from the above 

procedure (50 µM in HEPES buffer 50 mM pH 8.0). Traut’s reagent (TR) solutions of 2.5 and 5 

mM in DMSO were prepared. DSPE-PEG2000-PDP (Quanta Biodesign, Powell, OH) solutions of 

2.5 and 5 mM in DMSO were prepared. 

10 µL from the 5 mM and 8 µL from the 2.5 mM TR solutions were added to the 

enzymes to make 6 and 2.5 equivalents of TR to the enzyme solutions (respectively). 

Immediately following, 30 µL of either 5 or 2.5 mM  DSPE-PEG2000-PDP in DMSO was added, 

generating 4 equivalents of lipid to TR in each sample. The solutions were diluted with 150 µL 

HEPES buffer 50 mM pH 8.0 to lower DMSO content to 12%. The reactions were kept at room 

temperature in the dark for 18 hours. 

Purification of fluorescently labeled BLA-lipid conjugates 

All samples were loaded on an ion exchange resin (600 mg Sephadex G-25) and eluted 

with MOPS buffer 50 mM pH 7.4. The orange colored fraction was collected. The final enzyme 

concentration in solutions was adjusted to 20 µM (measured by UV absorption) 

Lipid conjugation to BLA (not fluorescently labeled) 

4.5 mg BLA (13.8% protein, 0.626 mg) was dissolved in 420 µL HEPES 50 mM pH 8.0 

(final BLA concentration 50 µM). A 10 mM stock solution of TR and 20 mM stock solution of 

DSPE-PEG2000-PDP in DMSO were prepared. To the protein solution was added 14.7 µL from 

TR stock and 30 µL from DSPE-PEG2000-PDP stock solutions (final concentrations are: 50 µM 

BLA, 350 µM TR and 1.4 mM DSPE-PEG2000-PDP). The reaction was kept at room temperature 

for 18 hours, then, loaded on an ion exchange resin (600 mg Sephadex G-25) and eluted with 

MOPS 50 mM pH 7.4. Fractions of 0.5 mL were collected and UV absorption of each fraction 

was measured to determine enzyme content. Fractions 3 and 4 contained the enzyme. 
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4.4.2 Preparation of UREAL 

3.6 mg DSPE-mPEG(5000) (Laysan Bio, Inc., Arab, AL) dissolved in chloroform was 

added to a 1.5 mL microcentrifuge tube. The chloroform was evaporated by applying a gentle 

argon stream while vortexing the open vial, leaving a lipid film on the walls. To this tube, 800 µL 

PBS (GIBCO, Bethesda, MD) was added, and the tube was vortexed for 1 minute. To break up 

the lipids into small micelles, a Misonix XL-2000 (Farmingdale, NY) probe type sonicator was 

operated at level 10 in the liquid, near the bottom of the tube for five 1 second pulses. This 

solution was set aside. 

2.48 mg Egg-PC and 1.24 mg Cholesterol (Avanti Polar Lipids, Inc., Alabaster, AL) 

dissolved in chloroform were combined in a 4 mL glass flat-bottom vial. The chloroform was 

evaporated again with the vortex argon stream method. After removing the chloroform, 1 mL of 

diethyl ether was added, and the vial was vortexed gently for 3 seconds to dissolve the lipids. 300 

µL of an aqueous solution containing BLA or DSPE-PEG(2000)-BLA were added to the bottom 

of the vial to make a solution of the two immiscible phases. The aqueous solutions used were 

always adjusted to pH 7.4 and to be isotonic with PBS to prevent osmotic shock. 

The tip of a PowerGen 125 Homogenizer (Fisher Scientific, Pittsburgh, PA) was lowered 

to the bottom of the vial, and was operated on high speed for 1 minute. This created a stable 

water-in-ether emulsion. The vial was taken immediately to a rotary evaporator and attached by 

means of a screw-thread adapter. The vial was rotated at a constant 200 rpm and the vacuum 

pump pressure was set to -18 inHg. After 20 minutes, the solution began to gel as the ether was 

almost completely removed. 

To the emulsion gel, the PBS solution containing DSPE-mPEG(5000) was added, and the 

vial was vortexed on the lowest speed for 1 minute. The vial was then placed under a gentle argon 

stream for 5 to 10 minutes to remove most of the remaining ether. This separated the closely 

packed emulsions and completed the liposome formation. The resulting liposomes were about 1-5 
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microns in size and were expected to be multilamellar and multivesicular in structure. To reduce 

liposome size, the solution of giant liposomes was extruded through track-etched polycarbonate 

membranes (Whatman, Maidstone, UK) with the appropriate pore diameter. The liposomes were 

then dialyzed against DPBS using the Fast SpinDialyzer (Harvard Apparatus, South Natick, MA) 

for 12 hours, which allowed the use of large pore membranes for the efficient removal of the free 

nanoparticles. 

 

4.4.3 Removal of Outward-Facing BLA by Proteolytic Degradation or Chemical Cleavage 

In the case of UREAL prepared with the cleavable DSPE-PEG(2000)-SS-BLA conjugate, 

incubation with a reducing agent was able to detach the enzyme from the membrane incorporated 

lipid. tris-(2-carboxylethyl)-phosphine (TCEP) (Sigma, St. Louis, MO) was utilized as a reducing 

agent as opposed to DTT, because it is membrane impermeant which prevented cleavage of the 

encapsulated BLA conjugate. UREAL prepared with the non-cleavable DSPE-PEG-BLA 

conjugate were incubated overnight with 0.2 mg/mL Proteinase K (Sigma, St. Louis, MO) at 

37°C to digest exposed enzymes. The inward-facing BLA molecules were protected, since 

Proteinase K is a large polar enzyme which was not able to access the liposome interior. For both 

methods, dialysis with large pore membranes was used to remove reducing agent and free BLA, 

or Proteinase K and BLA fragments.  

 

4.4.4 BLA Exposure by UREAL Lysis 

To expose BLA hidden on the inner leaflet of the UREAL, liposomes were lysed with 

focused US. 2 mL aliquots of the diluted liposomes were loaded into standard disposable transfer 

pipettes (ThermoFisher Scientific, Waltham, MA). An H-102 ultrasound transducer (Sonic 

Concepts, Bothell, WA), with a center frequency of 1.1 MHz and focal length of 62.6 mm was 

placed in a water bath heated to 37°C. The pipets were held by a clamp, so that the bottom of the 
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bulb was in the center of the transducer alignment cone.  The water bath level was adjusted to be 

at least as high as the liquid in the pipet. The 2 mL volume contained in the pipet filled the 

sample up to a height > 1.5 cm above the transducer focus. Samples were allowed to equilibrate 

with the bath temperature for 2 minutes prior to insonation. A PCI-5412 (National Instruments, 

Austin, TX) arbitrary waveform generator produced a 303 µsec pulse (1000 cycles) sine wave at 

3.3 MHz, the 3rd harmonic of the transducer. The pulse was repeated continuously at a 1 or 10% 

duty cycle. The gain was adjusted on a 300 W amplifier (Vox Technologies, Richardson, TX) 

along with the voltage output level from the waveform generator to produce a peak negative 

pressure of 2.3 MPa. 

As positive controls, liposomes were also lysed by probe sonication, or by exposure to a 

detergent. For probe sonication, 300 µL of UREAL was placed in a 1.5 mL microcentrifuge tube. 

A Misonix XL-2000 (Farmingdale, NY) probe was lowered to just above the bottom of the tube 

and was pulsed 5 times for 0.5 seconds at level 2. For detergent lysis, an aliquot of a solution of 

n-Octyl-β-D-glucopyranoside (Sigma, St Louis, MO) (100 mg/mL in PBS) was diluted 10X with 

UREAL to achieve a final detergent concentration of 10 mg/mL, or 1% w/v. Since the presence 

of detergent can affect enzyme activity, enzyme + detergent controls were included in activity 

measurements to account for this effect. 

 

4.4.5 BLA Activity Assay with Nitrocefin and CCF2-FA 

BLA activity of UREAL samples were measured before and after the application of 

ultrasound, and lysis with detergents. A chromogenic substrate, nitrocefin (EMD Millipore, 

Billerica, MA), was used to quantify activity by monitoring the absorbance increase over time at 

486 nm with an Infinite 200 Pro microplate reader (Tecan, Mannedorf, Switzerland). The samples 

being tested were typically diluted 10-100X to allow time for the measurement before conversion 

of a majority of the substrate. A non-negligible rate of diffusion of nitrocefin through liposome 
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membranes resulted in a higher activity, especially for unlysed samples. A FRET-based 

fluorogenic substrate, CCF2-FA (Life Technologies, Carlsbad, CA) was also used as an 

independent activity assay. Cleavage of the link between the donor and acceptor resulted in 

increased donor (coumarin) fluorescence at 447 nm, and decreased FRET to the acceptor 

(fluorescein) at 518 nm. For both wavelengths, fluorescence was excited with 409 nm and read 

continually for 20 minutes. 

 

 

4.5 Conclusions 

The enzyme delivery system developed here has the potential to address the key 

drawbacks of previous approaches in field of enzyme prodrug therapy, specifically the lack of 

immune evasion and specificity of enzyme delivery. The asymmetrically-loaded liposome 

contains the necessary components for effective in vivo transport and protection, as well as the 

biomimetic structure of phospholipid membrane-bound proteins for incorporation within 

endothelial walls. Focused ultrasound triggered release enables site-specific activation needed to 

increase the therapeutic index and limit toxicity to other accumulation sites. The results discussed 

here have prepared these structures for validation in animal models. 
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Chapter 5: 

 

Ultrasound-Triggered Propulsion of Perfluorocarbon-Loaded Microbullets  

for Targeted Tissue Penetration 
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Abstract 

Precise control over the physical interaction of particulates with biological systems can 

have a great impact in in vitro diagnostics and in vivo intracellular delivery. In order to produce a 

high enough level of energy to provide a practical motion, existing structures are fueled by 

biochemical or electrochemical environments which are not representative of the biological 

context. To avoid the dependence on fuels which often cytotoxic and restrict the use to in vitro 

applications, we have developed a propulsion system based on an on-board fuel system 

independent of chemical properties. Acoustic droplet vaporization of perfluorocarbon emulsions 

loaded into tapered tubular structures provides the necessary force for these “microbullets” to 

penetrate, cleave, and deform cellular tissue for potential targeted drug delivery and precision 

nanosurgery. The microbullets have an inner Au layer that allows conjugation of a monolayer of 

thiolated cysteamine (green in picture) for electrostatic attachment of perfluorocarbon droplets 

(purple droplets). A sandwiched layer of Ni allows for external magnetic control, which 

potentiates orientation of the microbullets for directed propulsion. 

 

5.1 Introduction 

Recent advances in micro/nanomachines have shown great promise in diverse fields219-231. 

A wide variety of chemically powered and magnetically propelled micro/nanoscale machines 

have been developed for specific biomedical applications ranging from lab-on-chip bioanalytical 

devices to site-specific drug delivery targeting. However, these micro/nanomachines lack the 

power and biocompatibility necessary for penetrating tissue and cellular barriers, for in vivo 

cargo delivery and precision nanosurgery. 

Prevalent micro/nanomachine designs typically require conversion of external chemical 

energy, harvested from the vicinity of the machines, to promote autonomous propulsion. Several 

mechanisms have been developed to realize such micro/nanomachine thrust in connection to 

hydrogen peroxide fuel; these mechanisms include self-electrophoresis,221, 223 self-
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diffusiophoresis,220 and bubble propulsion225, 230, 232. To enhance biocompatibility several groups 

have also explored fuel-free micro/nanomachine propulsion mechanisms, including the utilization 

of electrical power (i.e., diode nanowires)233 and magnetic actuation234-236. Despite the inherent 

advantages of such externally propelled micro/nanoscale locomotion schemes, these propulsion 

mechanisms do not possess the thrust needed for penetrating tissue barriers and cellular 

membranes237. 

Herein we present a highly efficient microscale propulsion technique that utilizes 

ultrasound (US) to vaporize biocompatible fuel (i.e., perfluorocarbon (PFC) emulsions) bound 

within the interior of a micromachine for high-velocity, bullet-like propulsion. Such remarkable 

micro/nanomachine thrust is sufficient for deep tissue penetration and deformation. An increase 

in enthalpy, which accompanies vaporization, results in energy transfer. Momentum, 

geometrically focused by virtue of the micromachine structure, generates projectile motion. Thus, 

instead of creating a device that can convert a chemical fuel, we have produced a micromachine 

with an on-board fuel source that is capable of releasing energy as a response to an external 

stimulus independent of its surrounding environment as a response to an external stimulus. 

Recently, gas and liquid PFC particles have received considerable attention owing to their 

biocompatible nature for intravenous injection and subsequent destruction upon ultrasound 

irradiation238, 239. The decreased solubility and low diffusion coefficient of these droplets and 

bubbles lengthens blood circulation before an incident US wave is used to induce their 

destruction or cavitation240. PFC microbubbles or emulsions are thus extremely attractive for 

diverse biomedical applications, such as externally triggered site-specific drug and gene delivery 

capsules157, 241, molecular imaging agents242-244, phase change contrast agents245, 246, and blood 

substitutes246-248. However, we are unaware of earlier reports on using PFCs as an integrated fuel 

source for micro/nanomachine propulsion. 

Similar to the externally triggered explosion experienced within a gun barrel to propel a 

bullet249, these micromachines, named herein microbullets (MB), utilize for propulsion the rapid 
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expansion and vaporization of perfluorocarbon droplets250 that are electrostatically bound within 

the machine interior and triggered by an US pulse (i.e., acoustic droplet vaporization (ADV))178, 

179. These new US-triggered, PFC-loaded microbullets can travel at remarkably high average 

velocities (ca. 6.3 m s-1) over 100 times faster than the micromachines published to date)219, 226, 227, 

230 and deeply penetrate and deform kidney tissue. The concomitance of powerful MB propulsion, 

biocompatible PFC emulsion fuel251, and deeply penetrative, yet medically safe US252 could lead 

to highly targeted in vivo drug delivery, artery cleaning, gene regulation schemes, and cancer 

therapeutics that require higher specificity and accuracy than the current state-of-the-art. 

 

 

 

 

 

 

 

 

Figure 5.1 Ultrasound-triggered microbullets (MB). a) Preparation of the PFC-loaded MBs: 
nanofabricated MB (left), the conjugation of thiolated cysteamine to the inner Au layer of the MB 
(middle), electrostatic binding of the anionic PFC emulsion to the cysteamine-functionalized 
surface (right). Insets show magnified views of cysteamine (left) and  cysteamine 
electrostastically bound to PFC (right). b) Schematic illustration of microbullet propulsion 
through acoustic droplet vaporization of the bound PFC triggered by an ultrasound pulse. 

5.2 Results and Discussion 

The choice of the specific PFC compounds is also crucial as their chemical properties 

have a profound effect upon the efficiency of the ADV process and hence upon the resulting 

propulsion performance. PFC compounds with a low boiling point, such as perfluoropropane and 

perfluorobutane, are stable in the gaseous state and have been extensively used for the production 

of microbubbles for contrast-enhanced US imaging253. PFC compounds with a higher boiling 
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point exist as liquids or solids, but two particular molecules, perfluoropentane (PFP; bp 29°C at 1 

atm) and perfluorohexane (PFH; bp 56 °C at 1 atm) are liquid PFC compounds that can also 

persist in the gaseous state – an important property for ADV198. Thus, in the work described 

herein, we distinctly functionalize micromachines with both PFH and PFP to optimize the US-

triggered propulsion strategy. 

A three-step fabrication strategy (Figure 1), including nanofabrication, cysteamine 

functionalization, and PFC emulsion binding, was utilized for preparing the US-triggered MBs. 

Large MBs (length ca. 40 µm) were created by using rolled-up thin-film nanofabrication 

techniques225, 227, while for fabrication of small MBs (length  ca. 8 µm) membrane-template 

electrodeposition was utilized (see methods section)232. An embedded Ni layer facilitates 

magnetic washing and experimental alignment of the MBs before US pulsing to facilitate 

directed, linear motion during propulsion. The inner Au layer of these microtubes permits 

cysteamine monolayer conjugation for electrostatic attachment of PFC droplets. The slightly 

tapered conical structure of the MBs, owing to the angled physical vapor deposition fabrication 

process225, 227, directs thrust from ADV while an embedded magnetic layer permits externally 

guided, magnetic alignment for precision steering. 

To initiate this study, emulsion droplets of PFH (bp 56°C)198, were utilized because they 

maintain stability under physiological conditions but enable ADV upon arrival of incident US 

pressure waves. Moreover, the emulsion composition was designed to have efficient matching of 

intermolecular forces between the PFC and the surfactant; the matching of the forces is necessary 

to reduce interfacial tension and facilitate the conversion of nanoscale droplets. To illustrate the 

selective PFH-droplet immobilization strategy developed herein, fluorescently tagged PFH 

emulsions, stabilized by a negatively charged surfactant, were electrostatically immobilized onto 

the cysteamine-modified inner gold surfaces (Figure 2). The exposed amino group (pKa 8.6) of 

the cysteamine254 is positively charged for the prescribed experimental settings (i.e., pH range 

7.4-8.0) and thus electrostatically binds to emulsions stabilized with an anionic phosphate 



 

 

fluorosurfactant (pKa 7.2). Emulsions were strongly negative with a measured zeta potential of 46 

mV in phosphate-buffered saline. A graphical representation of the emulsion size distribution 

(mean= 304.9 nm, polydispersity index = 0.144) and stability is 

 

Figure 5.2 Images depict the specific binding of fluorescent emulsion particles to a Au 

sputtered silicon wafer containing rolled up MBs.

anionic emulsions to the free amine on the Au surface wh

cysteamine incubation (b) and without emulsion (c). Scale bar, 200 µm.

Initial US-triggered propulsion experiments reveal PFH emulsion vaporization 

originating from within the MBs (Figure 3a). A vaporized emulsion (i.e., bubb

the tail of the MB is clearly visible after the US pulsation (Figure 3a, right), thereby corroborating 

the assumption that formation of microscale gaseous bubbles is the result of sudden US

PFH droplet vaporization. The rapi

fold radial)239 provides a sudden impulse that projects the MB out of the microscope field of view 

within an extremely short single image frame (ca. 55.

period demonstrate that nonspecific adsorption of PFH was negligible as MBs functionalized 

without cysteamine (Figure 3c) or without the PFH emulsion failed to produce bubbles or MB 

movement. US pulsations therefore

MBs. 

The movement of the MBs were analyzed over a series of frames (Figure 3b) in which the 

MB travels 350 µm from its initial location within 55.6 µs upon vaporization of the PFH emulsion 

(Figure 3b (left), dotted circle) triggered by an US pulse signal. Therefore, the MB traveled at a 

7.2). Emulsions were strongly negative with a measured zeta potential of 46 

buffered saline. A graphical representation of the emulsion size distribution 

(mean= 304.9 nm, polydispersity index = 0.144) and stability is shown in Fig. 5.

Images depict the specific binding of fluorescent emulsion particles to a Au 

sputtered silicon wafer containing rolled up MBs. (a) Depicts the electrostatic binding of the 

anionic emulsions to the free amine on the Au surface when compared to samples without 

cysteamine incubation (b) and without emulsion (c). Scale bar, 200 µm. 

triggered propulsion experiments reveal PFH emulsion vaporization 

originating from within the MBs (Figure 3a). A vaporized emulsion (i.e., bubble) extending out of 

the tail of the MB is clearly visible after the US pulsation (Figure 3a, right), thereby corroborating 

the assumption that formation of microscale gaseous bubbles is the result of sudden US

PFH droplet vaporization. The rapid emulsion expansion during the vaporization process (ca. 5

provides a sudden impulse that projects the MB out of the microscope field of view 

within an extremely short single image frame (ca. 55.6 µs). Control experiments over a longer 

period demonstrate that nonspecific adsorption of PFH was negligible as MBs functionalized 

without cysteamine (Figure 3c) or without the PFH emulsion failed to produce bubbles or MB 

movement. US pulsations therefore have minimal effect on the locomotion of nonfunctionalized 

The movement of the MBs were analyzed over a series of frames (Figure 3b) in which the 

MB travels 350 µm from its initial location within 55.6 µs upon vaporization of the PFH emulsion 

3b (left), dotted circle) triggered by an US pulse signal. Therefore, the MB traveled at a 
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7.2). Emulsions were strongly negative with a measured zeta potential of 46 

buffered saline. A graphical representation of the emulsion size distribution 

5.10 and Fig. 5.11. 

 

Images depict the specific binding of fluorescent emulsion particles to a Au 

(a) Depicts the electrostatic binding of the 

en compared to samples without 

triggered propulsion experiments reveal PFH emulsion vaporization 

le) extending out of 

the tail of the MB is clearly visible after the US pulsation (Figure 3a, right), thereby corroborating 

the assumption that formation of microscale gaseous bubbles is the result of sudden US-triggered, 

d emulsion expansion during the vaporization process (ca. 5-

provides a sudden impulse that projects the MB out of the microscope field of view 

6 µs). Control experiments over a longer 

period demonstrate that nonspecific adsorption of PFH was negligible as MBs functionalized 

without cysteamine (Figure 3c) or without the PFH emulsion failed to produce bubbles or MB 

have minimal effect on the locomotion of nonfunctionalized 

The movement of the MBs were analyzed over a series of frames (Figure 3b) in which the 

MB travels 350 µm from its initial location within 55.6 µs upon vaporization of the PFH emulsion 

3b (left), dotted circle) triggered by an US pulse signal. Therefore, the MB traveled at a 
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remarkably high average velocity of 6.3 m s-1, which corresponds to an ultrafast relative velocity 

of over 158,000 body lengths s-1. The MB dynamics were analyzed with Stokes’ law and 

experimental image analysis. The initial MB velocity (56.9 m s-1), kinetic energy (0.764 nJ), and 

momentum (2.69x10-11 N s) were calculated with Equations (1)-(3) in conjunction with MB 

parameter values presented in Table 5.1. 
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where k is the drag coefficient for a cylinder, m (kg) is the mass of the hollow MB , ∆d (m) is the 

distance traveled, t (s) is time, and Ek (J) is the kinetic energy. The remarkably high initial and 

average MB velocities associated with US-triggered emulsion vaporization compare favorably 

with velocities achieved for stochastically moving microparticles propelled by water cavitation255. 
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Figure 5.3 a) Still frame images illustrating the formation of a bubble cloud from the tail of a 
PFH-loaded MB upon firing of an US pulse signal. b) The trajectory (dotted arrow; right) of a 
PFH-loaded microbullet is imaged 55 µs after an (left) US pulse signal. A dotted circle accents 
the emerging vaporized PFH while boxes highlight the location of the MB. c) A MB incubated 
with PFH emulsion but not conjugated with cysteamine displays no emulsion expansion nor 
movement after a US pulse signal. Inset images show the (a) PFH-loaded MB and the (c) control 
MB (i.e. without cysteamine) while the US icon represents a US-triggered pulse signal (44 µs, 1.6 
MPa). The images were obtained at a frame rate of 18,000 frames per second (fps) using a 40X 
objective. Scale bar, 40 µm (a,c) and 120 µm (b). 
 

To promote highly efficient, single-shot, and controllable MB firings, the US trigger 

settings (i.e., transducer pressure and pulse length) and MB fabrication (i.e., size, shape, 

thickness) were optimized at distinct settings. The combination of low pressure (1.6 

MPa)/medium pulse length (44 µs) and high pressure (3.8 MPa)/short pulse length (4.4 µs) 

produced efficient linear MB locomotion from ADV without external water cavitation, while 

other combinatorial changes in pulse pressure and length produced water cavitation and/or 

sporadic MB movement (Fig. 5.7, Fig. 5.8).  



 

 

Figure 5.4 Still frame images (frame time:  1/18000 s) displ

emissions from the MBs modified with PFH emulsion after different US pulses.

emission patterns include (a) streaming bubbles that generally cause spinning MB motion after a 

long  (444 µsec)),/low pressure (1.6 MPa) pulse,

in a semi-linear trajectory medium pulse (44 µsec))/low pressure (1.6 MPa), and (c) diverse 

bubble formations that are associated with general water cavitation and are not associated with 

perfluorohexane emulsions long pulse (>=44 µsec))/high pressure (3.8 MPa). 

 

 

Figure 5.5 Figure depicts the before (a), during (b) and after (c) images of an MB piercing 

lamb kidney tissue after a short 

help track the position of the MB during locomotion. Images were captured sequentially at a 

frame rate of 10,000 fps. Scale bar, 60 µm while black numbers are time (s).

 

4 Still frame images (frame time:  1/18000 s) displaying three distinct bubble 

emissions from the MBs modified with PFH emulsion after different US pulses.

emission patterns include (a) streaming bubbles that generally cause spinning MB motion after a 

long  (444 µsec)),/low pressure (1.6 MPa) pulse, (b) optimal bubble formation that propels MBs 

linear trajectory medium pulse (44 µsec))/low pressure (1.6 MPa), and (c) diverse 

bubble formations that are associated with general water cavitation and are not associated with 

ions long pulse (>=44 µsec))/high pressure (3.8 MPa).  

5 Figure depicts the before (a), during (b) and after (c) images of an MB piercing 

lamb kidney tissue after a short 4.4 µsec, 3.8 MPa US pulse. A dotted yellow circle is added to 

k the position of the MB during locomotion. Images were captured sequentially at a 

frame rate of 10,000 fps. Scale bar, 60 µm while black numbers are time (s). 
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emissions from the MBs modified with PFH emulsion after different US pulses. Bubble 

emission patterns include (a) streaming bubbles that generally cause spinning MB motion after a 

(b) optimal bubble formation that propels MBs 

linear trajectory medium pulse (44 µsec))/low pressure (1.6 MPa), and (c) diverse 

bubble formations that are associated with general water cavitation and are not associated with 

 

5 Figure depicts the before (a), during (b) and after (c) images of an MB piercing 

A dotted yellow circle is added to 

k the position of the MB during locomotion. Images were captured sequentially at a 



 

 

 

Figure 5.6 Images depict the power of multiple MBs and their ability to drastically increase

the opening of a tissue after two short 4.4 µsec, 3.8 MPa US pulses.

yellow accented lines show the effect of the MB’s on the tissue opening before (a), during (b

and after the tissue recoiled (d) for each pulse. Images were take

Scale bar = 60 µm while black numbers are time (s).

6 Images depict the power of multiple MBs and their ability to drastically increase

the opening of a tissue after two short 4.4 µsec, 3.8 MPa US pulses. Sequential images with 

yellow accented lines show the effect of the MB’s on the tissue opening before (a), during (b

and after the tissue recoiled (d) for each pulse. Images were taken at a frame rate of 10,000 fps. 

Scale bar = 60 µm while black numbers are time (s). 
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6 Images depict the power of multiple MBs and their ability to drastically increase 

Sequential images with 

yellow accented lines show the effect of the MB’s on the tissue opening before (a), during (b-c) 

n at a frame rate of 10,000 fps. 



 

 

Figure 5.7 Still frame images (1/18000 s) displaying bubble emission from both ends of large 

length (100 µm) MBs functionalized with PFH emulsion.

quiescent MB before a 44 µsec, 1.6 MPa US pulsing. Bubble formation begins in the (b) second 

frame after an US pulse and continues to progress in (c

emission from both ends of the MB induces (f) spinning moti

 

7 Still frame images (1/18000 s) displaying bubble emission from both ends of large 

length (100 µm) MBs functionalized with PFH emulsion. The (a) first frame di

quiescent MB before a 44 µsec, 1.6 MPa US pulsing. Bubble formation begins in the (b) second 

frame after an US pulse and continues to progress in (c-e) subsequent frames.  The dual bubble 

emission from both ends of the MB induces (f) spinning motion. 
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7 Still frame images (1/18000 s) displaying bubble emission from both ends of large 

The (a) first frame displays a 

quiescent MB before a 44 µsec, 1.6 MPa US pulsing. Bubble formation begins in the (b) second 

e) subsequent frames.  The dual bubble 



 

 

Figure 5.8 Still frame images (1/18000 s) displaying the breaking of MBs modified with PFH 

emulsion. The (a) first frame displays a quiescent MB before a 

Bubble formation begins within the center of the MBs after (b) an U

(c) rupture.  The rupture continues to (c

two separate pieces. Scale bar, 

Distinctly sized MBs (40 nm thick, 40 µm long, and 2.5 µm in diameter) produced 

ultrafast linear motion when functionalized with PFH droplets with a diameter of 180 nm. 

However, MBs that were longer (lengths >100 µm), longer and slender (60 µm long, 400 nm

thick, 3 µm in diameter), and smaller MBs (8 µm long, 800 nm inner diameter) rotated 

uncontrollably (Figure 7), exploded (Figure 8), and stochastically agitated upon US pulse firing. 

Additional functionalization tests revealed that lower

vaporized more consistently at low pressures but were less stable during functionalization and 

increased MB explosion during US triggering. Further optimization of the emulsion size and

composition could thus be used to tailor US

applications that require distinct microbullet velocity and momentum characteristics.

Still frame images (1/18000 s) displaying the breaking of MBs modified with PFH 

The (a) first frame displays a quiescent MB before a 44 µsec, 1.6 MPa 

Bubble formation begins within the center of the MBs after (b) an US pulse and the MB begins to 

(c) rupture.  The rupture continues to (c-f) propagate until the MB completely breaks into (g

wo separate pieces. Scale bar, 30 µm.  

Distinctly sized MBs (40 nm thick, 40 µm long, and 2.5 µm in diameter) produced 

ultrafast linear motion when functionalized with PFH droplets with a diameter of 180 nm. 

However, MBs that were longer (lengths >100 µm), longer and slender (60 µm long, 400 nm

thick, 3 µm in diameter), and smaller MBs (8 µm long, 800 nm inner diameter) rotated 

uncontrollably (Figure 7), exploded (Figure 8), and stochastically agitated upon US pulse firing. 

Additional functionalization tests revealed that lower-boiling-point emulsions (PFP, bp 29°C)

vaporized more consistently at low pressures but were less stable during functionalization and 

increased MB explosion during US triggering. Further optimization of the emulsion size and

composition could thus be used to tailor US-triggered propulsion devices for specific biomedical 

applications that require distinct microbullet velocity and momentum characteristics.
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Still frame images (1/18000 s) displaying the breaking of MBs modified with PFH 

44 µsec, 1.6 MPa US pulsing. 

S pulse and the MB begins to 

f) propagate until the MB completely breaks into (g-h) 

Distinctly sized MBs (40 nm thick, 40 µm long, and 2.5 µm in diameter) produced 

ultrafast linear motion when functionalized with PFH droplets with a diameter of 180 nm. 

However, MBs that were longer (lengths >100 µm), longer and slender (60 µm long, 400 nm 

thick, 3 µm in diameter), and smaller MBs (8 µm long, 800 nm inner diameter) rotated 

uncontrollably (Figure 7), exploded (Figure 8), and stochastically agitated upon US pulse firing. 

lsions (PFP, bp 29°C)198 

vaporized more consistently at low pressures but were less stable during functionalization and 

increased MB explosion during US triggering. Further optimization of the emulsion size and 

triggered propulsion devices for specific biomedical 

applications that require distinct microbullet velocity and momentum characteristics.  
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Figure 5.9 Computer-aided graphic (graphics on the left) and corresponding experimental 

images of PFH-loaded MBs a) penetrating, b) cleaving, and c) expanding a tissue following 

an US pulse signal. All images were taken sequentially at a frame rate of 10,000 fps and 10X 
objective. US pulses of 44 µs/1.6 MPa were used for (a, b) and short pulses of 4.4 µs/3.8 MPa 
were used for (c). Dotted circles and solid arrows are used to indicate the MB’s position, while 
curvilinear dotted lines outline the tissue. Scale bar=100 µm in (a), 40 µm in (b), and 80 µm in 
(c). 

 

To demonstrate the ability to penetrate through dense materials for potential targeted 

delivery applications, PFH-loaded MBs were fired into tissue sections from a lamb kidney. The 

image sequence in Figure 9a depicts the deep penetration of the MB into the lamb kidney tissue 

section after an US pulse. These sequential images illustrate the MB before locomotion, during 

initial tissue penetration, and after traveling 200 µm into the tissue from a single US pulse (44 µs, 

1.6 MPa). A very short US pulse (4.4 µs) at high pressure (3.8 MPa) also provided sufficient 

thrust for the MBs to pierce kidney tissue (Figure 5). Figure 9b depicts the ability of the US-

triggered MB to penetrate, deform, and cleave kidney tissue. Progressive images illustrate the MB 

capturing, deforming, and transporting a small piece of kidney tissue after an US pulse (44 µs, 1.6 

MPa; Figure 9b). Thus, the US pulse pressure can be tuned to permit MB tissue piercing, 

deformation, or deep penetration, depending on the specifications and tissue degradation 

restrictions of distinct biomedical applications. Furthermore, the ability to propel multiple MBs 

from the same US pulse into a tissue section is displayed in Figure 9c. The potential power of 

multiple US-triggered MBs can be visualized as the MBs increase the tissue cavity area by 120% 
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after the first US pulse (4.4 µs, 3.8 MPa) and penetrate the kidney tissue after a second, similarly 

tuned US pulse (Figure 6). 

 

5.3 Methods 

5.3.1 Large microbullet (MB) (length >= 40 µm) fabrication 

The Ti/Ni/Au MBs that were 40 µm or greater in length were prepared by 

modifying a previous top-down photolithographic protocol, which involves angled e-

beam evaporation to provide stress-assisted rolling of functional nanomembranes on 

polymers into conical microtubes228. First, a positive microposit S1827 photoresist 

(Microchem, Newton, MA) was spin-coated onto a silicon wafer at 3000 rpm for 60 

seconds. The coated-wafer was baked for 60 seconds at 115 °C before UV light (35 

seconds) exposure using a MA6 mask aligner and various-sized MB patterns. Exposed 

patterns were etched using a MF-321 developer for 90 seconds before washing 

thoroughly with DI water. Metallic layers of Ti (10 nm), Ni (15 nm), and Au (15 nm) 

were evaporated sequentially onto the wafer for MBs 40 and 60 µm in length via an e-

beam evaporator (Temescal BJD 1800) under high vacuum conditions (<10-8 Pa). For 

larger MBs (>100 µm), 20nm of Ni and Au were deposited to provide needed support. 

The e-beam substrate holder was tilted to 48° in all cases to asymmetrically deposit the 

metals on the patterns. Resist remover, MF-1165 (Rohm & Haas, Marlborough, MA), 

was applied to the pre-stressed metallic layers, allowing for the immediate self-assembly 

of microtubes. The MBs underwent critical-point drying to prevent unwarranted tubular 

collapse.  
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5.3.2 Small Microbullet (length ~8 µm) Fabrication 

Alternatively, small 8 µm MBs were prepared by electrodepositing sequential layers into 

a cyclopore polycarbonate membrane, containing numerous 2 µm conical-shaped pores (Catalog 

No 7060-2511; Whatman, Maidstone, U.K.).  The electrodepostion of an outer polyaniline 

(PANI) layer and inner Au layer was carried out using a three-electrode set-up256. PANI 

microtubes were electropolymerized at +0.80 V for 0.02 C from a solution containing 0.1 M 

H2SO4, 0.5 M Na2SO4 and 0.1 M aniline; subsequently, the inner gold layer was plated at -0.9 V 

for 1 C from a commercial gold plating solution (Orotemp 24 RTU RACK; Technic Inc.). The 

membrane was dissolved in methylene chloride and repeatedly washed in methylene chloride, 

ethanol and ultrapure water. Electron beam evaporation of 10 nm Ti (adhesion layer) and 26 nm 

Ni (magnetic layer) onto the dried MBs was used to magnetically orient the small MBs. 

 

5.3.3 Perfluorocarbon Emulsion Preparation 

Perfluorohexane and perfluoropentane nanoemulsions were prepared in phosphate buffer 

saline (PBS). Briefly, 10 µL of 1 mM DiI-C18 (Biotium, Hayward, CA) dissolved in chloroform 

was evaporated in a 1.5 microcentrifuge tube. 850 µL PBS was added to the solution and a XL-

2000 (Misonix, Farmingdale, NY) probe-type sonicator was operated at the bottom of the tube at 

level 20 until the DiI film was completely suspended in the buffer and the solution became hot to 

the touch. The tube was immediately placed in a heating block at 90ºC for 5 minutes and 50 µL of 

Zonyl FSE (Wilmington, DE) anionic fluorosurfactant was added. The solution was vortexed 

until homogenized and subsequently cooled in an ice bath. An 100 µl aliquot of perfluoropentane 

(Strem Chemicals, Newburyport, MA) or perfluorohexane (Alfa Aesar, Ward Hill, MA) was 

added and an XL-2000 (Misonix, Farmingdale, NY) probe was lowered in the tube about 8 mm 

from the bottom. While still in the ice bath, the sonicator was operated with a LabVIEW program 

interfaced with the sonicator via a foot pedal input and a reed relay board. The program delivered 
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three 0.5 second bursts and was repeated 60 times. The short bursts prevented the solution from 

stirring violently and producing foam; a 15 sec delay between each set of 3 bursts served to 

prevent overheating. This process resulted in a 10 vol% PFC emulsion which was stable and 

turbid in appearance. Emulsion sizes and zeta potentials were measured by dynamic light 

scattering with a Zetasizer Nano-ZS (Malvern Instruments, Worcestershire, UK). The 10 vol% 

PFC emulsion was diluted to 1% vol% by a PBS pH 7.4 solution before incubating with the MBs.  

 

5.3.4 Conjugation of Perfluorocarbon Emulsion to Microbullet Interior 

The inner Au layer allowed electrostatic binding and selective localization of the 

perfluorocarbon emulsions to the inner cavity of the bullet; thus bubbles were formed within and 

emitted from the MBs during US pulses. This Au interior layer provided an optimum surface for 

direct cysteamine binding (10mg/mL in water; Figure 1B), thereby forming a densely packed 

monolayer within 5 minutes257. The exposed amine group (pKa 8.6) of the cysteamine254 is 

positively charged for the prescribed experimental settings (i.e., pH range 7.4 - 8.0) and thus 

electrostatically binds to emulsions stabilized with an anionic phosphate fluorosurfactant (pKa 

7.2). Emulsions were strongly negative with a measured zeta potential of -46 mV in phosphate 

buffered saline. 

Before the electrostatic emulsion binding, copious amounts of DI water were used in 

numerous washing steps (~15) to remove all excess cysteamine. To ensure optimal emulsion 

binding for sufficient MB propulsion, the MBs were incubated overnight within the 

perfluorohexane emulsion (Figure 1C) under continuous flat shaker agitation (400 rpm). The 

MBs were repeatedly washed (10 times) with PBS/ultrapure H2O (1:1000; final pH 8.0) before 

experimental testing.  This composition of the washing solution prevents MBs from 

electrostatically binding to the glass surface while still promoting the emulsion/MB interaction. 
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Furthermore, saturation with liquid perfluorohexane (non-active) was used to prevent dissolution 

of the bound emulsion while stored for several days before experimental testing. 

 

5.3.5 Ultrasound-Triggered Microbullet Propulsion 

 Subsequent MB propulsion was initiated (Figure 1D) by an US signal generated by a 

Panametrics V305-SU (Olympus NDT Inc., Waltham, MA), 2.25 MHz transducer connected via 

a Panametrics BCU − 58–6 W waterproof connector cable.  The transducer was positioned within 

a water tank while the MBs were positioned at the water surface level between a glass slide and 

cover slip.  Distinct US waveforms were generated from a PCI-5412 arbitrary waveform 

(National Instruments, Austin, TX) and amplified by a 300 W amplifier (Vox Technologies, 

Richardson, TX) to create acoustic intensities of up to 3 MPa peak negative pressure at the focus. 

A custom-designed LabVIEW 8.2 program was utilized to initiate the US pulses while a Photron 

FASTCAM 1024 PCI acquired the image sequences.  A 40x magnification lens was used to 

acquire most initial experiments to visualize the gaseous bubbles; a 10x magnification lens was 

used to observe MBs locomotion and tissue penetrating characteristics. The glass slide acted as a 

coupling medium between the water tank and the MBs for the US pulses. In order to reduce the 

MB velocity for improved imaging, 20% v/v glycerol was added to the MB solution to increase 

viscosity for Figure 3b. 

 

5.3.6 Microbullet Imaging 

In order to capture the MB propulsion videos, individual image frames were acquired at 

10,000 or 18,000 frames per second (fps) using a (10X, 20X or 40X Objective) FASTCAM 1024 

PCI high speed camera (Photron, San Diego, CA). 

 

  



 

 

5.3.7 Force and Speed Calculations

The velocity of the MB locomotion was c

of the MB motion, and the Stokes’ drag law for cylinders

key physical parameters:   

and µ is the viscosity of the medium,  

values from the below table, the average speed was calculated to be 6.3 m/s as determined from 

the distance traveled of 350 µm in 1/18,000 seconds (time elapsed in one frame). Using this 

calculated velocity in the Stokes’ drag law for cylinders, the average drag force is determined to 

be 50.6 µN. To calculate the initial impulse of the US triggered propulsion, the init

and metal mass (negating the inner air/liquid containing volume) were evaluated to determine the 

instantaneous change in momentum. 

The  equation for the change in velocity over time (acceleration) was utilized to calculate 

the initial MB velocity 

, where m is the mass of the MB. By solving this differential equation, one can obtain the 

velocity function, 

, where v0 is the initial velocity

over the length of one image frame

Force and Speed Calculations 

The velocity of the MB locomotion was calculated via Stoke’s law. With the observations 

of the MB motion, and the Stokes’ drag law for cylinders258, it is possible to calculate multiple 

, or  Fd = kv,  where  , 

and µ is the viscosity of the medium,  L is the length, R is the radius, and v is the velocity. Using 

values from the below table, the average speed was calculated to be 6.3 m/s as determined from 

d of 350 µm in 1/18,000 seconds (time elapsed in one frame). Using this 

calculated velocity in the Stokes’ drag law for cylinders, the average drag force is determined to 

be 50.6 µN. To calculate the initial impulse of the US triggered propulsion, the init

and metal mass (negating the inner air/liquid containing volume) were evaluated to determine the 

instantaneous change in momentum.  

The  equation for the change in velocity over time (acceleration) was utilized to calculate 

 

, where m is the mass of the MB. By solving this differential equation, one can obtain the 

 

is the initial velocity—subsequently  determined by integrating the velocity 

over the length of one image frame 
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values from the below table, the average speed was calculated to be 6.3 m/s as determined from 

d of 350 µm in 1/18,000 seconds (time elapsed in one frame). Using this 

calculated velocity in the Stokes’ drag law for cylinders, the average drag force is determined to 

be 50.6 µN. To calculate the initial impulse of the US triggered propulsion, the initial MB speed 

and metal mass (negating the inner air/liquid containing volume) were evaluated to determine the 

The  equation for the change in velocity over time (acceleration) was utilized to calculate 

, where m is the mass of the MB. By solving this differential equation, one can obtain the 

subsequently  determined by integrating the velocity 



 

 

Since the frame length, ∆t is known from the camera settings, and the distance travelled, 

∆d is also known from image calibration, one can express the initial velocity in terms of known 

quantities, 

Using these derived equations along with the quantity values display

initial velocity is calculated to be 56.9 m/s. Thus an initial momentum (p = mv) of 2.69E

and kinetic energy (KE = ½mv

A special note should be considered when revie

to capture image sequences at frame rates greater than 18,000 fps, the MB velocity was so great 

that it was not possible to capture more than 2 or 3 frames during motion within the limited field 

of view. Since this was a memory speed limitation and not a limitation due to amount of light, we 

were, however, able to use shutter speeds of at least 1/303,000 seconds which could freeze the 

objects in motion.  Thus, the velocity calculations presented herein are 

the limitations in MB image capturing.

Table 5.1 Table containing all of the necessary values to calculate the initial speed and impulse 

of the microbullet 

 

Velocity Components

Average Density

Pre-rolled Volume (

Mass

Solution Viscosity

Radius Rolled MB

Time Between Frames

Distance Traveled

Drag Coefficient

 

 

ame length, ∆t is known from the camera settings, and the distance travelled, 

∆d is also known from image calibration, one can express the initial velocity in terms of known 

 

Using these derived equations along with the quantity values displayed in Table 

initial velocity is calculated to be 56.9 m/s. Thus an initial momentum (p = mv) of 2.69E

and kinetic energy (KE = ½mv2) of 0.764 nJ was calculated for a MB with mass of 4.74E

A special note should be considered when reviewing these calculations.  Although it was possible 

to capture image sequences at frame rates greater than 18,000 fps, the MB velocity was so great 

that it was not possible to capture more than 2 or 3 frames during motion within the limited field 

ince this was a memory speed limitation and not a limitation due to amount of light, we 

were, however, able to use shutter speeds of at least 1/303,000 seconds which could freeze the 

objects in motion.  Thus, the velocity calculations presented herein are an approximation due to 

the limitations in MB image capturing. 

Table containing all of the necessary values to calculate the initial speed and impulse 

Velocity Components Values 

Average Density 11.7 g/cm3 

rolled Volume (L x W x T) (40 x 25 x .04 µm) = 4.00 

Mass 4.74 · 10-13 kg 

Solution Viscosity 1.05 cP 

Radius Rolled MB 2.5 µm 

Time Between Frames 1/18000 s 

Distance Traveled 350 µm 

Drag Coefficient 8.89 · 10-8 
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initial velocity is calculated to be 56.9 m/s. Thus an initial momentum (p = mv) of 2.69E-11 Ns 
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to capture image sequences at frame rates greater than 18,000 fps, the MB velocity was so great 

that it was not possible to capture more than 2 or 3 frames during motion within the limited field 

ince this was a memory speed limitation and not a limitation due to amount of light, we 

were, however, able to use shutter speeds of at least 1/303,000 seconds which could freeze the 

an approximation due to 

Table containing all of the necessary values to calculate the initial speed and impulse 

(40 x 25 x .04 µm) = 4.00 · 10-11 cm3 
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Figure 5.10 Size Stability of Perfluorohexane Emulsion over a Period of 8 Days.  The initial 

diameter is 304.9 nm and there is a slight decrease of 4.7%/day. 

 

 
 

Figure 5.11 Size distribution of perfluorohexane emulsions (a) just after fabrication and (b) 

8 days after fabrication. Dynamic light scattering measurements showed an initial mean 
diameter of 304.9 nm with a PDI of .144 and a diameter of 233.0 nm with a PDI of 0.161.  
 
 

5.4 Conclusions 

The presented ultrasound-triggered microbullet firing technique potentially offers a safe, 

low-cost, and effective method to project delivery devices into dense tissue or organs. These US-

triggered, PFC-loaded MBs possess the unique ability to accelerate rapidly, acquire significant 

momentum (2.69×10-11 N s), and travel at average speeds over 6 m s-1 (i.e., approximately 100 

times faster than previous micromachines). This unprecedented MB speed and force enables lamb 

kidney tissue piercing, deep penetration, deformation, and cleaving – capabilities that, to our 

knowledge, have not been demonstrated to date with micro/nanomachines. The US-triggered MB 
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propulsion technique is highly reproducible; approximately 80% of perfluorohexane-conjugated 

microbullets fire upon US pulsing, and MBs display negligible damage after multiple firing under 

optimized US conditions. The larger 40 µm microrockets were generally used in this study for 

visualization purposes, but the use of smaller 8 µm microbullets suggest that this is a scalable 

approach, opening the door for potential use in capillaries that are 5-10 µm in diameter. This US-

triggered MB propulsion strategy should thus have a tremendous impact on diverse biomedical 

applications (e.g., targeted drug delivery, circulating biolistics, micro-tissue and artery-

cleaning/removal schemes, precision nanosurgery, and cancer therapeutics). For example, as an 

alternative to treatment of bladder cancer with Bacillus Calmette-Guerin (BCG), multiple US-

triggered MBs could be introduced and fired into the bladder, as illustrated in Figure 9c, to create 

a natural inflammatory response for fighting cancer cells. While offering a similar 

immunoprophylactic effect, the use of these MBs may potentially eliminate harmful side effects 

(e.g. sepsis, dysuria, hematuria, nausea, and fever) associated with BCG. 
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Ultrasound-Induced Fluorescence Modulation of Microbubble Contrast Agents 
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Abstract 

A novel ultrasound-modulated fluorescent microbubble has been experimentally 

demonstrated. Because fluorescence modulation can be extracted from a strong non-modulated 

light background, this new contrast agent particle has the potential to significantly increase 

detection sensitivity by overcoming present limitations of optical detection at increased depths in 

highly scattering media. Using an optical pump (excitation beam) and focused ultrasound, 

microbubble size oscillations are converted into fluctuations in the spectrally distinct fluorescence 

emission. The intensity, spectral, and temporal characteristics of the modulated fluorescent signal 

can contain information about the contrast agent’s biochemical environment such as tissue 

oxygenation, pH, and other properties which can be disease indicators. Microbubbles were 

prepared with surface-loaded self-quenching fluorophores and detected in an in-house designed 

setup to monitor fluorescence emitted from an insonified sample. Fluorescence intensity 

modulation was demonstrated with frequency components at the ultrasound driving frequency. 

 

6.1 Introduction  

Despite over 50 years of research validating the link between hypoxia and cancer 

malignancy, we have yet to develop a practical method for hypoxia detection259, 260. Although 

fluorescent probes have been developed to efficiently sense the hypoxic state, optical tissue 

scattering has been a barrier to their clinical translation261-265. A hybrid modality of ultrasound 

(US) and fluorescence imaging can break this barrier by exploiting their individual strengths of 

spatial resolution and sensitivity, with the added benefits of being non-ionizing, low cost, and 

real-time. While acousto-optic imaging has these benefits and an optical readout, it lacks the 

selectivity to modulate fluorophores independently of the autofluorescent tissue background266.  

Creating an US-modulated beacon of light will enable optical detection at the spatial 

resolution of US, at centimeter-scale depths. The sensitivity of fluorescence will allow the 



 

 

discrimination of a small labeled region from a large background. Since random “noise” and 

autofluorescence photons will not fluctuate with any characteristic frequency, they can be 

removed by filtering or spectral analysis. The enabling technology develo
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self-quenching. The MB oscillates radially in response to US insonation, causing the surface 

fluorophore concentration to change (Fig. 1
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quenching. In the low pressure portion of the wave, the bubble expands, decreasing the surface 

density of the fluorophore, and thus decreasing the amount of quenching. Thus, the degree of 

quenching will be modulated at the frequency of the applied US. 

Figure 6.1 Schematic of Principle.
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square of the bubble radius.  Due to the non
efficiency, a small increase in intermolecular distance can produce a large increase in the
fluorescence quantum yield.
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in this work is achieved by modifying a stable MB formulation with the addition of a single dye 
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theoretically in the literature, we present the first experimental evidence of dye-loaded MBs 

whose fluorescence emission can be modulated in response to US.  

 

6.2 Results 

MBs containing DiI and biodegradable phospholipids were fabricated using variations on 

published formulations268, 269 very similar to those used in Definity®, an FDA approved US 

contrast agent. A gas mixture containing perfluorocarbon was used as the MB core due to the 

perfluorocarbon’s inertness and low solubility in blood, which helps prolong MB in vivo 

biological half-life242. MBs were easily purified from excess lipid and dye by centrifugation due 

to their buoyancy. Multiple washings yielded a very pure sample while preserving the MBs (Fig. 

2a,b). The fabricated MBs ranged between 1-5 µm in diameter, optimal to achieve resonance with 

medical US frequencies of 1-10 MHz270. The MBs were strongly echogenic, as verified by a 

clinical ultrasound scanner, which was able to observe a strong contrast enhancement at a 1:1000 

dilution (Fig. 2d). 

  



 

 

Figure 6.2 Microbubbles surface

in (a) brightfield, (b) fluorescence, and (d) ultrasound contrast

microscope images show microbubbles with a 1
quenching is occurring to an extent, residual fluorescence can still be seen. Even unloaded MBs 
(not shown here) will appear as a bright ring in a fluorescent medium, due to reflection off the 
gas/liquid boundary, but fluorescence from the center of the bubble is evidence of efficient 
surface loading. c, A pure buffer control shows a faint outline of the transfer pipette container 
with no contrast enhancement. 
contrast enhancement. 

MBs were fabricated with varying concentrations of DiI and relative fluorescence 

intensity of individual MBs was quantified by fluorescence microscopy (Fig. 3). The average 

fluorescence emitted from a molecule of DiI decrea

following a trend characteristic of self

of 2 mol % to be in the optimal range, since it is there that the slope of fluorescence intensity vs. 

dye concentration is highest. For the relationship between quenching efficiency and 

intermolecular distance, there was good agreement between experimental results and a theoretical 

curve developed from a FRET efficiency model.

nature of DiI self-quenching.

 

Microbubbles surface-loaded with a high concentration of DiI (2 mol %), imaged 

in (a) brightfield, (b) fluorescence, and (d) ultrasound contrast-mode. a, Brightfield 
microscope images show microbubbles with a 1-5 µm distribution. b, Although fluorescence 
quenching is occurring to an extent, residual fluorescence can still be seen. Even unloaded MBs 
(not shown here) will appear as a bright ring in a fluorescent medium, due to reflection off the 

but fluorescence from the center of the bubble is evidence of efficient 
A pure buffer control shows a faint outline of the transfer pipette container 

with no contrast enhancement. d, A 1:1000 dilution of microbubbles in buffer generated

 

MBs were fabricated with varying concentrations of DiI and relative fluorescence 

intensity of individual MBs was quantified by fluorescence microscopy (Fig. 3). The average 

fluorescence emitted from a molecule of DiI decreased with increased surface concentrations, 

following a trend characteristic of self-quenching (Fig. 3b). These results predict a concentration 

of 2 mol % to be in the optimal range, since it is there that the slope of fluorescence intensity vs. 

ration is highest. For the relationship between quenching efficiency and 

intermolecular distance, there was good agreement between experimental results and a theoretical 

curve developed from a FRET efficiency model. This model was chosen due to the

quenching. 
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Figure 6.3 Self-quenching of DiI loaded on the surface of MBs.

with increasing dye concentrations were imaged, and the fluorescence intensity per unit area was 
calculated. b, The normalized fluo
absolute intensity, and adjusted for DiI concentration. 
assuming the complete absence of quenching for the lowest concentration, and shown with a 
theoretical quenching curve. DiI intermolecular distance was calculated based on molar 
concentration. See section 2.3 for a more detailed description of the theoretical calculation and 
measured values. 

 

An in-house designed high

detect US-modulated fluorescence as described in section 4.4. Experiments were conducted in 

deionized water and no additional sc

the PMT detecting MB fluorescence emission is shown in Figure 4a as a function of time. There 

is a very clear time domain oscillation with the corresponding Fourier transform (Fig. 4b) 

revealing a strong component at the US driving frequency of 2.25 MHz. Second harmonic 

frequency signatures at 4.5 MHz were also detected on occasion, indicating non

stemming from known asymmetric oscillations of lipid MBs

approximately 65mV, yielding an SNR of 3.68 for the single 15

averaged or frequency lock-

 

quenching of DiI loaded on the surface of MBs. a, Representative MBs loaded 
with increasing dye concentrations were imaged, and the fluorescence intensity per unit area was 

, The normalized fluorescence intensity is plotted against DiI concentration, both in 
absolute intensity, and adjusted for DiI concentration. c, Quenching efficiency was plotted, 
assuming the complete absence of quenching for the lowest concentration, and shown with a 

cal quenching curve. DiI intermolecular distance was calculated based on molar 
concentration. See section 2.3 for a more detailed description of the theoretical calculation and 

house designed high-throughput MB characterization setup271 was modified to 

modulated fluorescence as described in section 4.4. Experiments were conducted in 

deionized water and no additional scattering media was added. A representative voltage output of 

the PMT detecting MB fluorescence emission is shown in Figure 4a as a function of time. There 

is a very clear time domain oscillation with the corresponding Fourier transform (Fig. 4b) 

a strong component at the US driving frequency of 2.25 MHz. Second harmonic 

frequency signatures at 4.5 MHz were also detected on occasion, indicating non

stemming from known asymmetric oscillations of lipid MBs272, 273. Peak-to-peak voltage was 

approximately 65mV, yielding an SNR of 3.68 for the single 15-cycle pulse. Moving to a time

-in system may provide a means to further increase the SNR.
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Figure 6.4 Demonstration of fluorescence modulation with US.
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MBs are also capable of amplifying the acousto-optic modulation of fluorescence as 

previously shown in the literature274. To control for this effect, fluorescent liposomes were added 

to a sample of MBs prepared without the fluorophore coating, to achieve the same bulk 

fluorescence intensity as in the surface-loaded MBs. Under the same conditions, no fluorescence 

oscillations were seen in the control samples. This supports that the observed fluorescence 

modulation is due to the hypothesized self-quenching effect as opposed to modulation of the 

excitation beam or a change in the optical properties of the MB. 

4 Demonstration of fluorescence modulation with US. Microbubbles were excited 
with 15 cycles at 2.25 MHz while a CW laser excited their fluorescence. a, Voltage output from 
the PMT which is detecting the fluorescence. b, FFT of the time-domain signal showing a strong 
peak at the fundamental and a smaller peak at the second harmonic. Non-fluorescent 
microbubbles were diluted into a fluorescent medium as a control, which showed no fluorescence 

, Simultaneous acquisition of fluorescent and scattered light from a sample of MBs. 
Two PMTs were used to independently detect the signals, which were observed to be in phase.  
This demonstrates that the fluorescent signal is directly correlated with the contraction an
expansion of the MBs. The US pressure used was 1.3 MPa. d, Mean modulation intensity at 
different dye concentrations and US intensities. MBs were fabricated with varying surface 
concentrations of fluorophore. For a population of detection events, the mean modulation 
intensity was taken as a measure of the signal strength. With too little fluorophore, there is not 
much quenching.  With too much fluorophore, there is too much quenching.  An optimal 
concentration was determined to be around 2 mol% of the stabilizing lipid shell.
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The experimental setup described in section 4.4 is also capable of monitoring US-induced 

size oscillations of MBs through the detection of scattered light275. Since the light is collected 

orthogonal to the incident laser, unfiltered light is representative of the side scatter intensity, 

which has a strong dependence on particle size. By observing the radial oscillations of individual 

MBs, this method verified that oscillating MBs were present in the control samples. 

A second detector was used to observe the oscillations of the scattered light at the same 

time as the fluorescence oscillations by splitting the light with a beamsplitter, and filtering only 

one path (Fig. 5). Peaks in fluorescence corresponded temporally with peaks in the scatter signal 

(Fig. 4c). This was expected since in the rarefaction phase, when the bubble diameter is the 

greatest, the bubble will scatter more light and the fluorophore molecules should be most 

separated, giving the greatest fluorescence intensity. The scattered light modulation was seen 

consistently and prevalently in all samples containing MBs. However, the fluorescence 

modulation signal was only observed for a subset of these MBs, all of which were fluorescent 

(Fig. 2b), and was not always present for those bubbles which generated the largest scattered light 

modulations. These observations suggest that the fluorescence modulations are produced by the 

ability of a distinct population of MBs to undergo the above described fluorescence quenching of 

surface dyes. Future work will look into the underlying cause of the MB variability in this 

fluorescence quenching modulation. 

In order to extract the fluorescence signal of the oscillating MB from a noise-limited 

environment, both a strong peak fluorescence intensity and maximum modulation intensity are 

desirable. As the MB dye concentration was varied, it was shown that the signal intensity was 

dependent on the surface concentration of the fluorophore (Figure 4d). An optimal concentration 

was found near 2 mol% where the transition of the MB from fully contracted to fully expanded 

corresponds with the greatest change in degree of quenching. Insufficient fluorophore 

concentration resulted in weakly quenched MBs, even when fully contracted. Similarly, MBs 
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containing very high concentrations of fluorophore were always overly quenched. The signal 

strength also increased with US intensity, even to a point where the pressure was sufficiently 

large to destroy some of the MBs with just a few pulses. Still, most MBs were able to stably 

oscillate for more than 10 cycles at peak-to-peak pressures above 1 MPa. 

 

6.3 Discussion 

The self-quenching of DiI is a well-documented dynamic quenching mechanism, 

evidenced by a change in fluorescence lifetime at increasing concentrations276. Many similar 

carbocyanine dyes exist at longer wavelengths, but the excitation and emission spectra of DiI 

were ideally matched with light sources and detectors available to us. It has been shown that in 

response to US the radius of a lipid-stabilized MB can change by a factor of 5 or more from its 

most compressed state to its most expanded state277. The strong distance dependence of 

quenching would predict that even a much smaller oscillation could result in a large change in 

fluorescence emission.  

A new lipid-based MB incorporating the lipophilic dye DiI into the stabilizing shell has 

been developed to test the combination of these two physical mechanisms. The working principle 

of the MBs studied here relies on the relatively uniform and elastic expansion of the MB shell. If 

shell “cracking” occurs, where the lipid monolayer splits open in a region, a much less 

pronounced effect should be expected, since most of the fluorophores will remain closely packed. 

This is likely to happen for MBs stabilized with lipids forming domains, segregated regions of 

certain lipid molecules278. Phase segregation in stabilizing lipid monolayers is more present in 

formulations containing a significant amount of lipopolymer279, 280. For this reason, the amount of 

lipopolymer in our formulation was limited to the minimum required for stability. For neutrally 

charged MBs, a certain amount of polymer (typically polyethylene glycol) is often used for steric 
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repulsion, in order to prevent coalescence and gas dissolution and maintain a stable MB 

suspension281. 

The insonation frequency is also an important parameter in the design of a fluorescence-

modulating MB, since the frequency has an impact on the velocity of molecular separation. 

Physically separated lipid molecules are not in a thermodynamically stable state. If given time, 

they will rearrange to pack closely and minimize surface contact. For this reason, a MB or 

emulsion suspension made with limited surfactant is unlikely to have sparsely-coated droplets. 

Instead, there will either be fewer number of large droplets, or more likely, the particles will 

coalesce to reduce the surface-to-volume ratio until there is a small enough surface area which 

can be completely coated. By using MHz frequencies, the lipid molecules are forced to separate 

and come back together in under a microsecond. This study indicates that this time is 

insufficiently long for them to rearrange, since the basic mechanism of modulation is dependent 

on molecular separation. The frequency was kept constant in this study for the sake of simplicity. 

Further work will be done to study the frequency dependence of fluorescence modulation. It is 

expected that fluorescence modulation intensity will decrease at lower frequencies. 

The US-modulated fluorescent emission of the MB will enable the extraction of optical 

information at the higher spatial resolution possible with US. A promising potential application of 

this technique is to use the optical spectral information detected to determine biochemical 

properties of the tissue being probed. Types of tissue have specific optical absorptive and 

scattering properties which can modify the spectral signature. By analyzing detected spectra, the 

fluorescence-modulating MBs can help classify the tissue into various categories including 

benign versus cancerous. The MB contrast agents can be tuned to provide information about local 

tissue properties by the inclusion of fluorescent agents whose emission wavelength and intensity 

are sensitive to the environment282. The spectrum of the detected light can contain information 

about relative tissue oxygenation, pH, and other properties which can be disease indicators283.  
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6.4 Materials and Methods 

6.4.1 Microbubble Materials 

Distearoyl phosphatidylcholine (DSPC) and distearoyl phosphatidylethanolamine-methyl 

poly(ethylene glycol) MW5000 (mPEG-DSPE) were purchased from Avanti Polar Lipids, Inc. 

(Alabaster, AL). DiI (DiIC18(3), or 1,1'-dioctadecyl-3,3,3',3'-tetramethylindocarbocyanine 

perchlorate) was purchased from Biotium Inc. (Hayward, CA). DPBS was purchased from 

GIBCO (Bethesda, MD). Perfluorohexane was purchased from Sigma-Aldrich (St. Louis, MO). 

6.4.2 Microbubble Preparation 

Stock solutions of the lipids and the dye were prepared by dissolving the dry powder in 

chloroform. 1 mg of DSPC and 1 mg of mPEG-DSPE were combined in a 1.5 mL 

microcentrifuge tube. An appropriate amount of DiI was added to the same tube. The solution 

was vortexed at low speed while applying an argon stream to evaporate all of the chloroform and 

create a lipid film. 

500 µL of DPBS was added to the lipid film, and the tube was vortexed at high speed for 

1 minute. The tube was immediately placed into a heating block which was at 70°C. After 1 hour, 

the tube was removed and placed directly on ice for 5 minutes. A 3 mL syringe was loaded with 

100 µL perfluorohexane. A 1.5” 22 gauge needle was attached and bent at a 60° angle to allow 

the syringe to be pumped without ejecting liquid. By pumping the syringe, the perfluorohexane 

was vaporized, and the headspace of the tube was filled with a mixture of air and perfluorohexane 

vapor. 

The XL-2000 probe sonicator (QSonica LLC., Newtown, CT) was operated at the 

liquid/gas interface for 3 seconds at 25 W to produce MBs. The bubbles were then put back on 

ice. To purify the bubbles and wash away the excess lipid and dye, the bubbles were centrifuged 

at 1000 rpm for 3 minutes. The subnatant was removed with a syringe (approximately 450 µL), 

and the bubbles were resuspended with 500 µL DPBS. This was repeated once more. For the 
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control samples, MBs containing no DiI were prepared in the same method. In addition, 

liposomes containing DiI were prepared with fluorescence equivalent to the DiI-labeled MBs. 

 

6.4.3. Contrast-Enhanced Ultrasound Imaging of DiI-Loaded Microbubbles 

Microbubbles surface-loaded with 2 mol% DiI were diluted 1:1000 into standard 

disposable transfer pipettes (ThermoFisher Scientific, Waltham, MA) containing DPBS to 

achieve a total volume of 3 mL. Samples were held in water tank at 22°C while a Logiq E9 (GE 

Healthcare, Wauwatosa, WI) ultrasound scanner coupled to a ML6-15 probe was used to acquire 

images of the microbubbles in contrast mode. 

 

6.4.4 Quantification of Static Fluorescence and Calculation of Intermolecular Distance 

Microscope images were acquired through MetaMorph® Microscopy Automation & 

Image Analysis Software. Fluorescence was imaged using a Cy3/Cy5 filter. Unscaled images 

were acquired for each dye concentration and processed in ImageJ. For each dye concentration, 

the pixel intensity per unit area from 20 representative bubbles was integrated and the standard 

deviation was calculated. For the calculation of quenching efficiency, the lowest dye 

concentration (.25 mol%) was taken as a completely unquenched state, for simplicity. Quenching 

efficiency at a given dye concentration was calculated as the percent decrease of fluorescence per 

mole of dye from that at .25 mol%.  

Intermolecular distance was calculated using an average lipid head diameter of 7 Å284.  

The linear density was taken as the square root of the surface density. The theoretical quenching 

efficiency was computed using the Förster resonance energy transfer (FRET) efficiency equation 

� =
1

1 +  � !"⁄ $% 
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, where R0 is the Förster radius of 45 Å, as cited for the DiO-DiI distance285. DiO is a lipophilic 

carbocyanine dye structurally similar to DiI and the DiO-DiI Forster radius was assumed similar 

to that of DiI-DiI, since there is a similar degree of spectral overlap. 

 

6.4.5 Experimental Setup 

An acousto-fluorescence detection setup was used to study the interaction of US with the 

quenchable MBs. The experimental setup is shown in Figure 5. A two liter black water bath was 

used for a clean sound field with transparent optical windows for light delivery and collection. A 

Verdi-V5 continuous-wave 532nm laser source (Coherent Inc., Santa Clara, CA, USA) was 

focused with a 20x objective with a power density greater than 5µW/cm2 at the laser focus. A 

2.25MHz focused single-element Panametrics V306 ultrasound transducer (Olympus NDT Inc., 

Waltham, MA, USA) was aligned with its focus confocal with the laser focus. The US was pulsed 

at a 1Hz repetition rate, with 15 cycles per pulse at 2.25MHz, which was within the resonance 

frequency range of the 1-5 µm MBs. Transducer positioning and US pressure were calibrated 

with a HNC-0200 needle hydrophone (Onda Corp., Sunnyvale, CA, USA). 

  



 

 

Figure 6.5 Experimental setup for fluorescence modulation detection.
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Experimental setup for fluorescence modulation detection. An US transducer, 
focusing lens, and collection objective are all confocal and mutually orthogonal. The 

collected light is split into two paths, one of which is filtered to look at fluorescence. Two 
independent PMTs collect the different signals, and their output is connected to an oscilloscope. 
Data is acquired and preprocessed through LabVIEW. 

 

Light was collected at 75o to 95o and split into two paths with a beam splitter with two 

photomultiplier tubes (PMTs) used simultaneously to monitor both the fluorescence signal a

the optical scatter of excitation light to correlate MB size changes to fluorescence modulation 

intensities. Both optical signals were recorded simultaneously with LabVIEW. The scattered light 

was intense enough to be detected with a PMT operating at low gain. At this gain, MB 

fluorescence was too weak to be detected. To detect the fluorescent signal, light was passed 

through two optical filters onto a low dark current R6095 PMT optical detector (Hamamatsu 

Corp., Bridgewater, NJ, USA) with a 10MHz bandwidth, operated at high gain. Two filters (a 546 

nm long pass and 570 nm band pass) were used for a high rejection ratio of the excitation light. 

Because the filters are interference filters, normal incidence of photons is necessary for high 

. Therefore, two long black optical barrels were used to ensure only straight 

photons could pass through the filters and reach the optical detector. The PMT signal was then 
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An US transducer, 
focusing lens, and collection objective are all confocal and mutually orthogonal. The 

collected light is split into two paths, one of which is filtered to look at fluorescence. Two 
cted to an oscilloscope. 

and split into two paths with a beam splitter with two 

photomultiplier tubes (PMTs) used simultaneously to monitor both the fluorescence signal and 

the optical scatter of excitation light to correlate MB size changes to fluorescence modulation 

intensities. Both optical signals were recorded simultaneously with LabVIEW. The scattered light 

w gain. At this gain, MB 

fluorescence was too weak to be detected. To detect the fluorescent signal, light was passed 

through two optical filters onto a low dark current R6095 PMT optical detector (Hamamatsu 

dth, operated at high gain. Two filters (a 546 

nm long pass and 570 nm band pass) were used for a high rejection ratio of the excitation light. 

Because the filters are interference filters, normal incidence of photons is necessary for high 

. Therefore, two long black optical barrels were used to ensure only straight 

photons could pass through the filters and reach the optical detector. The PMT signal was then 
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passed through a low noise M7279 amplifier (Hamamatsu Corp., Bridgewater, NJ, USA), held at 

constant gain, to a high-speed digital TDS2020 sampling oscilloscope (Tektronix Inc., Beaverton, 

OR, USA) which was controlled using LabVIEW software on a computer. MBs were delivered 

using a PHD 2000 syringe pump (Harvard Apparatus, Holliston, MA, USA) and a capillary tube 

placed in-line with the laser optical axis and outside the US interaction region. The presence of 

flowing MBs was confirmed by looking at the unfiltered scattered light with a standard video-rate 

1322 CCD camera (Cohu Inc., San Diego, CA, USA). 

To load a sample, a 60 mL syringe was filled with 40 mL of DI water, to which 100 µL of 

the MB suspension was added. For the control samples, after 100 µL of undyed MBs was added, 

100 µL of fluorescent liposomes was then added to achieve a bulk fluorescence equal to that of 

the fluorescent MBs. The syringe was then rotated gently to completely disperse the MBs and 

liposomes in the entire volume. It was chosen to have the sample flow directly into the water 

tank, since water is an excellent medium both for optics and acoustics. This prevented the need 

for any tube which could potentially scatter light and/or sound. In between samples, the water 

tank was drained, washed, and refilled to prevent contamination.   

 

6.5 Conclusions 

Stable MBs were fabricated and surface-loaded with a lipophilic self-quenching dye. 

These MBs were demonstrated to modulate their fluorescence emission in response to applied 

US. While many known methods use acoustic waves to modulate the paths of existing photons, to 

our knowledge this is the first experimental demonstration of US modulation of the number of 

emitted fluorescent photons. Therefore, the acoustic stimulation is changing the ratio of excitation 

energy converted into radiative vs. non-radiative energy. A clinically relevant future approach 

will be to design modulating MBs utilizing near-infrared fluorophores to enhance signal-to-

background ratios and increase light penetration depth through the body. The system described in 
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this work has the potential to be used in conjunction with the above-mentioned environmental 

biochemical sensors, and to allow spatially precise measurements of deep tissue properties. 
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7.1 Localized Chemotherapy Using Drug-Loaded Ultrasound-Ruptured Liposomes 

The novel liposome structures developed in this work and described in this dissertation 

are delivery platforms for a broad range of anti-cancer agents and other therapeutics which 

benefit from specific delivery. The microbubble-encapsulating liposome (SHERPA) described in 

Chapter 2 was able to be disrupted by low levels of ultrasound in the diagnostic range. The 

microbubble also potentially can be used as a contrast agent for in vivo tracking of the particles in 

the bloodstream. 

An ultrasound-ruptured liposome (URL) containing cavitation-nucleating nanoparticles 

was then developed to scale down the liposome size and improve stability. Although the required 

acoustic activation power was higher, it was still in the range of energies which can be safely 

used for therapy. These structures were able to show efficient release of small molecule payloads 

in vitro, and local delivery of fluorescent markers in vivo. 

In order to demonstrate the therapeutic potential of the ultrasound-ruptured liposomes 

(URL) described in Chapter 3, the most logical and straightforward next step is to encapsulate a 

chemotherapy drug and apply a similar sonication protocol to those used in the fluorescent 

demonstrations. Doxorubicin will be the first drug used due to its extensive clinical history in 

liposomal formulations, and prior use in well established animal models. In mice with human 

xenograft tumors, tumor regression in sonicated vs. non-sonicated tumors will be the primary 

measure of treatment efficacy. 

In order to establish superiority of the URL to current chemotherapy regimes, two 

different demonstrations can be explored. The first demonstration can show improved tumor 

regression vs. standard free or liposomal doxorubicin, using the same dose. The second 

demonstration can be to achieve equal efficacy to a clinical formulation with a lower dose. Since 

the current paradigm is to achieve maximum tumor eradication at the expense of significant side 

effects, the first demonstration is probably closer to what would be implemented in a clinical 
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setting. However, the second demonstration enables effective chemotherapy with fewer side 

effects, potentially allowing for more cycles of treatment before reaching a cumulative 

cardiotoxicity dose limit. Also, if the target region is adequately treated, the use of a lower dose 

could be equally effective by sparing the immune cells which are associated with remission286. 

 

7.2 Protein Payloads for Cancer Therapy 

The enzyme-loaded URL described in Chapter 4 is a new way to connect the worlds of 

acoustics and chemistry by effectively switching on chemical nanofactories. The presented 

structure opens avenues for many therapeutic applications of enzymes, such as enzyme prodrug 

therapy and amino acid depletion. The demonstrated 15-fold increase in activity upon rupture is 

just a starting point, with no foreseen theoretical limit to the selectivity. Also, the bioconjugation 

chemistry which was used for β-lactamase is applicable to many other enzymes 

The ultrasound-ruptured liposome can easily be adapted to deliver antibody-based 

therapeutics, immunostimulatory compounds, or other proteins. One application of interest is the 

delivery of those enzymes used by neutrophils to kill bacteria. The combination of glucose 

oxidase and myeloperoxidase is capable of converting native glucose into hydrogen peroxide, and 

then into hypochlorous acid. This potent product (a key component in bleach) is very damaging to 

biomolecules, and its highly reactive nature makes it difficult for cells to develop a method of 

resistance. The short half-life of hypochlorous acid (0.4 ms) keeps the effects localized to the 

region containing enzyme. Also, since production of hypochlorous acid depends on the sequential 

activity of both enzymes, the efficiency of the two-enzyme system increases with the square of 

enzyme concentration. 

Another category of enzymes which can be applied towards cancer medicine are those 

which can digest collagen, often referred to as collagenases. Solid tumors are prone to 

desmoplasia, the growth of a thick stroma layer of extracellular matrix proteins surrounding the 
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tumor. A reactive stroma is associated with tumorigenesis and poor prognosis and acts as a 

protective barrier to treatment287-290. This is especially prevalent in pancreatic ductal 

adenocarcinoma, where it increases the interstitial fluid pressure, thereby decreasing the 

penetration of molecules291, 292. The poor access of chemotherapy drugs to the tumor is thought to 

be one factor contributing to the poor survival rate of pancreatic cancer patients293. Targeting the 

stroma with degrading enzymes or growth factor inhibitors has been shown to enhance the 

permeation of molecules into the tumor, and improve the efficacy of chemotherapy294-297. 

However, the ubiquity and structural significance of collagen in other parts of the body poses a 

danger to the nonspecific delivery of collagenase. Therefore, a logical application of the URL is 

to delivery such enzymes locally, to reduce dangerous side effects, and provide access for a 

subsequently administered chemotherapy agent. 

 

7.3 Ultrasound-Ruptured Liposomes for Nucleic Acid Delivery 

 The same challenges of short circulation, lack of protection, and lack of specificity which 

apply to immunogenic compounds also apply to gene delivery and gene silencing approaches. 

Similarly, the URL has the potential to be an excellent delivery vehicle for nucleic acids due to its 

ability to trigger a shift in the state of a nucleic acid from protected and long circulating to 

exposed and ready to transfect. A transfection complex which would normally function poorly in 

vivo due to rapid clearance and accumulation in the lungs, liver, and spleen could be encapsulated 

inside of the URL to add this functionality.  

 

7.4 Nucleation Sites and Ultrasound-Ruptured Liposomes for Sonothrombolysis 

Cancer treatment is not the only application to benefit from localizing therapeutic effects. 

Cavitation nucleation sites, specifically perfluorocarbon nanoemulsions may in the future serve as 

ultrasound sensitizers for sonothrombolysis.  In time-critical situations (such as a stroke), the 
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application of high intensity ultrasound is a rapid way of breaking up a clot and restoring blood 

flow298-300.  A purely physically-based method may be a viable alternative for patients ineligible 

of treatment with tissue plasminogen activator (tPA)301. Microbubbles (MB) and other nucleation 

sites lower the US intensity required to induce cavitation, and consequently allow for more 

cavitation to occur without causing tissue heating which itself can cause necrosis and be 

thrombogenic302-305.  In addition, the nucleation sites, too large to extravasate through normal 

blood vessels, restrict cavitation to the vascular space and thus prevent undesired cavitation in 

surrounding tissue. 

As mentioned earlier, the benefits of using of PFC particles as sensitizers are due to their 

biocompatibility, eventual elimination through exhalation, and prior clinical use.  PFC MBs are 

too short-lived in vivo and too large to penetrate well into a clot for efficient seeding of 

cavitation. Though they have been shown to facilitate sonothrombolysis, MBs do not persist after 

cavitation, and instead flash into solution, so there is no opportunity to continually use MBs as 

nucleation sites. Instead, it is necessary to wait after an US pulse for a new set of MBs to flow in, 

a challenge in a blood vessel with restricted flow. For this reason, people have looked into using 

low boiling point liquid PFCs as nucleation sites.  Even if these can be made stable through 

circulation, generating a significant amount of cavitation with low boiling point PFCs is 

accompanied by the generation of a large amount of PFC bubbles. The 100-fold volume increase 

from the liquid-to-gas transition poses a danger by creating potential emboli, and is a strategy 

pursued to starve tumors through blood vessel occlusion191, 306. 



 

 

Figure 7.1 Strategies for particle

used microbubbles to enhance local mechanical effects, such as cavitation. However, 
microbubbles are too large to achieve effici
better penetrate into the clot, and may act as persistent cavitation nucleation sites for effective clot 
lysis. c) tPa loaded URL can be ruptured with ultrasound to cause local clot dissolution, reducing 
the required systemic dose. 

 

 

Figure 7.1 Strategies for particle-enhanced sonothrombolysis. a) Existing approaches have 
used microbubbles to enhance local mechanical effects, such as cavitation. However, 
microbubbles are too large to achieve efficient penetration into the clot. b) Nanoemulsions may 
better penetrate into the clot, and may act as persistent cavitation nucleation sites for effective clot 
lysis. c) tPa loaded URL can be ruptured with ultrasound to cause local clot dissolution, reducing 
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The higher boiling point PFCs described in this dissertation remain liquid or rapidly turn 

back into liquid after cavitation, and have no risk of spontaneous vaporization in vivo.  In 

addition, since they can be made as small as 20 nm, they are likely to better penetrate a clot, and 

break the clot into smaller fragments which are less likely to create downstream emboli. 

The ultrasound-ruptured liposome could provide an effective seed for cavitation while 

simultaneously releasing a clot-dissolving compound, such as tPA or heparin. The local release of 

these drugs could reduce the required dose and potentially mitigate dangerous side effects such as 

hemorrhage and edema307. Furthermore, PFC emulsions, with their ability to dissolve high 

quantities of oxygen, could have a secondary effect of providing oxygen to the deprived tissue. 

 

7.5 Ultrasound-Driven Micro/Nano Projectiles 

 The microbullets described in Chapter 5 show a step towards the development of the 

magic bullet, by creating a method for externally controlled, highly energetic motion. The 

particles shown here were significantly faster and more energetic than previous micromachines 

and did not depend on the presence of an externally-located fuel source, which could enable their 

application in living systems where the environment cannot be controlled as it can in in vitro 

systems. 

Still, a few key steps need to be taken to prepare these particles for in vivo studies. Their 

size must be greatly scaled down, so that the bullet diameter is at most 100 nm. To maintain 

directed propulsion instead of chaotic motion, this would also require shortening the length 

significantly. Also, although the microbullets demonstrated here were fabricated from metals, 

similar structures could be made using biodegradable polymers. The key characteristic is the 

conical/tubular geometry for directed propulsion and a strong material which can resist the 

destructive power of cavitation. Though some breakage of the material could be acceptable, like 
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shrapnel, the shatter of the bullet into very small nanofragments would likely limit their ability to 

penetrate multiple layes of cells due to dominant drag forces. 

 Once these requirements are met, the new biodegradable nanobullet could possess similar 

characteristics to biolistic (gene gun) devices, which can currently only be used for superficial 

tissues. The circulating particle could be loaded with nucleic acids so that transfection can be 

induced at specific targets using focused ultrasound. Such an ability could be applied for 

immunotherapy, enzyme-prodrug therapy, direct cell killing, and gene replacement to name a 

few. 

 

7.6 Ultrasound Modulated Fluorescence Contrast Agents 

The fluorescent microbubble described in Chapter 6 enables a method to control 

fluorescence emission with ultrasound, potentially for a hybrid imaging modality. The detected 

modulation shows the ability to detect the bubbles in a medium free of scattering. However, the 

realization of this modality will require strengthening the signal so that it may be detected even 

through a scattering medium. Adaptation of the bubble’s fluorescence to a near infrared 

wavelength can aid in maximizing the signal through reduced tissue absorption, and slightly 

decreasing scattering. Hardware improvements such as an optical system optimized for collection 

of scattered light, and a lock-in amplifier also have the potential to improve the system’s 

sensitivity. 

 

7.7 Translation to Clinical Practice 

 The work described in this dissertation opens the doors to a variety of clinically-

applicable technologies. Most of this work is in the discovery/early development stage, and 

significant advances are needed before commencing testing in humans. Systematic animal studies 

are needed to demonstrate safety and optimize pharmacokinetics and efficacy as a function of 
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formulation and ultrasound treatment procedure. The described liposome technologies are at this 

stage and have the potential to accelerate quickly to large animal preclinical studies. The 

microbullet and microbubble particles described in Chapters 5 and 6 still require in vitro 

development before they can be tested in animal models. 
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