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Welcome to this special issue on Cavitation-Enhanced Drug Delivery and
Immunotherapy—a rapidly evolving area that has been buoyed in recent years by the
development of methods harnessing the activity of ultrasound-stimulated bubbles known
as cavitation. When properly controlled, cavitation can help overcome physical barriers
to drug delivery whilst providing readily measurable information for timely quantitative
feedback and treatment guidance. Microbubble-assisted therapies have demonstrated
impressive advancements in clinical trials and pre-clinical areas, including applications in
neurology, oncology, cardiology and beyond.

In this special issue we have eight original research contributions highlighting the
breadth of targets for cavitation-enhanced therapies, including Imran et al. [1]. (pancreas),
Lacerda et al. [2] (head and neck cancer), and Ahmed et al. [3] (brain), who all discuss
progress in fighting long-challenging pathologies. Imran et al. demonstrated substantially
enhanced drug uptake in a porcine pancreatic tumor model using the SonoTran system,
which is currently in a clinical trial for targeted chemotherapy to liver tumors. Lacerda
et al. explored the treatment parameter space for a head and neck cancer combination
therapy, showing the relative importance of O2 microbubbles (MBs), mitochondrial res-
piration inhibitors, and radiation dose rate. In a murine glioma model study, Ahmed
et al. demonstrated that an ultrasound mediated blood-brain barrier opening treatment
following administration of anti-PD-L1 markedly improved overall survival in comparison
to giving anti-PD-L1 alone.

Some newer targets and applications are also featured in the special issue. LuTh-
eryn [4] et al. describe the first use of cationic MBs for targeted treatment of biofilms, which
are notoriously drug-resistant and typically are negatively charged. Cationic MBs were also
used by He et al. [5] to safely deliver angiogenic microRNA with an eye toward treatment
of cardiovascular disease. Kerneis et al. [6] demonstrated the safety of sonoporation to
facilitate inner ear drug delivery. Benton et al. [7] showed the importance of perfluoropen-
tane droplet concentration in the therapeutic context of cardiovascular reperfusion injury.
Finally, Martinez et al. [8] present cavitation dose relationships to microbubble size distri-
butions and exposure conditions, and they suggest that gas volume fraction may be used
as a unifying factor describing bubble behavior across a range of sizes and concentrations.

This collection also features four reviews, beginning with Navarro-Becerra and Bor-
den [9] writing on the design and application of targeted microbubbles, challenges in
their clinical implementation, and opportunities for protocol optimization and reporting
standardization. Chapla et al. [10] reviewed design strategies for microbubble-nanoparticle
complexes, highlighting the wide variety of available constructs, while noting the need
for near term large animal safety and efficacy studies on the path to clinical evaluation.

Pharmaceutics 2023, 15, 2207. https://doi.org/10.3390/pharmaceutics15092207 https://www.mdpi.com/journal/pharmaceutics
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Honari and Sirsi [11] also discuss ultrasound-sensitive particles, with notably clear descrip-
tions of mechanisms by which mechanical and biological barriers to drug delivery may be
overcome. The collection concludes with a review by Maardalen et al. [12] highlighting
the potential role of cavitation in modulating anti-tumor immunity and identifying critical
areas for further study such as the immunological effects resulting from cavitation activity
ranging from gentle oscillation to violent collapse.

Taken together, this collection highlights the exciting progress and prospects for
cavitation-mediated therapies, and we hope the information herein both informs and
stimulates the readers to make the next important steps to understand and clinically
translate techniques for cavitation-enhanced drug delivery and immunotherapy.

Conflicts of Interest: The authors declare no conflict of interest.
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Abstract: Pancreatic tumors can be resistant to drug penetration due to high interstitial fluid pres-
sure, dense stroma, and disarrayed vasculature. Ultrasound-induced cavitation is an emerging
technology that may overcome many of these limitations. Low-intensity ultrasound, coupled with
co-administered cavitation nuclei consisting of gas-stabilizing sub-micron scale SonoTran Particles,
is effective at increasing therapeutic antibody delivery to xenograft flank tumors in mouse models.
Here, we sought to evaluate the effectiveness of this approach in situ using a large animal model
that mimics human pancreatic cancer patients. Immunocompromised pigs were surgically engrafted
with human Panc-1 pancreatic ductal adenocarcinoma (PDAC) tumors in targeted regions of the
pancreas. These tumors were found to recapitulate many features of human PDAC tumors. Animals
were intravenously injected with the common cancer therapeutics Cetuximab, gemcitabine, and
paclitaxel, followed by infusion with SonoTran Particles. Select tumors in each animal were targeted
with focused ultrasound to induce cavitation. Cavitation increased the intra-tumor concentrations
of Cetuximab, gemcitabine, and paclitaxel by 477%, 148%, and 193%, respectively, compared to
tumors that were not targeted with ultrasound in the same animals. Together, these data show
that ultrasound-mediated cavitation, when delivered in combination with gas-entrapping particles,
improves therapeutic delivery in pancreatic tumors under clinically relevant conditions.

Keywords: pancreatic cancer; paclitaxel; gemcitabine; cetuximab; drug delivery; SonoTran Particles;
sonoporation; passive acoustic mapping; large animal cancer model; focused ultrasound

1. Introduction

Diagnosis of pancreatic cancer is associated with a poor prognosis, with a five-year
survival rate as low as 6%. This poor prognosis can be attributed to the delayed presentation
of patients with pancreatic cancer due to typically benign, or even a complete lack of
symptoms during early stages. Location of the primary tumor can dictate the timing,

Pharmaceutics 2023, 15, 1585. https://doi.org/10.3390/pharmaceutics15061585 https://www.mdpi.com/journal/pharmaceutics
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signs and symptoms of pancreatic cancer, ascribing a more favorable prognosis to tumors
causing symptoms in their earlier stages [1]. At this time, complete surgical resection
is the only potentially curative treatment for pancreatic cancer; however, many patients
do not qualify for tumor resection. Pancreatic cancers are assessed and categorized on
a spectrum of high resectability to low resectability/unresectable. Characteristics of the
primary tumor such as no arterial or venous involvement and no distant metastases could
indicate a primary tumor with high resectability, while metastasis to lymph nodes excluding
those that drain the peripancreatic tissues or involvement of the inferior vena cava are
typically unresectable [2]. At the time of diagnosis, only 15–20% of patients with pancreatic
cancer have tumors that are resectable due to the majority of patients having locally
advanced or metastatic disease [2,3]. Chemotherapy and/or radiotherapy is currently
considered to be adjuvant therapy to surgery in patients with borderline resectable tumors
or as the first line treatment for patients with metastatic disease [4,5]. Although tumors
characteristically have leaky blood vessels, pancreatic tumors are typically considered to be
poorly vascularized and have a large amount of extracellular matrix, higher interstitial fluid
pressure inside the tumor, and a lack of convection, which can all impede drug delivery to
the tumor [6–8]. In addition to more traditional chemo- and small molecule therapeutics,
monoclonal antibodies have shown promise in treating a variety of solid tumors [9,10].
However, the large molecular size of these antibodies can hinder their ability to penetrate
pancreatic tumors and the use of these antibody therapies has yet to be optimized [7].
In pancreatic cancer, chemo-resistance, radio resistance and immunosuppression are all
additional concerns that hinder otherwise promising therapeutic approaches [11–14]. In
summary, strategies that improve the delivery and distribution of therapeutics to the tumor
may significantly impact clinical outcomes [15].

Focused Ultrasound (FUS) has emerged as a noninvasive and drug-agnostic approach
with the potential to improve therapeutic delivery in a variety of applications. Indeed,
ultrasound-induced cavitation is an emerging approach that has shown significant promise
in pre-clinical cancer studies. Of specific relevance to pancreatic cancer and the stromal
niche, the use of low-intensity ultrasound combined with the co-administration of cav-
itation nuclei has been shown to increase drug delivery to neoplastic masses that are
traditionally characterized by limited drug diffusion from the bloodstream [16–19]. For
example, a mouse model using contralateral, flank-engrafted HT-29 colorectal carcinoma
cells revealed significantly increased tumor concentrations of the therapeutic antibody
Cetuximab [20]. Cetuximab was co-administered with cavitation nuclei consisting of either
ultrasound contrast agent (SonoVue) or gas-stabilizing particles (SonoTran Particles) [20].
Ultrasound resulted in cavitation that increased tumoral Cetuximab concentrations either
2.1-fold (SonoVue) or 3.6-fold (SonoTran Particles) in US-treated tumors compared to the
untreated contralateral tumor [20]. Complementing these studies, pre-clinical large animal
studies have found that the SonoTran Particles combined with a clinically ready therapeutic
ultrasound system (SonoTran System) are safe and effective [21] and that FUS-induced
cavitation caused minimal levels of tissue damage in tissues such as the liver [22–24]. Thus,
the objective of the current work is to expand upon these prior studies and evaluate the
effectiveness of the SonoTran Particles combined with SonoTran System in a clinically
relevant large animal model of pancreatic cancer that better recapitulates the human patient
and tumor.

The overwhelming majority of preclinical animal models of cancer are rodent based.
While mice are a valuable resource for understanding basic cancer biology and gaining
mechanistic insight, due to their small size and differences in anatomy and physiology
compared to human patients, direct therapeutic translation is often limited. This is es-
pecially true in the development and testing of biomedical devices, which often require
multiple, miniaturized systems and optimization protocols that lack human relevance. To
overcome these limitations, pigs are often used as human surrogates due to their similarity
in size, genome, metabolism, anatomy, and physiology [25]. Indeed, for studies targeting
pancreatic cancer, the pig pancreas is highly similar to the human organ, and the anatomic
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location presents many of the same ultrasound imaging and targeting complications that
are typical challenges for human applications. However, to date, FUS applications in the
pig have been generally limited to studies in the healthy pancreas and morbidity and
mortality studies to demonstrate safety. While critical for proof of concept, the healthy
pancreas does not effectively model or reproduce the tumor microenvironment, especially
the stromal niche, which has significantly altered tissue mechanics compared to the healthy
tissue [26–28]. In order to effectively take advantage of the strengths of the pig model
and minimize the limitations, we recently developed a novel immunocompromised pig
model that is receptive to xenografts with human tumors and tissues [22,23]. Using these
RAG2/IL2RG knockout pigs, we have successfully engrafted multiple human cell lines,
generating subcutaneous brain, breast, and liver tumors [22]. Of specific relevance to the
present study, we have also effectively generated subcutaneous tumors using the human
Panc-1 cell line, which is a common model of human PDAC [23]. These cells demonstrated
100% subcutaneous engraftment in our RAG2/IL2RG knockout pigs [23]. The tumors
demonstrated characteristics that were indistinguishable from Panc-1 tumors propagated
in immunocompromised mice and demonstrated hallmark features that were highly similar
to characteristics typically observed in human patients [27].

In the current study, we expand the use of our novel RAG2/IL2RG knockout pigs
and surgically engraft Panc-1 human PDAC cells in specific locations of the pancreas to
generate orthotopic tumors. These clinically and physiologically relevant tumor models
allow us to robustly evaluate the effectiveness of ultrasound-induced cavitation nuclei
consisting of gas-stabilized particles (SonoTran Particles) in drug delivery to pancreatic
tumors. Here, we characterize the orthotopic pancreatic tumors generated in the pigs and
detail the effectiveness of the SonoTran System targeting. Using this model, we further
show that cavitation increases the pancreatic tumor concentration of systemically deliv-
ered Cetuximab, gemcitabine, and paclitaxel. Together, these data show that noninvasive
ultrasound-mediated cavitation, when delivered in combination with gas-entrapping par-
ticles, significantly improves therapeutic delivery in pancreatic tumors under clinically
relevant conditions.

2. Materials and Methods

2.1. Materials

Panc-1 cells (CRL-1469) were obtained from ATCC and cultured following supplier pro-
tocols. Abraxane (paclitaxel) was obtained from Bristol Myers Squibb, New York, NY, USA.
Cetuximab is a monoclonal antibody against epidermal growth factor receptor (EGFR) and
was provided by Eli Lilly and Company, Indianapolis, IN, USA. Gemcitabine was obtained
from Adooq biosciences LLC, Irvine, CA, USA. SonoTran Particles were manufactured by
OxSonics, Oxford, UK.

The drug doses calculated for this work were extrapolated from human clinical doses.
These therapeutics are administered at a dose calculated using patient surface area. To
calculate a dose (mg/kg) to use in this study, for each drug, the theoretical dose for a
human, minipig or micropig was calculated from literature surface area reference values.
The calculated mg/kg values for a human, minipig and micro pig are shown in Table 1.
Due to the increasing trend of mg/kg dose values as the recipient becomes smaller, the
calculated values for micropigs were rounded upwards to provide the dosing for the
immune-compromised piglet model used in this study.

Table 1. Extrapolating from clinical dose to experimental (piglet) dose.

Cetuximab Human Dose (250 mg/m2) [29]

Reference [30] Surface Area (m2) Calculated Dose (mg) Reference [30] Weight (kg) Dose mg/kg

Human 1.62 405 60 6.8

Minipig 1.14 285 40 7.1

5
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Table 1. Cont.

Cetuximab Human Dose (250 mg/m2) [29]

Reference [30] Surface Area (m2) Calculated Dose (mg) Reference [30] Weight (kg) Dose mg/kg

Micropig 0.74 185 20 9.3

Immune-compromised piglet Cetuximab dose used in this study 10.0

Gemcitabine human dose (1000 mg/m2) [29]

Human 1.62 1620 60 27.0

Minipig 1.14 1140 40 28.5

Micropig 0.74 740 20 37.0

Immune-compromised piglet Gemcitabine dose used in this study 40.0

Abraxane human dose (125 mg/m2) [31]

Human 1.62 202.5 60 3.4

Minipig 1.14 142.5 40 3.6

Micropig 0.74 92.5 20 4.6

Immune-compromised piglet Abraxane dose used in this study 5.0

2.2. Immunocompromised Porcine Model Generation

To generate immunocompromised pigs, we utilized the CRISPR/Cas9 system to knock-
out RAG2 and IL2RG genes. Single-guide RNAs were designed to disrupt RAG2 and IL2RG
and BLASTed against the whole pig genome for their specificity. In vitro fertilization and mi-
croinjection of the CRISPR/Cas9 system were performed as previously described [22,32,33].
The immunocompromised status of each pig was validated through genotyping to confirm
RAG2/IL2RG double knockout prior to engraftment surgery (Supplemental Figure S1). The
piglets were harvested from the sow via a sterile hysterectomy, as described previously [33].
Ear notches were collected for genotyping shortly after birth. Immediately at birth, the
immunocompromised piglets were aseptically transferred to their respective germ-free
isolators. The pigs remained in the germ-free isolators during the course of the study to
reduce the risk of infection. Each study method complied with the NIH Guide for the Care
and Use of Laboratory Animals and the Virginia Tech Institutional Animal Care and Use
Committee (IACUC).

2.3. Generation of Orthotopic Human Panc-1 Pancreatic Tumor

Human pancreatic ductal epithelial carcinoma, Panc-1 cells (ATCC, crl-1469) were
cultured in RPMI media containing 10% fetal bovine serum and 1% Normocin (Invivogen)
and lifted from culture plates with Trypsin (0.25%) in EDTA. Panc-1 cells were resuspended
in Matrigel (Corning) on ice after trypsinization at a concentration of 6 × 106 cells per
100 μL. Under general anesthesia, pigs underwent ventral midline laparotomy surgery to
visualize the pancreas and engraft 6 × 106 cells at two or three sites, depending on organ
accessibility. The pigs resumed their regular feeding schedule at the germ-free housing
facility after the surgery and post-recovery. The pigs were monitored for clinical signs of
illness and tumor progression for the remaining duration of the study. Pigs were treated
26–30 days after the injection of tumor cells and the weight range of the pigs at the time of
treatment was 6–7 kg. Pigs were treated as shown in Table 2, with cavitation induced in
randomly selected tumors in each pig.

2.4. SonoTran System

The SonoTran System (OxSonics Ltd., Oxford, UK) includes an innovative hand-
held curvilinear dual-frequency ultrasound probe. The probe is uniquely capable of
B-mode ultrasound imaging (imaging array of 128 elements at 4 MHz central frequency),
transmitting a second-frequency therapeutic ultrasound pulse (therapy array of 64 elements
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at 500 KHz central frequency, 8000 cycles, and 0.5 Hz Pulse Repetition Frequency (PRF)) to
initiate inertial cavitation from SonoTran Particles, and, in real time, concurrently receiving
acoustic emissions back from them for Passive Acoustic Mapping (PAM). These parameters
have been optimized for quantifiably improved drug delivered across the vast majority
of tumor models used in earlier studies [20,34,35]. PAM images correspond to the spatial
images of detected acoustic energy (inertial cavitation) and is displayed as a colormap
overlaid on the contemporaneous grayscale B-mode ultrasound image to localize, monitor,
and achieve real-time quantification of inertial cavitation. PAM images were produced
using a modified, frequency-domain Robust Capon Beamformer algorithm [36]. In order
to provide real-time feedback, the calculation was implemented on a Graphics Processing
Unit (GPU) using Compute Unified Device Architecture (CUDA).

Table 2. General characteristics of the animal, tumor, and treatment plan.

Pig ID Number of Tumors Tumor Volume (cm3) Treated with SonoTran (Yes/No) Drugs Injected

1 3 1.25, 0.7, and 2.5 No None
2 0 NA No None
3 3 1.05, 0.7 and 0.54 No None
4 2 1.0 and 2.1 No SonoTran Particles
5 3 1.6, 1.09 and 1.25 No SonoTran Particles

6 2 1.1 and 0.53 Yes
Gemcitabine, Paclitaxel,
Cetuximab and SonoTran
Particles

7 2 0.3 and 0.35 Yes
Gemcitabine, Paclitaxel,
Cetuximab and SonoTran
Particles

8 2 0.45 and 0.39 Yes
Gemcitabine, Paclitaxel,
Cetuximab and SonoTran
Particles

2.5. In Vivo SonoTran Treatment

All animals were sedated using 2–4 mg/kg of Telazol-Ketamine-Xylazine (TKX) and
remained under anesthesia during SonoTran treatment. Pigs were scrubbed using betadine
with a special focus on the abdomen, cleaned with water, then dried, and hair covering the
area of interest was trimmed using an electric trimmer. Depilatory cream was then applied
to completely remove any additional hair that could hinder ultrasound imaging.

SonoTran System imaging mode (B-mode) was utilized to visualize each tumor and
identify appropriate acoustic windows to treat randomly selected tumors while the pigs
were under anesthesia and in a supine position (Figure 1). The pigs were then injected
intravenously with a bolus dose of Cetuximab (10 mg/kg), paclitaxel (5 mg/kg), and
gemcitabine (40 mg/kg). The drug concentration was determined based on the clinical
dose (mg/kg) for Cetuximab and paclitaxel. A lower clinical dose (40 mg/kg) of gemc-
itabine was used instead of a high clinical dose of 250 mg/kg. SonoTran System therapy
mode was first activated to establish that the ultrasound parameters used were insufficient
to induce cavitation in the absence of SonoTran Particles. The pigs were then infused with
the SonoTran Particle suspension (1.48 mg/mL in 5% Glucose) at a flow rate of 3 mL per
minute and mechanical pressure was applied with the probe to move bowel gas overlying
the pancreas to improve visualization and cavitation monitoring. During treatment, the
SonoTran System B-mode images were combined to create PAM images were used to
visualize the tumor and ensure correct ultrasound-mediated cavitation targeting. The total
treatment time from start of infusion of the Sonotran particles to the completion of the study
was approximately 20 min. US treatment was performed immediately after (<5 min) drug
injections were finished. The SonoTran Particle suspension infusion was ongoing. Each
drug was administered approximately 5 min apart. Immediately post-treatment, the pigs
were euthanized using euthasol intracardiac injection following our IACUC guidelines,
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and a necropsy was performed, gross morphology changes of organs by the treatment were
recorded and organs were collected for further analysis.

Figure 1. Schematic illustration of ultrasound-mediated cavitation using SonoTran Particles. (A) Ce-
tuximab, paclitaxel, and gemcitabine are injected individually. (B) Infusion of gas-stabilized SonoTran
Particles with concurrent ultrasound application targeting pancreatic tumor(s). (C) Schematics of air
bubble expansion and collapse carried by the SonoTran Particles and FUS creating cavitation and
improving drug distribution within the tumor.

2.6. Histopathology

Following necropsy, healthy pig pancreas, untargeted organs in the SonoTran treat-
ment zone (i.e., gastrointestinal tract), untargeted tumors, and SonoTran targeted tumors
were fixed in 10% formalin for at least 24 h prior to sectioning and staining. Tissue sections
of the pig pancreas were subjected to hematoxylin and eosin (H&E) and trichrome stain
to evaluate ablation, variation in collagen density and composition, damage to tumor sur-
rounding structures (blood vessels and pancreatic ducts) in the ablation zone, and off-target
damage [37]. All histopathology was evaluated by a board-certified veterinary pathologist
to assess for regions of cellular damage and verify the expected degree of tissue ablation
within and outside of the ablation zone.

2.7. Trichrome Image Scoring for Collagen Using FIJI

Trichrome-stained images were captured at 10X magnification from normal healthy
pig pancreas, as well as SonoTran-treated and -untreated tumors. Images were taken from
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a total of 15 different representative regions of the pancreas. Images were subjected to color
deconvolution into trichrome using FIJI and only the blue-stained regions (representing
collagen in trichrome) were quantified. Images were converted into 8-bit images, duplicated,
and thresholds were set to establish measurement parameters based on the mean and
percent area, as previously described [38]. The percent area of analyzed particles in FIJI
was calculated and used to generate the final data, as previously described [38].

2.8. Ultra-High-Performance Liquid Chromatography with Tandem Mass
Spectrometry (UPLC-MS/MS)

Serum and tumor tissue was analyzed with mass spectrometry to quantify the amount
of paclitaxel and gemcitabine. For mass spectrometry standards, 100 μL of serum from
a healthy control pig was combined with 300 μL of the internal standard addition solu-
tion (ISAS, 1 μg/mL Gemcitabine + Paclitaxel-d5 in methanol + 1% acetic acid) in 2 mL
polypropylene (PP) microcentrifuge tubes. Multiple reaction monitoring (MRM) transitions
and specific mass spectrometry tuning parameters for the quantification of gemcitabine
and paclitaxel are shown in Supplemental Figure S2. The protein precipitated samples were
briefly shaken and then placed on a vortex table to extract for 5 min before being centrifuged
(Eppendorf Microcentrifuge Model 5415R) at 16,100× g for 5 min. For analysis, 50 μL of the
resulting supernatant solutions were then combined with 100 μL of deionized water in 2 mL
amber autosampler vials with PP low-volume inserts. These were then briefly vortexed
to homogenize before being placed in the refrigerated autosampler of the UPLC-MS/MS
for analysis. For tissue analysis, 250 mg of tumor tissue was placed in 5 mL of acetonitrile
and methanol before being mechanically homogenized. The sample was centrifuged, and
the extract was removed before a secondary extraction of the homogenized tissue was
performed to increase extraction efficiency. Methanol, acetic acid, and ISAS were added to
the centrifuged sample post-primary extraction before being vortexed to re-homogenize
prior to ultrasonic extraction for 20 min. The sample was centrifuged again at 16,100× g
for 5 min and the supernatant was collected before being diluted, vortexed, and placed
in the refrigerated autosampler of the UPLC-MS/MS for analysis. Sample extracts were
subjected to chromatographic separation performed on a Waters H-Class UPLC system
with an HSS T3 reverse phase column (Waters Acquity UPLC HSS T3, 100 mm length × 2.1
mm ID × 1.8 μm) and matching guard column (Waters Acquity UPLC HSS T3 VanGuard
Pre-Column, 5 mm length × 2.1 mm ID × 1.8 μm) maintained at 40 ◦C. Four microliters of
sample were injected onto the column using a refrigerated autosampler maintained at 5 ◦C.
Mobile phase A consisted of 5 mM ammonium acetate (NH4CH3CO2) + 0.05% acetic acid
in H2O, mobile phase B consisted of 5 mM ammonium formate + 0.1% formic acid in 95/5
Acetonitrile/H2O, and mobile phase C was 100% MeOH. The mobile phase was delivered
to the UPLC column at a flow rate of 0.4 mL per min.

2.9. Cetuximab ELISA

ELISA was used to quantify the amount of Cetuximab, which is an antibody-based
therapeutic, in each specimen. The ELISA was not specific to Cetuximab but was suitable
for any human antibody in pig blood and tissue samples. An untreated tumor from a
pig that did not receive Cetuximab was used as a negative control. Tumor samples were
weighed and homogenized in 1× cell culture lysis reagent (Promega, Hampshire, UK) and
protease inhibitor cocktail (Abcam, Cambridge, UK) at a concentration of 1.25 mg/mL.
Known quantities of Cetuximab were added to this tumor homogenate and serially diluted
to generate a standard curve to quantify the amount of Cetuximab in the experimental
specimens. For each ELISA, 50 μL of the primary antibody (Goat anti-human IgG-Fc
specific, Sigma-Aldrich, St. Louis, MO, USA) was used to coat the wells of a 96-well high
binding ELISA plate at a concentration of 1 μg/mL before being incubated overnight at
4 ◦C. Wells were washed at room temperature with wash buffer (PBST, 0.1% Tween 20 in
1× PBS), ensuring bubbles and liquid were removed from the wells at each wash. The
wells were then blocked with 200 μL of 5% BSA in 1× PBST for at least one hour. The wells
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were washed again with wash buffer, and 50 μL of the standards or samples was added
to the plate in either triplicate or duplicate, before being left to incubate for 1.5 h. The
wells were washed again with wash buffer before being incubated with goat anti-human
horseradish peroxidase-conjugated secondary antibody (Promega, Hampshire, UK) diluted
to 1:2500 in 5% BSA in 1× PBS for 1.5 h at room temperature. After the wells were washed
three times with wash buffer, TMB substrate (ThermoFisher Scientific, Oxford, UK) was
added to the wells and incubated in the dark until a deep blue color had developed in
the highest concentration standards. To stop the reaction, 50 μL of 1M H2SO4 was added
per well and absorbance at 450 nm was determined using a plate reader (SpectraMax M5,
Molecular Devices, San Jose, CA, USA). Absorbance values from control samples were used
to generate a Four Parameter Logistic (4PL) Curve in AAT Bioquest website and sample
absorbance values were extrapolated from this curve.

2.10. Statistical Analyses

Unless otherwise noted, data were analyzed using GraphPad Prism, version 9.0.
Statistical significance was indicated as p < 0.05. All data are denoted as the mean ± SEM
(ELISA and MS data show individual animal data points). A student’s two-tailed paired
t-test was performed when evaluating two experimental groups or an ANOVA was utilized
with Tukey’s post-test for complex datasets.

3. Results

3.1. Orthotopic Pancreatic Tumors Were Successfully Generated in the RAG2/IL2RG Deficient
Immunocompromised Pigs

Generation of the RAG2/IL2RG knockout pigs was conducted as previously described [23,24,33].
Briefly, gRNAs targeting pig RAG2 and IL2RG genes and Cas9 mRNA were injected into
presumable zygotes following in vitro fertilization and cultured for five days. The injected
embryos were transferred to surrogate gilts. Piglets were delivered through hysterectomy
into a germ-free housing system, 114 days after in vitro fertilization. A total of eight piglets
were utilized for the studies described. Genomic DNA from piglet ear notches revealed
that both the RAG2 and IL2RG genes were successfully disrupted in all eight piglets
(Supplemental Figure S1). Abdominal surgery was performed under anesthesia to visualize
and inject the Panc-1 human pancreatic cancer cells into the pancreas for xenograft implant.
A total of 100 μL containing 6 × 106 Panc-1 cells was injected into specific regions of each
pancreas, with each pig engrafted with either two or three tumors. Pigs were relocated
to their germ-free isolators once they had fully recovered from anesthesia and they were
clinically monitored throughout the remaining duration of the study. Every pig developed
at least one tumor, with an orthotopic xenograft success rate of 94.44% (Table 2). Gross
in situ tumors and excised formalin-fixed tumors are shown in Figure 2A,B respectively.
Tumors were well tolerated without any illness and other abnormalities for the duration
of this study and pigs were maintained for up to 45 days post-tumor engraftment, which
corresponded to tumors reaching the average targeted treatment size of approximately
1 cm in diameter. The tumors were nodular and highly similar to tumors generated in
immunocompromised mice, demonstrating multiple features that were consistent with
tumors evaluated from human PDAC patients. The tumors were significantly stiffer than
the surrounding pancreatic tissue and did not show regions of central necrosis, which is
often found in mouse pancreatic tumor models.
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Figure 2. Panc-1 human pancreatic cancer cells were successfully engrafted in the pig pancreas and
were effectively targeted using focused ultrasound. (A) Representative gross image of a human
Panc-1 tumor in situ. (B) Excised human Panc-1 tumor. (C) US image of ongoing SonoTran therapy.
Red color indicates active therapy targeting pancreatic tumor. (D) Gross image of human Panc-1
tumor grown in immunocompromised pig pancreas and hemorrhage from ultrasound-induced
cavitation (indicated by yellow circle). (E) Gross image of Panc-1 tumor and hemorrhage following
ultrasound-induced cavitation (indicated by yellow circles). (F) Off-target hemorrhage in the intestine
(Yellow arrow). (G) Off-target hemorrhage in the liver (Yellow arrow).

3.2. FUS-Mediated Cavitation Using SonoTran Particles Effectively Targeted Orthotopic Panc-1
Tumors in the Pancreas, with Predominantly Superficial Off-Target Effects

For the current study, US was applied noninvasively through an abdominal window
determined by using SonoTran System combined to SonoTran Particles. The pancreas was
imaged, and tumors were detected and targeted within the ultrasound acoustic window
in each pig (Figures 1 and 2). Prior to SonoTran treatment, we intravenously infused
the pigs with Cetuximab (10 mg/kg), paclitaxel (5 mg/kg), and gemcitabine (40 mg/kg)
(Figure 1A). Drug injections were then followed by infusion with SonoTran Particles
(3 mL per minute) using an infusion pump to maintain a stable infusion rate during
the US application (Figure 1B,C). SonoTran treatment was performed for around 20 min,
and the FUS-mediated cavitation treatment phase was visualized using PAM images
(the red area corresponding to the prediction of induced cavitation; Figure 2C). For the
three pigs treated, inertial cavitation was efficiently induced in the pancreas. Cavitation
energy measured by PAM displayed as the maximum energy value in Joules per FUS-
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pulse was used as a reference to cavitation activity. These “PAM max” values are plotted
against time and peak rarefactional focal pressure (PRFP) in MPa (Supplemental Figure S3).
Immediately upon the conclusion of SonoTran Treatment, pigs were euthanized, and a
necropsy was performed. During the necropsy, both targeted and nontargeted tissues and
organs were collected for subsequent analysis. Targeted tumors were readily identified
by gross pathological lesions and regions of hemorrhage, which were grossly identified
on all targeted and FUS treated tumors in the pancreas (Figure 2D,E). Grossly, off-target
effects were also observed, almost exclusively in regions of the gastrointestinal tract that
overlaid the pancreas within the acoustic window or injury to the liver in regions that
were adjacent to the targeted region of the pancreas (Figure 2F,G). While these lesions were
clearly identified grossly, histopathological assessments revealed that most of the off-target
damage was superficial bruising or minor hemorrhaging (Figure 3). Hemorrhage was
observed histopathologically in regions of the healthy pancreas near or adjacent to the
tumors (Figure 3A). We also observed histopathologic evidence of hemorrhage in regions
of the small intestine, especially in areas that overlay the pancreas and were within the
acoustic window, and areas of the liver that were adjacent to the pancreas near the treatment
zone (Figure 3B,C). Hemorrhaging in the nontargeted regions of the pancreas, intestine, and
liver generally presented as small, punctate spherical patches spread over a wide area of
the tissue (Figure 3A–C). No hemorrhaging or tissue damage was observed in the pancreas
or tumors from animals that received the SonoTran Particles and therapeutics, but were not
targeted with the US (control tumors, Figure 4A,B).

Figure 3. Histopathology assessments reveal ultrasound-mediated cavitation hemorrhaging in
healthy organs within the treatment zone. Representative images of H&E-stained tissue sections
were generated during histopathological evaluation of treatment effectiveness. (A) Treated immuno-
compromised pig pancreas showing minor to moderate hemorrhaging (yellow arrow) within the US
treatment window of the healthy pancreas. (B,C) Additional off-target hemorrhaging was observed
in the (B) intestine and (C) liver of treated animals. (A–C) Left to right- 4×, 20× and 40×, respectively.
Scale bars are 500 μm for 4×, 50 μm for 20×, and 25 μm for 40× magnification.
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Figure 4. Effective targeting of human Panc-1 orthotopic porcine tumors in situ using ultrasound-
mediated cavitation. Representative images of H&E-stained tissue sections were generated during the
histopathological evaluation of treatment effectiveness in pigs with engrafted tumors. (A) Immuno-
compromised pig pancreas without ultrasound treatment. (B) Human Panc-1 tumors were effectively
generated in the RAG2/IL2RG-deficient pigs and demonstrate histopathological features consistent
with orthotopic cell line-based tumor models and human patient tumors. (C) Ultrasound-mediated
cavitation resulted in clear margins defining the treatment zone with altered tumor structural fea-
tures and areas of increased hemorrhage (yellow arrow). (A–C) Left to right- 4×, 20× and 100×,
respectively. Scale bars are 500 μm for 4×, 50 μm for 20×, and 10 μm for 100× magnification.

3.3. Ultrasound-Induced Cavitation with SonoTran Particles Increases Drug Concentrations in
Targeted Pancreatic Tumors

Collagenous stroma is a significant factor in chemoresistance, in part, by inhibiting
drug penetration within the tumor [14,39,40]. Thus, we predict that the US and SonoTran
therapy would significantly improve drug delivery. To evaluate this hypothesis, we evalu-
ated the tumor deposition of three common cancer therapeutics: Cetuximab, gemcitabine,
and paclitaxel (Figure 5). Each therapeutic was individually infused, intravenously, into
pigs. Upon completion of the therapeutics injection, animals were infused with the Sono-
Tran Particles, and a simultaneously selected tumor in each animal was targeted with FUS.
Upon completion of SonoTran infusion and FUS treatment, the animals were euthanized,
and drug concentrations were determined in the FUS-treated and untreated tumors in each
animal using either ELISA for the antibody Cetuximab (Figure 5A) or mass spectrometric
analysis (UPLC-MS/MS) to quantify gemcitabine and paclitaxel (Figure 5B,C). We observed
a 4.77-fold trending increase in the concentration of Cetuximab in the FUS-targeted tu-
mors compared with the tumors that were not targeted with FUS (Figure 5A, p = 0.14).
Likewise, we observed a significant increase in gemcitabine in the FUS-targeted tumors
compared with the tumors that were not targeted with FUS, with levels increasing from
1.58 to 2.34 μg/g of wet tissue (Figure 5B, p < 0.05). Similar to the increased concentrations
of Cetuximab and gemcitabine, we also observed a consistent increase in paclitaxel in
the FUS-targeted tumors, with levels increasing from 5.57 to 10.78 μg/g of wet tissue
(Figure 5C, p = 0.18). However, there was more variability in the paclitaxel tumors treated
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with FUS (Figure 5C). Thus, these data were trending but did not achieve statistical signifi-
cance. Taken together, our data suggest that ultrasound-induced cavitation with SonoTran
Particles increases drug concentrations in targeted pancreatic tumors.

Figure 5. Ultrasound-mediated cavitation using cavitation nuclei increases the tumor delivery of
cetuximab, gemcitabine, and paclitaxel. ELISA and mass spectrometry (UPLC-MS/MS) was used to
quantify Cetuximab, gemcitabine, and paclitaxel, respectively. (A) ELISA quantification of Cetuximab
comparing ultrasound targeted (treated) and untargeted (untreated) tumor tissue shows significant
accumulation in the treated tumor. (B,C) MS analysis of gemcitabine and paclitaxel comparing treated
and untreated tumor tissue reveals increased delivery of both drugs in the ultrasound-treated tumor
compared to the untreated tumor. ns denotes not significant; * denotes p < 0.05.

3.4. FUS-Mediated Cavitation Using SonoTran Particles Increased Tissue Disruption and Reduced
Stromal Collagen in the Tumor Microenvironment

The dense tumor stroma is a significant inhibitor of drug delivery in many different tu-
mor types, including pancreatic tumors. As shown in Figure 4A, the healthy pig pancreas is
composed of lobules separated and defined by connective tissue septae. Lobules of the pan-
creas contain clusters of exocrine acini cells. In the endocrine section of the pancreas, fully
vascularized areas of several cell types called Islets of Langerhans are embedded within
the pancreatic exocrine tissue. Cell cytoplasm and nuclei are clearly defined histopathol-
ogy assessments of H&E-stained tissue (Figure 4A). Nodular Panc-1 tumors, with clear
margins, were successfully engrafted in specific regions in the pig pancreas near anatomic
landmarks to facilitate ultrasound targeting (Figure 4B). Histopathological evaluation of
the tissue revealed that the tumors have no distinct lobules and cells were disarrayed
or had a stream-like feature (Figure 4B 100×, right panel). Hemorrhaging around and
within SonoTran targeted tumors was readily observed (Figure Figures 3A and 4C). Due
to the mechanical force created by the continuous expansion and collapse of the bubbles
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stabilized in the SonoTran Particles (Figure 1C), and the application of higher cavitation
energy to support increased drug delivery, we anticipated that the cavitation may reduce
stromal density within treated tumors. To evaluate the effect of the therapy on the stroma
density, we evaluated collagen content using trichrome staining and semi-quantification of
density using FIJI image analysis (Figure 6). Consistent with pancreatic tumors in human
patients, the Panc-1 tumors demonstrated a significant, 11-fold increase in collagen content
compared to the normal, healthy pig pancreas (Figure 6A vs. Figure 6B, and quantification
in Figure 6D). However, following FUS with SonoTran Particles, we observed a significant,
3.5-fold decrease in collagen compared to the untreated tumors (Figure 6B vs. Figure 6C
and quantification in Figure 6D). Earlier studies have determined the micro-heterogeneity
of collagen in human pancreatic tumors and showed that the amount of collagen is signifi-
cantly associated with the biomechanical stiffness of tumors and inversely associated with
vascular perfusion [37].

Figure 6. Trichrome stain reveals differences in collagen deposition and stroma among control, tumor
and SonoTran-ultrasound-treated tumors. Representative tumor sections were stained with Trichrome
for analysis of collagen deposition and tumor stroma assessments. (A) Immunocompromised pig
pancreas without ultrasound treatment. (B) Orthotopic Panc-1 tumor in pig pancreas, without
ultrasound treatment. (C) Panc-1 tumor treated with ultrasound-mediated cavitation using SonoTran
Particles. (D) Quantification of trichrome images using FIJI image analysis reveals a reduction
in collagen (blue staining in the images) after therapy. (A–C) Left to right- 4×, 20× and 100×,
respectively. Scale bars are 500 μm for 4×, 50 μm for 20×, and 10 μm for 100× magnification. Areas
of increased hemorrhage are noted with the yellow arrow. ns denotes not significant, ** denotes
p < 0.01, *** denotes p < 0.001.
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4. Discussion

Despite therapeutic progress over the last decade, pancreatic cancer has consistently
ranks as one of the most lethal malignancies. A major driver of the dismal survival rate
among patients is associated with the lack of effective chemotherapy treatment strate-
gies and low response rates for highly promising immunotherapeutics. The lack of drug
penetration into the solid tumor and poor drug distribution within the tumor microen-
vironment are typically cited as reasons for the failure of these therapeutics [7,41]. In
pancreatic cancer, poor drug distribution is commonly driven by dense stroma formation
and its physical/mechanical barriers. For example, the tumor interstitium can include
a dense collagenous matrix that can constitute a total volume of up to 40% of the tu-
mor [7]. These tumors can also have higher interstitial pressure inside the tumor compared
to the periphery, with a lack of convection, and uneven or disarrayed distribution of
vasculature-mediated blood supply can contribute to poor, nonuniform and uneven drug
distribution [7,41–43]. Complementing these physical and environmental barriers, the
development of chemoresistance is often relatively high for pancreatic cancer [26,42–46].
Beyond the physical complications associated with the tumor, many of the therapeutics
used to treat pancreatic cancer also have significant limitations. For example, most drugs
have high levels of detrimental side effects, off-target adverse events, and lower quality of
life, due in part to the necessarily toxic nature of the drugs. This is partially driven by the
systemic application of the therapeutics necessary to achieve the locally high doses neces-
sary to impact tumor progression. Many of the current drugs used for pancreatic cancer
also have relatively poor in vivo stability, which also necessitates high dosage ranges to
compensate for drug breakdown. These issues are compounded by reduced local delivery
to the tumor-associated with attenuated extravasation from the circulation and minimal
penetration into the tumor, again driven in part by dense stroma formation [42,43,47].
Together, these represent significant challenges for pancreatic cancer drug delivery and
refinements are critical to improving patient survival.

To address these issues, our results demonstrate that combining noninvasive focused
ultrasound, coupled with co-administered cavitation nuclei consisting of gas-stabilizing
SonoTran Particles, is effective at increasing local drug delivery for all three of the thera-
peutics tested. The greatest increase was observed for Cetuximab, for which our approach
effectively doubled the local tumor concentration. Similarly, the combined use of focused
ultrasound coupled with cavitation nuclei significantly increased gemcitabine, and we
consistently observed a trend towards increased paclitaxel. As this was a pilot study with
a limited number of animals, trending was observed and further studies are required
to increase statistical power. The Cetuximab data are highly promising because it is a
monoclonal antibody-based therapeutic that targets the extracellular domain of the epi-
dermal growth factor receptor (EGFR). Prior Cetuximab studies have shown convincing
results in preclinical mouse studies of pancreatic cancer [48,49]. However, the findings
from human studies have been more mixed. For example, a Phase II study combining
Cetuximab with gemcitabine in locally advanced or metastatic pancreatic cancer patients
reported promising results [50]; however, a larger prospective phase II/III trial did not
reveal any benefit or minimal benefit of Cetuximab [51,52]. Gemcitabine is one of the pri-
mary chemotherapy drugs used to treat pancreatic cancer and, as mentioned above in the
Cetuximab trial, is commonly combined with other therapeutics. Of particular relevance to
the current study, it is commonly administered with paclitaxel formulations, such as the
Nab-paclitaxel (Abraxane®) combination used here. In early clinical trials, gemcitabine was
proven effective as a single-agent therapeutic, improving symptoms and showing clinical
benefits in approximately 20–30% of patients, with survival rates increasing by as much as
18% [53]. However, while these results are promising, the rise of chemotherapy-resistant
tumors is still a significant challenge with gemcitabine, indicating the need for combination
approaches [39]. Recently, clinical trials using combined gemcitabine and Nab-paclitaxel
have produced impressive clinical effectiveness and safety profiles in both locally advanced
and metastatic pancreatic cancer in patient populations [54]. Despite this progress, the over-
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all survival rate for pancreatic cancer patients, especially those presenting with advanced
stage, remains dismal, with poor five-year survival rates as low as 2–9% [55]. For each of
these therapeutics, the suboptimal clinical effects and overall attenuated efficacy have been
attributed to a combination of factors that includes high toxicity due, in part, to the elevated
dosage necessary to effectively deliver the drugs to the pancreatic tumor and the molecular
mechanisms of the drugs that can limit cellular uptake and tumor distribution. Based on our
findings, combining ultrasound with co-administered cavitation nuclei has the potential to
overcome these limitations by increasing the local concentration (i.e., drug infiltration into
the tumor) of these therapeutics, thus enabling improved dosing and limiting the toxicity
profiles of the therapeutics. Future studies can explore whether the cavitation-enhanced
delivery of Cetuximab, gemcitabine, and paclitaxel results in improved therapeutic efficacy.

Our findings associated with improved drug delivery using ultrasound-induced
cavitation are consistent with prior large-animal studies and rodent findings. Specifically
related to the use of the SonoTran platform, prior studies have shown effective cavitation
induction, detection, and display of cavitation events in real time using a passive acoustic
mapping approach in various targeted tissues (e.g., liver) for up to one hour in large
animal models [21]. These findings demonstrated the feasibility and safety of controlled
cavitation in a large animal using a clinic-ready platform [21]. Expanding upon these data,
a second study in rodents has also been reported, which utilized ultrasound-mediated
cavitation nucleated by gas-entrapping nanoparticles, whereby the delivery of Cetuximab
was found to be significantly improved in xenograft tumors [20]. Human HT-29 colorectal
adenocarcinoma cells, which are strongly positive for EGFR, were engrafted bilaterally in
the mouse flank and used as models to evaluate drug delivery [20]. Similar to the studies
described here for the pig pancreatic cancer studies, Cetuximab was co-administered
intravenously with cavitation nuclei (either SonoVue ultrasound contrast agent or SonoTran
Particles) and one of the two tumors was exposed to focused ultrasound [20]. In the mouse
study, cavitation increased Cetuximab concentrations either 2.1-fold with SonoVue or 3.6-
fold with SonoTran Particles [20]. Together, these prior studies are highly similar to the
findings we report in the current work. However, the prior studies were somewhat limited
by the models utilized. For example, the prior large animal studies focused on monitoring
cavitation in healthy tissues, which have vastly different physiology and mechanical
properties compared to tumor tissue [22–24]. Likewise, the mouse studies are highly
informative, albeit not highly relevant to in situ/orthotopic tumors or for direct clinical
translation. Thus, the data generated here using our novel pig models with in situ relevant
pancreatic tumors, surgically localized in areas of the pancreas that are difficult to both
target and treat using traditional approaches, provide an ideal model for the evaluation of
this drug delivery approach. In this model of human pancreatic cancer, targeted cavitation
was readily observed and monitored in real time. Likewise, we observed significant
increases in drug delivery in ultrasound-targeted tumors. It should be mentioned that
off-target effects were clearly noted in the studies described here, especially hemorrhaging
in the gastrointestinal tract that overlaid the pancreas. While this was pathologically
determined to be superficial and predicted to have minimal clinical impact, the description
of these events is critical for establishing the safety of the treatment strategy. It should
also be noted that the tumors were treated with larger cavitation energies to maximize
potential stromal penetration compared to prior treatments in large animals and mice in
the described studies [20,21], which likely contributed to many of these off-target effects.
Together, these studies are highly complementary to prior work in the field and further
demonstrate the feasibility of using this approach to increase drug deposition in pancreatic
tumors under highly relevant clinical conditions.

The effective deployment of our novel pig models described here is a significant
innovation in drug delivery studies. Indeed, the lack of effective pre-clinical animal models
of pancreatic cancer has contributed to the limited progress in drug development. In the
biomedical device field, it is highly common to utilize pigs for the development and testing
of human-relevant systems to evaluate safety and proof-of-concept studies in healthy tis-
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sues. Likewise, these studies are often complemented using mouse or rat models of either
subcutaneous or orthotopic tumors and miniaturized devices with modified protocols to
account for the small size of the animal models. This is particularly challenging in the
mouse pancreas, which does not share many anatomical similarities with the human organ;
additionally, its small size typically excludes practical orthotopic studies. Thus, the pig
models deployed here minimize these limitations and provide us with a human-relevant
model for therapeutic assessments. The ability to surgically engraft human tumors in
the pancreas provides us with a highly robust, controllable, and reproducible model of
pancreatic cancer. As noted in our results, the in situ pancreatic tumors that develop in
these pigs are identical to tumors generated in orthotopic mice from Pan02 cell lines and
demonstrate a variety of features that are consistent with tumors isolated from human
patients [22–24]. While we have found this model to be ideal for biomedical device devel-
opment and drug-targeting studies using human cell lines and patient-derived xenograft
tumors, the lack of a functional immune system can limit some studies that require the
immune niche. Beyond the pancreas, we have utilized these animals to engraft human liver,
brain, breast, and sarcoma cell lines [22–24,56], which will be utilized in future studies to
expand upon the findings related to ultrasound-induced cavitation and drug delivery.

The development of a dense collagenous stroma is one of the features of the porcine
Panc-1 model that enables effective, realistic studies of drug delivery to pancreatic tumors.
As described in the present work, the Panc-1 tumors demonstrate increased intra-tumoral
collagen deposition, along with reduced and disarrayed vasculature (Figure 4). Following
focused ultrasound treatment and cavitation, we observed significant disruption to this
collagen matrix and increased hemorrhage in the targeted regions of each tumor. This is
consistent with other prior studies that have reported damage to blood vessels through
nanoparticle cavitation, which has been speculated to normalize the interstitial pressure
inside of the tumor, leading to improved drug delivery and ultimately reducing the tu-
mor burden [57]. Drugs can be distributed within a solid tumor through diffusion and
convection. Small-molecule chemotherapeutics, such as 5-FU (130.078 Da), gemcitabine
(263.198 Da), and paclitaxel (853.92 Da), enter the tumor predominantly through diffusion
from the blood vessels, whereas, large molecules such as monoclonal antibodies, i.e., Ce-
tuximab (134 kDa) predominantly enter the tumor through convection [7]. Intriguingly,
mathematical models of drug infusion within solid tumors have shown that a molecule
of 150 kDa would take up to a month to evenly distribute within a 1 cm3 tumor [7,58,59],
which significantly minimizes the clinical utility of such therapeutics. Thus, creating con-
vection force surrounding the tumor can improve diffusion and convection-mediated small
molecule drug delivery. Additionally, convection created by the expansion and collapse
of the SonoTran Particles bubbles likely increased the distribution of the large molecule
Cetuximab within the tumor. This process was likely augmented by the reduced collagen
matrix observed in the tumors following treatment, which is expected to further improve
drug deposition. The reduction in collagen demonstrates the reduction in the extracellular
matrix. However, it should be noted that other physiological properties, such as poor
vascularization and high interstitial fluid pressure, can also impact drug delivery and were
not directly evaluated.

Significant effort has been focused on improving drug delivery and distribution to ben-
efit pancreatic cancer patients [60–66]. We described successful use of focused ultrasound,
coupled with co-administered cavitation nuclei consisting of gas stabilizing SonoTran Parti-
cles, to improve the in situ deposition of clinically relevant drugs for pancreatic cancer. We
can conclude that the innovative use of human pancreatic cancer xenograft in large animals
will provide a highly effective and clinically relevant model for device development studies.
Future studies will explore potential mechanisms to mitigate the off-target impacts of the
treatment by optimizing treatment parameters; optimize the magnitude of drug delivery
to targeted tumors; and evaluate the ability of this approach to impact morbidity and
mortality. In conclusion, this study is the first to show quantifiable increases in the levels
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of both small-molecule chemotherapeutics and large-molecule antibodies delivered to
pancreatic tumors in a large animal model of clinical relevance to human patients.

Supplementary Materials: The following supporting information can be downloaded at: https://
www.mdpi.com/article/10.3390/pharmaceutics15061585/s1, Supplemental Figure S1. Genotyping
of piglets carrying modified RAG2 and IL2RG genes; Supplemental Figure S2. MRM transitions and
specific mass spectrometry tuning parameters for the quantification of gemcitabine and paclitaxel;
Supplemental Figure S3. SonoTran-mediated cavitation treatment of pancreas tumors.
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Abstract: Tumor hypoxia (oxygen deficiency) is a major contributor to radiotherapy resistance.
Ultrasound-sensitive microbubbles containing oxygen have been explored as a mechanism for
overcoming tumor hypoxia locally prior to radiotherapy. Previously, our group demonstrated the
ability to encapsulate and deliver a pharmacological inhibitor of tumor mitochondrial respiration
(lonidamine (LND)), which resulted in ultrasound-sensitive microbubbles loaded with O2 and
LND providing prolonged oxygenation relative to oxygenated microbubbles alone. This follow-
up study aimed to evaluate the therapeutic response to radiation following the administration of
oxygen microbubbles combined with tumor mitochondrial respiration inhibitors in a head and neck
squamous cell carcinoma (HNSCC) tumor model. The influences of different radiation dose rates
and treatment combinations were also explored. The results demonstrated that the co-delivery
of O2 and LND successfully sensitized HNSCC tumors to radiation, and this was also enhanced
with oral metformin, significantly slowing tumor growth relative to unsensitized controls (p < 0.01).
Microbubble sensitization was also shown to improve overall animal survival. Importantly, effects
were found to be radiation dose-rate-dependent, reflecting the transient nature of tumor oxygenation.

Keywords: radiotherapy; tumor hypoxia; contrast-enhanced ultrasound; oxygen-loaded microbub-
bles; drug delivery; head and neck cancer; lonidamine; metformin

1. Introduction

Radiation therapy remains a preferred treatment approach in patients with head and
neck squamous cell carcinoma (HNSCC), with nearly 75% receiving radiation therapy [1].
HNSCC development has historically been caused by tobacco use and excessive alcohol
consumption. However, in recent decades, human papillomavirus (HPV) infection has
become an increasingly recognized causative factor for oropharyngeal tumors (80%), and
HNSCC has become the most common HPV-related malignancy [2–4]. The radiation dose
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is often limited by the tolerance of the associated normal tissue located in the radiation
field. The conventional clinical radiation dose for HNSCC consists of fractionated doses of
1.5–2 Gy of external-beam radiation five times a week for up to seven weeks [5–7]. Roughly
two-thirds of the biological damage produced by X-rays is caused by free radicals from the
reactive oxygen species (ROS) induced by ionizing radiation. Furthermore, the damage
created by free radicals in DNA can be more readily repaired in a hypoxic environment [8,9].

Tumor hypoxia has been identified as the key mechanism of radiation therapy resis-
tance in tumors due to the limited production of ROS. The irregular, angiogenic vasculature
that forms in tumors cannot supply sufficient oxygen to the rapidly dividing cells, resulting
in an oxygen consumption rate in tumor cells that is greater than the amount of oxygen sup-
plied by the blood flow in these tumors [8,10,11]. Healthy tissue generally exhibits oxygen
partial pressures (pO2) ranging from 40 to 60 mmHg, while many tumors exhibit partial
pressures between 2 and 18 mmHg [12]. Several studies have shown that tumor hypoxia
is directly associated with a poor prognosis in patients with advanced HNSCC [13–15].
Molecular oxygen is a well-known radiosensitizer, and studies have shown that relatively
low levels (<20 mmHg) of oxygen are required for radiosensitization [10,16].

To overcome hypoxia-associated radiotherapy resistance, systemic approaches have
been investigated to improve tumor energetics and oxygenation prior to radiotherapy.
Recent studies explored the ability to overcome hypoxia in solid tumors prior to photody-
namic therapy using nanoparticles delivered along with mitochondria-associated oxidative
phosphorylation disrupting drugs [17–19]. One such drug, metformin, is a biguanide
that is generally used for the treatment of type 2 diabetes and has been shown to re-
duce cancer-related morbidity and mortality. Metformin is an attractive adjunct given its
50–60% absolute oral bioavailability while also inhibiting mitochondrial respiration [20,21].
However, this and other systemic approaches lack tumor specificity. Consequently, more
recent work has focused on localized approaches for overcoming tumor hypoxia, including
ultrasound-triggered delivery of bioactive drugs and gases prior to radiotherapy [22].

Our group has demonstrated the effectiveness of using surfactant-shelled microbub-
bles with oxygen cores (SE61O2) to deliver oxygen to hypoxic tumors prior to radiation
therapy [6,23–26]. The feasibility of this approach was first demonstrated in breast tumor
xenografts, where oxygenation significantly improved both tumor control and animal
survival (p < 0.03) [24]. However, that study’s limitation was that the duration of oxygena-
tion (less than 3 min) hindered clinical adoption. In an effort to prolong oxygenation, we
recently showed the ability to deliver both O2 and lonidamine (LND), a pharmacological
mitochondrial respiration inhibitor, in an HNSCC tumor model, which prolonged the
duration of tumor oxygenation for up to 5 min [6]. Furthermore, when investigating LND
bioavailability, SE61 proved to be an optimal targeted delivery vehicle, improving LND
biodistribution in tissue and plasma.

Building on this prior work, the study presented here aimed to determine whether
the combination of O2 microbubbles with mitochondrial respiration inhibitors (both co-
encapsulated LND and oral metformin) would improve tumor treatment response and
survival by improving radiosensitization. LND has been shown to not only inhibit aerobic
glycolysis in tumor cells but also increase aerobic glycolysis in normal cells and display a
selective effect on tumors by producing intracellular acidosis [27,28]. Additionally, given
the limited duration of oxygenation with this platform, the influence of radiation dose rate
was also explored in this model. These are essential steps in understanding the mechanisms
of radiotherapy sensitization and demonstrating suitability for clinical translation.

2. Materials and Methods

2.1. Microbubble Fabrication

Surfactant-shelled oxygen microbubbles (SE61O2) were fabricated in accordance with
our previously reported methods [6]. Briefly, LND (Sigma-Aldrich; St. Louis, MO, USA)
was incubated with water-soluble vitamin E (Tocopheryl polyethylene glycol succinate;
TPGS) (Eastman Chemical Company; Kingsport, TN, USA) micelles while continuously
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stirring for 48 h at 37 ◦C. The micelle solution (with or without LND) was mixed with
sorbitan monostearate (Montane 60 PHA Premium), a gift from Seppic (Paris, France),
after being autoclaved for 35 min. The mixture of the two surfactants was then purged
with perfluorocarbon (PFC) gas for one minute (octafluoropropane, Advanced Specialty
Gasses; Reno, NV, USA), followed by sonication while continuously purging with PFC
gas. The resultant microbubbles were separated using gravity. After washing (to separate
the unincorporated surfactant), the microbubbles were collected and diluted 1:1 (v/v) with
10% (w/v) glucose to provide lyoprotection. The microbubbles were then transferred in
2 mL aliquots into 10 mL lyophilization vials. Samples were flash frozen in a −20 ◦C bath,
lyophilized using a freeze-dryer under vacuum for at least 20 h, and capped under vacuum.
Prior to use, microbubbles were charged with a sterile-filtered (0.2 μm filter) gas of choice,
PFC, oxygen, or nitrogen (Airgas, Radnor, PA, USA) through the vial stoppers using a
syringe needle and reconstituted immediately by injecting 2 mL of 0.5 X phosphate-buffered
saline (PBS).

2.2. In Vitro Acoustic Characterization

Acoustic enhancement and stability were quantified in vitro in a closed-loop flow
phantom setup (ATS Laboratories, CIRS, Norfolk, VA, USA). Microbubbles were injected
and insonated using a 10L4 transducer and an Acuson Sequoia ultrasound scanner (Siemens
Healthineers, Issaquah, WA, USA) at room temperature. Imaging of the microbubbles flow-
ing through the embedded vessel was performed in cadence pulse sequencing mode every
30 s for 10 min (n = 3, for microbubbles charged with O2 and N2 with and without LND)
at low mechanical index (MI) imaging to visualize enhancement (MI = 0.12). The mean
enhancement returned to the transducer was determined by drawing regions of interest on
the contrast imaging plane; all analyses were performed in ImageJ (NIH, Bethesda, MD,
USA). Enhancement (in dB) was determined every 30 s and plotted against time.

2.3. Light Microscopy

To access visual changes to microbubble physical characteristics, an Olympus 1X71
microscope (Olympus Corporation, Tokyo, Japan) was used to image drug-loaded and
-unloaded SE61. Images were processed using the Olympus cellSens Standard software
(Olympus Corporation, Tokyo, Japan). Images were obtained using a magnification factor
of 64×.

2.4. Microbubble Lonidamine Loading Quantification

The quantification of LND loading was performed as previously described [6]. In brief,
all quantifications used a Dionex Ultimate 3000 HPLC system (ThermoFisher, Waltham,
MA, USA) attached to a Thermo Orbitrap mass spectrometer. An XBridge C18 column
(4.6 mm × 150 mm, 3.5 μm; Waters) was used for all separations. Freeze-dried sample
vials were reconstituted in methanol, vortexed for 15–20 s, filtered with a syringe filter,
and analyzed by HPLC analysis. The mobile phase was composed of 50% solvent A (0.1%
formic acid in water) and 50% solvent B (0.1% formic acid in acetonitrile) by the isocratic
method at a flow rate of 0.2 mL/min [29]. Each injection ran for 17 min at a volume of 5 μL
with the compartment temperature at 4 ◦C and the column temperature at 30 ◦C.

2.5. Cell Line and Reagents

A well-characterized HNSCC cell line, CAL27 (ATCC, Manassas, VA, USA), was
maintained in growth media consisting of Dulbecco’s modified Eagle’s medium (DMEM),
High Glucose, Gluta MAX™ (Gibco™, Waltham, MA, USA) supplemented with 10% fetal
bovine serum (FBS; Corning, NY, USA) and 1% penicillin–streptomycin (ATCC, Manassas,
VA, USA) and kept at 37 ◦C in 5% CO2.
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2.6. Implantation and Tumor Growth

Animal experiments were carried out in accordance with Thomas Jefferson Univer-
sity’s Institutional Animal Care and Use Committee (IACUC; approved 15 June 2020).
HNSCC tumors were generated in athymic nude mice (The Jackson Lab, Bar Harbor, ME,
USA) (split evenly by gender) subcutaneously on the right flank with 5 × 105 CAL27
cells (ATCC, Manassas, VA, USA) and 100 μL matrigel (Corning, NY, USA). Once tumors
reached 100 mm3, animals were randomly assigned to control and treatment groups with
metformin pre-treatment (OM) (Table 1). Animals were monitored twice per week using
digital caliper measurements until sacrifice was required (tumor mass > 10% body weight
or animal showing signs of distress).

Table 1. Treatment groups.

GROUP TREATMENT ULTRASOUND 5 GY OM n:(F1) n:(F2)

1 SE61O2/LND Yes Yes Yes 7 3
2 SE61N2/LND Yes Yes Yes 6 2
3 SE61O2 Yes Yes Yes 5 3
4 SE61O2/LND Yes Yes No 8 3
5 SE61O2 Yes Yes No 5 3
6 OM Yes Yes Yes 7 1
7 None No No No 6 2

2.7. In Vivo Acoustic Analysis

Each microbubble group listed in Table 1 received a 0.1 mL bolus injection of agent
followed by a 0.05 mL saline flush with ultrasound triggering at the tumor. Continuous
B-mode and contrast mode imaging was acquired using a 10L4 transducer and an Acuson
Sequoia (Siemens Healthineers, Issaquah, WA, USA) ultrasound scanner. Following peak
enhancement, a 4-second destructive pulse was employed to trigger and destroy microbub-
bles within the tumor environment (MI = 1.4). This was followed by 10 s of low MI imaging
to visualize microbubble reperfusion (MI = 0.12) and repeated for 75 s.

2.8. Treatment Administration

The 61 tumor-bearing mice were randomly assigned to the groups listed in Table 1.
Therapy response was compared with and without O2 microbubble pre-sensitization.
Animals in groups receiving metformin pre-treatment had it added to their drinking
water at a concentration of 1 mg/mL [21,30,31]. The mice received 300 mg/kg/day on
average. Following the same protocol previously reported for injectable anesthetics [6,24],
animals from each group were anesthetized using a mixture of ketamine (75 mg/kg) and
acepromazine (1 mg/kg). SE61 groups received microbubbles through a 24-gauge tail
vein angiocatheter. Following microbubble administration, animals receiving radiation
therapy were placed 40 cm from the radiation source and covered with 4 mm lead shielding,
exposing the right flank and tail. Immediately following ultrasound triggering, animals
received 5 Gy (for an estimated 25% tumor inhibition) using an X-RAD 320 biological
irradiator (Precision X-Ray, Madison, CT, USA) with a beam quality of 320 kV with two
different added filtrations. Overall, 44 animals received 5 Gy with a 2 mm aluminum filter
(F1), and 17 animals received 5 Gy with a 1.5 mm aluminum, 0.25 mm copper, and 0.75 mm
tin filter (F2). These filters corresponded to radiation dose rates of 3.59 and 1.36 Gy/min,
respectively. Following treatment, animals were monitored until sacrifice was required per
the criteria mentioned above.

2.9. Data Analysis

Significant differences between acoustic properties were determined using a one-way
ANOVA. Tumor volumes for each animal were plotted against time after treatment. A
simple survival analysis was conducted in Prism (GraphPad Software, San Diego, CA,
USA) using Kaplan–Meier curves from the day of treatment until the day each animal
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was sacrificed. To analyze differences between groups and filters, log-rank tests were
used. Differences in growth rate parameters were established using a Generalized Estimat-
ing Equations (GEE) model of exponential growth for robust standard error estimation
accounting for the autoregressive correlations among the longitudinal measures within
animals. A significance level of α = 0.05 was used, and statistical analysis was performed
in Prism and SAS v 9.4 (SAS Institute, Cary, NC, USA), with plots of the models created in
R (Wirtschaftsuniversität, Vienna, AT, USA).

3. Results

3.1. Microbubble Lonidamine Loading and Physical Characterization

Following characterization with HPLC, LND encapsulation within the microbubble
showed an average of 25.7 ± 1.5 μg/mL, with a total of 705.7 ± 80.8 μg LND encapsulated
per batch. Though the encapsulation efficiency was low (1.71%), it was able to surpass
the minimum required loading of 4.8 μg/mL based on the minimum effective LND dose
in tissue [28,32]. The population and size distribution LND microbubbles have been
previously reported, at an average of (2.7 ± 0.2) × 109 MB/mL [6]. Light microscopy
images showing the visual representation of the microbubble sizes to display visible
changes in the microbubble morphology after adding LND are shown in Figure 1.

 

Figure 1. Light microscopy images of (A) SE61O2 and (B) SE61O2/LND.
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3.2. Microbubble Imaging In Vitro and In Vivo

The ability to non-invasively destroy SE61 microbubbles with or without LND and
with or without O2 was confirmed in a pulsatile flow phantom setup, where agents were
insonated in a single plane with higher intensity ultrasound pulses (MI = 1.4) (Figure 2A).
All samples showed strong signals within the lumen and remained stable for around
10 min. Stability curves were constructed with the normalized enhancement of each region
of interest in the contrast imaging plane every 30 s (shown in Figure 2B). All samples had
80% retained signal for over 7 min. No significant differences were observed in agent
stability with or without LND or between O2 and N2 cores (p = 0.99).

 

Figure 2. (A) Illustrative ultrasound images of SE61O2/LND in a closed-loop flow phantom showing
contrast mode (left) and fundamental (B-mode) (right). Image depth markers correspond to 0.3 cm
increments with the flow direction from right to left. (B) Microbubble stability curves of SE61O2/LND
(green), SE61O2 (yellow), and SE61N2/LND (blue) at a non-destructive MI (MI = 0.12). No statistically
significant differences among formulations were observed in vitro (p = 0.99).

Imaging and tolerability in the HNSCC tumor model in vivo showed that all mi-
crobubbles samples, whether oxygenated, charged with nitrogen, and/or drug-loaded
(SE61O2, SE61O2/LND, and SE61N2/LND), were well tolerated following intravenous
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injection. These agents demonstrated perfusion into the tumor environment with strong
enhancement on contrast-specific imaging (Figure 3). Following administration, at peak
enhancement, a destructive pulse sequence was employed to destroy microbubbles within
the tumor (MI = 1.4) followed by 10 s of low MI imaging to visualize reperfusion (MI = 0.12).
This flash-replenishment sequence was repeated for 75 s, confirming the ability to destroy
these agents locally as well as their stability in the systemic circulation (Figure 3). Images
show the time course of SE61O2/LND from prior to injection (i.e., baseline) over complete
perfusion to complete destruction and reperfusion after the destructive pulses.

 

Figure 3. Illustrative ultrasound images of SE61O2/LND in an HNSCC tumor model generated in
immunocompromised mice in dual B-mode/cadence pulse sequencing mode. Images show pre-
injection of microbubbles (MB), start of MB perfusion, peak enhancement post-injection, start of MB
destruction, complete MB destruction, and start of reperfusion (image depth corresponds to 0.3 cm
increments). The left side of the display is the nonlinear imaging mode (contrast), and the right is the
conventional B-mode (grayscale imaging).

3.3. Therapy Experiments

Therapeutic enhancement evaluated in an HNSCC tumor model is shown in Figure 4
comparing tumor growth over time. The results demonstrate that despite some expected
variability due to differences in tumor size and growth rate, the experimental group
that received SE61O2/LND with OM pre-treatment followed by 5 Gy delivered with F1
had improved tumor growth control compared to animals in the SE61O2 + US + 5 Gy,
OM + US + 5 Gy, and the no treatment groups. These results were further confirmed after
fitting to a regression model curve, shown in Figure 5. Both O2 microbubbles (shown
in dark green and orange) receiving OM pre-treatment and 5 Gy showed a statistically
significant improvement in tumor control relative to the other controls (p < 0.01) other than
N2 microbubbles (blue in the plot) and LND microbubbles without OM (purple in the plot).
For LND-loaded bubbles treated with ultrasound and 5 Gy radiation, the presence of O2
(versus N2) showed approximately 20 days of improvement in tumor control, although
this was not statistically significant (p = 0.11). However, no differences were observed
in tumor growth volumes between animals receiving OM pre-treatment, 5 Gy radiation,
and O2 microbubbles with or without LND (p = 0.83) and SE61O2/LND with or without
OM (p = 0.17). These results indicate that while the addition of each mitochondrial tumor
respiration inhibitor alone improves tumor control, no additional benefit is provided by
combining multiple inhibitors.
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Figure 4. Tumor growth over time per animal for each group showing raw tumor volumes (mm3)
from the day of treatment until sacrifice was required. Results show the influence of ultrasound (US),
SE61 microbubbles, radiation therapy (5 Gy), gas (oxygen or nitrogen), and tumor mitochondrial
respiration inhibitors (metformin (OM) and lonidamine (LND)) on an HNSCC tumor model.
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Figure 5. Tumor volumes plotted against time with fitted exponential growth curves showing tumoral
response to therapy, with 95% confidence bands shown as dashed lines. Tumor volumes are plotted to
the day of treatment to show the influence of ultrasound (US), SE61 microbubbles, radiation therapy
(5 Gy), gas (oxygen or nitrogen), and tumor mitochondrial respiration inhibitors (metformin (OM)
and lonidamine (LND)).

The influence of radiation dose rate on animal survival is shown in Figure 6A,B.
Similarly, animals treated with O2 LND-loaded microbubbles, OM pre-treatment, and 5 Gy
radiation (dark green in the plot) showed an improvement in median animal survival
(63 days) compared to all control groups (p = 0.0064), except for animals that received O2
microbubbles with OM pre-treatment and 5 Gy of radiation (orange in the plot) (p = 2873)
(Figure 6A). Additionally, the experimental group (dark green plot) receiving SE61O2/LND
with OM pre-treatment had a probability of survival of 86% at 58 days post-treatment,
which was statistically significant compared to all other groups (p = 0.003). Interestingly,
animals treated with SE61O2/LND with OM pre-treatment showed an improvement in
animal survival compared to animals treated with SE61O2/LND without OM pre-treatment
(p = 0.0108). However, there was no difference in median animal survival for animals that
received O2 microbubbles, metformin pre-treatment, and 5 Gy radiation (without LND),
reaching 59 days (p = 0.29). Additionally, animals that received SE61O2/LND and OM pre-
treatment followed by 5 Gy delivered with F1 (3.59 cGy/min) showed an improved animal
survival (p = 0.0008), with a median survival of 63 days, when compared to animals that
received the same treatment with 5 Gy delivered with F2 (1.36 cGy/min), reaching 29 days
(Figure 6B). This demonstrates that while the platform provides a significant improvement
in tumor control with co-encapsulated LND and OM, a relatively high radiation dose rate
is still required given the limited duration of oxygenation.
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Figure 6. Survival proportion of animals following treatment until day of sacrifice. (A) Animal
survival of all groups; treated groups received radiation with Filter 1 (F1; 3.59 cGy/min). (B) A com-
parison of the experimental group (SE61O2/LND) with ultrasound triggering (+ US) and metformin
pre-treatment (OM) that received radiation with Filter 1 (dark green plot) and animals treated with
the same treatment but that received radiation with Filter 2 (F2; 1.36 cGy/min) (brown plot).

4. Discussion

Disrupting ultrasound-sensitive microbubbles containing oxygen locally may over-
come tumor hypoxia prior to radiotherapy. Earlier in vivo studies by our group demon-
strated the feasibility of disrupting oxygen microbubbles within a murine breast tumor
model and a model of metastatic breast cancer in the brain, which raised the mean tumor
pO2 to as much as 20 mmHg. This increase in oxygenation significantly improved tumor
control and animal survival [24,26]. The sensitization capability of oxygen-loaded mi-
crobubbles before radiation therapy has also been proven by others [33–36]. Other groups
explored the ability to enhance the efficacy of treatment by decreasing tumors’ oxygen
consumption with mitochondrial oxidative phosphorylation inhibitors or agents to depress
the expression of programmed death-ligand 1 (PD-L1) in tumors [37–41].

More recently, our group investigated the ability to deliver oxygen in combination
with a pharmacological tumor mitochondrial respiration inhibitor, LND, to HNSCC tumors
to prevent cells from upregulating oxidative phosphorylation, which in turn extended the
duration of oxygenation in tumors [6]. That work demonstrated that O2, when delivered
along with LND, raised the pO2 by nearly 30 mmHg in HNSCC solid tumors, with levels
remaining elevated for up to 5 min [6]. This work showed the therapeutic efficacy of
co-delivering O2 microbubbles with mitochondrial respiration inhibitors, namely LND or
metformin. The stability of this platform was confirmed in vitro in a pulsatile flow phantom.
Stability curves showed that all samples, independent of gas and/or drug content, had 80%
retained signal for over 7 min (cf., Figure 2).

Imaging and tolerability examined in vivo revealed that all microbubble samples,
whether oxygenated, charged with nitrogen, and/or drug-loaded (SE61O2, SE61O2/LND,
and SE61N2/LND), were well tolerated following intravenous injection, with no adverse
reaction in any animal. The ability to improve tumor control and survival by sensitizing
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HNSCC tumors to radiotherapy was explored in this model. Regression modeling demon-
strated that both O2 microbubbles (with and without LND) receiving OM pre-treatment
and 5 Gy showed a statistically significant improvement in tumor control relative to the
other controls (p < 0.01), except for the N2 microbubbles (p = 0.11) and LND microbubbles
without OM pre-treatment (p = 0.17). This demonstrates that both metformin alone (light
green versus orange growth curves in Figure 5) and LND alone (light green versus purple
growth curves in Figure 5) had an added effect on radiosensitization in this model. We
attribute the more pronounced effects of metformin to the higher intratumoral concentra-
tions due to its superior bioavailability (>50% orally [21]). Notably, the addition of multiple
mitochondrial respiration inhibitors (orange versus dark green growth curves in Figure 5)
did not provide additional benefits, presumably due to both targeting similar mechanisms
for inhibiting aerobic glycolysis.

Microbubble destruction (without O2) has been shown to increase radiosensitivity
by inducing cell apoptosis due to increased ceramide production induced by the shear
stress generated from inertially cavitating microbubbles [24,42–44]. These findings are
reflected by the improved radiosensitization of animals receiving N2 microbubbles (al-
though tumor control was further improved with the addition of O2). Additionally, we
hypothesize that the limited improvement in tumor control with the addition of LND is
due to the relatively low drug concentration (~2.55 μg/injection, considerably less than
prior preclinical experiments using intraperitoneal injection [27]) and due to the application
of radiation over a short enough duration whereby both O2 agents provided sufficient
tumor oxygenation based on prior work [6]. An interesting finding in this work was the
influence of radiation dose rate on therapeutic benefits, shown by delivering 5 Gy with
two different filtrations (3.59 cGy/min vs. 1.36 cGy/min). Animals placed in our exper-
imental group receiving SE61O2/LND, OM pre-treatment, and 5 Gy delivered with F1
showed improved tumor growth control and survival with a median survival of 63 days
when compared to animals that received the same treatment with 5 Gy with F2 (29 days;
p = 0.0008) (Figure 6B). This demonstrates that while the platform provides an improvement
in tumor control, a relatively high radiation dose rate is still required given the limited
duration of oxygenation currently available with this microbubble platform.

Though this study produced encouraging results, several limitations exist. The thera-
peutic efficacy of this microbubble platform was only evaluated in immunocompromised
mice, which prevents an analysis of the immune system’s role in treatment response. The
experimental goal of this study was to show tumor burden and animal survival; for this
reason, we have not yet analyzed acute cellular response to radiation therapy with SE61
microbubbles. Future work will focus on immunocompetent animals to better assess the
clinical relevance of this platform. We also anticipate expanding this work to other solid
tumors easily accessible to ultrasound and currently treated with radiotherapy such as
breast cancer, prostate cancer, and soft tissue sarcoma. Additionally, the radiation dose rate
should be better refined to reflect changes in tumor oxygenation duration with the addition
of LND. Finally, to overcome the relatively low drug concentration of LND, future work
will focus on optimizing the LND dose delivered.

5. Conclusions

This work demonstrated that the co-delivery of O2 via ultrasound-sensitive microbub-
bles combined with a tumor mitochondrial respiration inhibitor improved radiosensitivity
and animal survival in an HNSCC model. Additionally, this work highlights the impor-
tance of dose rate in the context of the limited duration of oxygenation currently available
with this microbubble platform.
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Abstract: Therapeutic antibodies targeting immune checkpoints have shown limited efficacy in
clinical trials in glioblastoma (GBM) patients. Ultrasound-mediated blood–brain barrier opening
(UMBO) using low-intensity pulsed ultrasound improved drug delivery to the brain. We explored
the safety and the efficacy of UMBO plus immune checkpoint inhibitors in preclinical models of GBM.
A blood–brain barrier (BBB) opening was performed using a 1 MHz preclinical ultrasound system
in combination with 10 μL/g microbubbles. Brain penetration of immune checkpoint inhibitors
was determined, and immune cell populations were evaluated using flow cytometry. The impact of
repeated treatments on survival was determined. In syngeneic GL261-bearing immunocompetent
mice, we showed that UMBO safely and repeatedly opened the BBB. BBB opening was confirmed
visually and microscopically using Evans blue dye and magnetic resonance imaging. UMBO plus
anti-PDL-1 was associated with a significant improvement of overall survival compared to anti-PD-L1
alone. Using mass spectroscopy, we showed that the penetration of therapeutic antibodies can
be increased when delivered intravenously compared to non-sonicated brains. Furthermore, we
observed an enhancement of activated microglia percentage when combined with anti-PD-L1. Here,
we report that the combination of UMBO and anti-PD-L1 dramatically increases GL261-bearing mice’s
survival compared to their counterparts treated with anti-PD-L1 alone. Our study highlights the
BBB as a limitation to overcome in order to increase the efficacy of anti-PD-L1 in GBM and supports
clinical trials combining UMBO and in GBM patients.

Keywords: SonoCloud; GL261 mouse model; ultrasound-mediated drug delivery; glioblastoma;
immune checkpoint inhibitors

1. Introduction

Glioblastoma (GBM) is the most malignant primary brain tumor in adults, with a
median overall survival of less than 18 months after initial diagnosis [1]. Despite significant
efforts in the neuro-oncology field to develop new therapeutic alternatives, temozolomide
(approved in 2005) remains the gold standard chemotherapy in GBM treatment [2]. For over
five decades, research has been focused on developing new anti-cancer therapies for GBM,
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including anti-neoplastic agents [3], molecular targeted drugs [4], immunotherapeutic
approaches [5], and angiogenesis inhibiting compounds [6]; however, the prognosis of
patients has hardly improved [7]. Blood-brain barrier (BBB), which is specific to the
blood vessels in the central nervous system (CNS), prevents most systemic therapeutic
compounds from reaching the brain parenchyma and GBM cells [8] although it is disrupted
in some areas (i.e., blood–tumor barrier).

Several innovative strategies have been studied to enhance the delivery of chemother-
apeutic agents and antibodies to the brain [8]. Ultrasound mediated BBB opening (UMBO)
using low-intensity pulsed ultrasound (LIPU) has now been studied in preclinical [9] and
clinical settings [10]. LIPU is delivered to the brain simultaneously with an I.V. of micron-
sized bubbles for a few minutes, allowing the microbubbles to oscillate. Microbubble
oscillation produces mechanical stretching on vessel walls that allows a transient BBB
opening [11]. UMBO has shown a good safety profile for BBB opening in recurrent GBM
patients [10,12] and is now being studied in dozens of clinical trials using a range of tran-
scranial [13] or implantable ultrasound devices [10] for treating both primary and secondary
brain tumors as well as neurodegenerative diseases [14].

The choice of therapeutic agents to deliver after UMBO is crucial and remains a point
of discussion among researchers. Direct stimulation of the immune system with immune
checkpoint inhibitors (ICI, e.g., PD-1/PD-L1) showed promising effects alone or with other
chemotherapies in multiple cancers. PD-L1 proteins are expressed as surface molecules
by cancerous cells, such as GBM cells [15], and provide a tumor escape mechanism when
bound to PD-1 proteins at the surface of activated T-lymphocytes leading to their ex-
haustion [16]. Despite their promise in other cancers, nivolumab (anti-PD-1) has shown
no additional efficacy over bevacizumab in phase III clinical trials in recurrent GBM pa-
tients [17]. Similarly, Avelumab (anti-PD-L1) in combination with molecular targeted drugs
did not improve the outcome of GBM patients [18]. In the present study, we evaluated the
effect of anti-PD-L1 and anti-CTLA-4 alone and in combination with UMBO in syngeneic
Gl261 mouse models.

2. Materials and Methods

2.1. Low-Intensity Pulsed Ultrasound Preclinical Device

The pre-clinical ultrasound system (CarThera, Paris, France) was identical to that
described in other studies (Supplementary Material, Figure S1A) [9].The system consisted
of a 1 MHz, 10-mm diameter acoustic transducer that was coupled to the head of the mouse
at 15-mm from the transducer. Sonication was performed for 120 s using a 25,000-cycle
burst at a 1 Hz pulse repetition frequency and an acoustic pressure of 0.3 MPa as measured
in water.

2.2. Calibration of Low-Intensity Pulsed Ultrasound Device

The ultrasound transducer (CarThera®) used in this study was calibrated on a regular
basis (Figure 1A,B). The aim was to map the ultrasound field and to determine the electrical
set point that the generator uses during the experiments to obtain the targeted acoustic
pressure in situ. The calibration was performed using degassed water at room temperature
with a 200 μm needle hydrophone (HNC0200, ONDA). A 2D acoustic field was scanned at
5 mm from the transducer surface with a 3-axis computer-controlled motorized positioning
system (UMS, Precision Acoustics, UK). The 3D acoustic field was computed from this
pattern with the Rayleigh integral. The hydrophone was positioned at the spatial peak
pressure determined from the 3D acoustic field. The ratio between the active electrical
power drawn by the transducer measured with an oscilloscope and the square of the spatial
peak acoustic pressure was measured. This ratio is used as a calibration coefficient by the
generator during subsequent experiments: the active electrical power needed to obtain the
targeted pressure is calculated by the generator using this coefficient at the beginning of
manipulation, and the generator adjusts its set point to obtain the specified active electrical
power measured internally.
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Figure 1. UMBO parameters are effective for BBB opening in healthy and Gl261 bearing mice.
(Panel A,B): 3D structure of the ultrasound waves generated by the calibrated low-intensity ultra-
sound system. (Panel C): T1W MRI showed a marked Gd contrast enhancement within an hour
following UMBO. An enhancement of Gd following UMBO in mice (n = 2, analysis of the Gd enhance-
ment is shown in Supplementary Material, Figure S1C). The two top T1-MRI images were obtained
before UMBO (pre-Gd left MRIs; and post-Gd). The two bottom T1-MRI images were obtained after
UMBO (pre-Gd left MRIs; and post-Gd). UMBO is effective in C57BL/6 mice. right MRIs). (Panel D):
Evans blue staining was enhanced in sonicated brain hemisphere compared to the control hemisphere
visually and by fluorescence ((Panel D); Evans blue in red, DAPI in blue).

2.3. Ultrasound-Mediated Blood–Brain Barrier Opening (UMBO)

UMBO was delivered to both UMBO and UMBO plus anti-PD-L1 groups. Anti-PD-L1
(6E11 Genentech) was administered intraperitoneally in two independent experiments
(n = 8) at a dose of 200 μg sixty minutes before UMBO application. Mice were maintained
under anesthesia with isoflurane (2%, 2 L/min O2). For each UMBO application, 10 mL/kg
SonoVue® was injected through the intravenous route less than 10 s before the start of the
ultrasound application. For each session, UMBO was validated using an additional control
mouse. Each control mouse was injected intravenously with a solution of 2.7% Evans
blue (Sigma, E2129) in phosphate buffer saline (PBS) at a dose of 4 mL/kg ten minutes
post-sonication. All mice received 10 mL/kg warm saline injection in each treatment
protocol before anesthesia to prevent any possible hypovolemia or hypothermia effect.
I.P injection of anti-PD-L1 injection was given 60 min before sonication to ensure anti-
PD-L1 absorption (Supplementary Material, Figure S1B). UMBO test mice were sacrificed
15 min following Evans’ blue injection, and their brain was harvested. The passage of
Evans blue was assessed both visually and by ZEISS Axio-Scan fluorescence imaging of
cryo-sectioned brains.
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2.4. Cell Culture and In Vivo Studies

GL261 cells were cultured in Dulbecco’s modified essential medium (DMEM) supple-
mented with 10% fetal bovine serum and 1% penicillin/streptomycin. Cells were passaged
twice weekly according to their confluence. The animal ethics committee at the Ministry
of Higher Education and Research in Paris approved all protocols involving live mice
(protocol #17503 and #26137). C57BL/6 mice were purchased from Charles River and were
given a week of acclimation before starting any experiment.

GL261 was transduced with a luciferase/mKate2 vector as described before [19]. GL261-
luciferase (1.4 × 105 cells/2 μL) were inoculated into the right caudate nucleus-putamen
(AP +1 mm, DV −0.25 mm, ML −0.15 mm) of 7–8 weeks old C57BL/6 females using
a stereotactic injection frame (David Kopf Instruments, Angeles, CA, USA). Mice were
imaged using the IVIS Spectrum (PerkinElmer, Waltham, MA, USA) 10 min following a 2
mg subcutaneous injection of luciferin (Sigma Aldrich (MO, USA), L9504). The growth of
GL261-luciferase cells was confirmed by two IVIS imaging one week apart of intracranial
cell injection. We observed that mice with bioluminescence values lower than 5 × 105

photon/second would not develop GBM tumors during the characterization of tumor
growth in our mouse models. Therefore, we have included mice with bioluminescence
values over 5 × 105 photon/second. Mice were randomly placed into treatment arms once
they passed the bioluminescence cutoff value.

Animals were treated with 200 μg of anti-CTLA-4 (Bristol-Myers Squibb, New York,
NY, USA, G1-XAS-Ab), anti-PD-L1 (Genentech, New York, NY, USA, 6E11), IgG1 (BXCELL,
West Lebanon, NH, USA, BE0083), and InVivoPure pH 6.5 Dilution Buffer (BXCELL, IP0065)
for four doses (Supplementary Material, Figure S1B). Unless stated otherwise, animals
were sacrificed when they showed signs of tumor-associated illness (20% body weight loss
or changes in behavior or posture).

2.5. Pharmacokinetic (PK) Analysis of Therapeutic Antibodies with and without UMBO

The PK analysis was performed using an identical molecular weight with similar
conformational structure IgG1 isoform. Thirty-six mice were used in the pharmacokinetic
experiment. Mice were separated into control and UMBO groups. Six time points were
selected as follows: 0.15, 0.3, 3, 6, 24, 48, and 96 h. Each mouse received a 200 μg of
nivolumab (Bristol-Meyers Squibb, New York, NY, USA) I.V. injection 10 min following
the BBB opening. 100 μL of blood was collected through cardiac puncture using a pre-
heparinized syringe. Serum was collected by centrifugation of the blood at 3500 rpm for
10 min. All samples (plasma and brain) were then analyzed using an ultra-performance
liquid chromatography (UPLC) system coupled to mass spectrometry (LC-MS/MS; MS-
8060, Shimadzu, Nakagyo-ku, Kyoto, Japan). Peak integration and quantification were
performed using LabSolutions Insight LC-MS software. Nivolumab was quantified with
signature peptide ASGGITFSNSGMHWVR by nano-surface and molecular orientation
limited proteolysis (Shimadzu, Japan) [20].

2.6. MRI Data Acquisition

Two GL261-bearing mice were used in the experiment. Two sessions per mouse were
completed in 2 consecutive days to decrease any distress effect of long isoflurane expo-
sure. MRI acquisitions were performed using a preclinical 11.7 T MRI scanner (Biospec,
Bruker BioSpin, Ettlingen, Germany) equipped with a CryoProbe dedicated to mouse
brain imaging (Biospec, Bruker BioSpin, Germany). Gd enhancement volume was es-
timated on T1w MRI pre and post BBB opening manually on FSLeyes. Animals were
anesthetized with 1% isoflurane in O2 (2 L/min). Respiratory rate and body tempera-
ture were monitored while mice were restrained. For each animal, the protocol consisted
of: (i) acquiring pre-gadolinium enhancement anatomical T1-weighted (T1w) images us-
ing a multi-slice multi echo (MSME) sequence with the following parameters: repetition
time (T.R.) = 400 ms, echo time (T.E.) = 5 ms (one single echo), four averages, 14 slices,
and resolution = 60 × 60 × 500 μm3, (ii) following injection of a total volume of 100 μL
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of gadolinium (Gd; DOTAREM®,Guerbet, Aulnay-sous-Bois, France) at 0.5 mM and at
physiological temperature in the tail vein of the mouse outside the MRI scanner, and (iii)
acquiring post-gadolinium T1w images using the same sequence. The MGE sequence was
acquired with the following parameters: T.R. = 80 ms, ten echoes ranging from T.E. = 2.7
ms to 35.1 ms (echo spacing = 3.6 ms), and isotropic resolution of 60 × 60 × 60 μm3.

2.7. mRNA Sequencing

Six mice with a confirmed tumor of comparable size (as measured by bioluminescence
imaging) were included in this experiment. Mice were divided into two groups (UMBO
group and vehicle group). The vehicle group was treated with inVivoPure pH 6.5 Dilution
Buffer (BXCELL, IP0065). Two treatment sessions (days 21 and 24) were applied in this
experiment. Mice were sacrificed 24 h after the last treatment by cervical dislocation, and the
right hemisphere was stored in 5 mL RNALater (Thermofisher AM7020). Lysing Matrix D
(MBio, 6913050) was used to homogenize the collected brain tissues. mRNA was extracted
using Maxwell RSC simply RNA automated RNA purification kit (Promega, AS1340). RNA
quality was analyzed using high-sensitivity RNA chips. For RNA sequencing, NovaSeq
6000 sequencer (200 cycles, 800 million reads) and reagent kit. The reads (202 bp length,
100 million input reads) were mapped with the STAR v2.7.2a (default parameters) software
to the reference genome (version GRCm38) on new junctions and known annotations.
Mapping parameters were obtained from STAR outputs obtaining around 90% of unique
mapped reads for all samples. Read counts from STAR were used as input for differential
expression analysis using DESeq2. Furthermore, normalized counts were obtained using
the variance-stabilizing transformation (VST) method from DESeq2 to be used as input
for gene set variation analysis (GSVA) [21] to evaluate signature enrichment of microglia
expression (Slc2a5, Siglech, P2ry12, Gpr34, P2ry13, Olfml3, Tmem119, and Fcrls) [22],
microglia sensome (96 genes) [23] or antigen presentation related genes (Ciita, Psme2b,
Erap1, Irf1, Tapbp, Psme2, Psme1, Pdia3, Psme3, Tap1, B2m, Calr, Tap2, Hspa1a, H2-Ab1k,
H2-K1, and H2-D1) [24]. For heatmaps representation (ComplexHeatmap R package),
VST gene expression values were first quantile normalized and log2 transformed, then
converted to Z-scores by subtracting the average expression value of gene i (Gi) from the
gene expression within sample x(Sx); the resulting value was divided by the SD of Gi; the
formula is: Z-scoreGiSx = (Expression GiSx-μGi)/σGi. Raw data were uploaded to Gene
Expression Omnibus with accession number GSE220909.

2.8. Immunohistochemistry (IHC)

A 150 KDa rat IgG2 antibody targeting PD-L1 was used in our IHC staining (BXCELL,
#BE0101). A goat anti-rat secondary IgG (H+L) antibody (BA-9400) was used to detect the
anti-PD-L1. Iba1 protein was detected using 1:1000 (Abcam, #ab178846). Mouse brains were
fixed overnight in 4% paraformaldehyde (PFA), then immersed in 30% sucrose overnight for
cryoprotection. Next, brains were stored in Tissue-Tek® O.C.T and stored at −80 ◦C10 μm
cryosections were harvested using Leica CM1950 cryostat. Slides were stored at −80 ◦C
until analysis.

2.9. Quantitative Digital Droplet Polymerase Chain Reaction (ddPCR)

GL261 tumor-bearing mice four weeks following cell inoculation were used in the
ddPCR experiment. A single UMBO treatment was completed, and 30 min later, blood
(100 μL) was collected in heparinized tubes through cardiac puncture. Whole blood DNA
was extracted automatically using Maxwell® Blood DNA Purification Kit (AS1010). QX200
ddPCR EvaGeen® was utilized to detect mKate2 and Luciferase genes in the extracted
DNA. Primer3Plus web interface was used to design mKate2, and Luciferase primers and
primers were purchased from Life Technologies. The following forward (FR) and reverse
(RV) primers were used: luciferase-FR, TCCACGATGAAGAAGTGCTC; luciferase-RV,
AGGCTACAAACGCTCTCATC; mKate2-FR, GGTGAGCGAGCTGATTAAGG; and mKate2-
RV, GGGTGTGGTTGATGAAGGTT.
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2.10. Flow Cytometry

Twenty mice with a confirmed tumor of comparable sizes were included in this
experiment. Mice were separated into four groups: UMBO group, anti-PD-L1 (Genentech,
6E11) group, UMBO plus anti-PD-L1, and vehicle group (n = 5/group). One treatment
session was delivered in this experiment. Mice were perfused using cold distilled phosphate
buffer saline (DPBS) ~16 h after treatment. Tumor-bearing hemispheres were isolated
immediately and stored in 2 mL ice-cold Hanks’ balanced salt solution. According to the
manufacturer’s protocol, the right hemisphere was isolated and mixed in the enzyme mix
solution from the adult brain dissociation kit (Miltenyi Biotec, Cologne, Germany, #130-107-
677). Cells gentleMACS® Octo Dissociator with Heaters (#130-096-427) and gentleMACS
C Tubes (#130-093-237) were used to perform mice brain dissociation. The number of
dissociated cells was calculated using Scepter® 3.0 Handheld Cell Counter. Flow cytometry
was applied as described in Supplementary Material, Figure S2.

2.11. Statistical Tests

Statistical analysis was performed using Prism software (GraphPad Software, San
Diego, CA, USA). Data are shown as mean values plus and minus standard error of the
mean (SEM). Statistical significance of differences between groups was verified using
appropriate statistical tests. Significance levels were denoted with asterisks: * for p ≤ 0.05;
** for p ≤ 0.01; *** for p ≤ 0.001, and **** for p ≤ 0.0001.

3. Results

3.1. Repeated UMBO Is Safe and Effective in Immunocompetent Mice

UMBO parameters were previously optimized [25] in healthy mice and we evaluated
UMBO parameters and treatment frequency in GL261 bearing mice. T1w MRI (Figure 1C)
showed a marked gadolinium contrast enhancement within an hour following the UMBO
(Figure 1C). Furthermore, biweekly UMBO (four sonications in total without drugs) was
evaluated in the GL261-bearing mice. Mouse weight was unaffected (Figure 2A) and no
significant difference in the overall survival (OS) between UMBO and non-treated groups
was observed (Figure 2B). Overall, the UMBO parameters used for repeated BBB opening
were safe and well-tolerated in GL261-bearing mice.

Pilot study with no UMBO using a GL261-luciferase orthotopic GBM mouse model was
performed. This experiment aimed to determine the effect of anti-PD-L1 and anti-CTLA-4
in our GBM mouse model and select the best candidates to combine with UMBO. Anti-PD-
L1 antibody alone showed a small regression in tumor growth (Figure 2C) with a limited
improvement of survival in GL261-bearing mice (Figure 2D), Anti-CTLA-4 treatment did
not reduce tumor growth (Figure 2C) or animal survival (Figure 2D).

Furthermore, using immunofluorescence, we were able to detect PD-L1 expression on
the surface of the GL261 cell line using anti-PD-L1 (Genentech, 6E11). RT-PCR was used
to evaluate the quantitative expression of PD-L1 in the GL261 cell line and we have used
the Nfpp10 cell line as a positive control. PD-L1 expression was significantly higher in the
GL261 cell line compared to our control (Supplementary Material, Figure S3). Overall, this
makes the anti-PD-L1 antibody the best candidate to combine UMBO in the GL261 GBM
mouse model.
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Figure 2. UMBO parameters are safe and anti-PD-L1 increased survival of GL261 bearing mice.
Repeated UMBO alone does not affect OS (Panel B) or body weight in GL261-bearing mice compared
to the non-treated (Panel A). (Panel C,D): Animals were treated with 200 μg of anti-PDL-1, Anti-
IgG1 as (a control), anti-CTL-4, or vehicle for four doses. Bioluminescence measures normalized to
the first measured value performed on day 7 after cell inoculation in GL261-bearing mice model.
Each colored dot represents values for one animal and the line represents the median value for the
group. Bioluminescence signal was measured weekly. Dotted lines represent the days of treatments.
(Panel D). Kaplan Meier curves in GL261-bearing mice. Anti-PD-L1 alone improved OS in Gl261
bearing mice. Anti-CTLA-4 did not improve OS in GL261-bearing mice. * for p ≤ 0.05.

3.2. UMBO Dramatically Increased the Efficacy of anti-PD-L1 in GL261-Bearing Mice

We then investigated the combined effect of UMBO with anti-PD-L1 in the GL261-
bearing mice. Mice with comparable bioluminescence values were divided into five groups:
(i) UMBO group, (ii) anti-PD-L1 group, (iii) UMBO plus anti-PD-L1 group, (iv) IgG1 group,
and (v) IgG1 plus UMBO group. Mice that had received an anti-PD-L1 antibody plus UMBO
showed 76% long-term survivals (13/17) compared to 26% in anti-PD-L1 alone (4/15) and
0% in control groups (0/16). The results from two independent experiments (Exp) were
summarized in Table 1. UMBO plus anti-PD-L1 showed a significant regression in tumor
growth following four sessions of treatments compared to controls (p < 0.01) (Figure 3B).
Furthermore, Anti-PD-L1 alone showed a limited regression of tumor growth (p < 0.05)
compared to control (Figure 3B). Kaplan–Meier estimate showed a significant difference in
OS of UMBO’s plus anti-PD-L1 treated mice versus anti-PD-L1 alone (Figure 3C). Further-
more, a higher significant difference (Figure 3C) was observed in UMBO plus anti-PD-L1
treated mice compared to anti-IgG1 plus UMBO treated mice.
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Figure 3. UMBO increased the efficacy of anti-PD-L1 in GL261-bearing mice. (Panel A): shows a
timeline of the treatment protocol used in the survival experiments. Cell grafting was done on day
1 while treatments were applied on days 14, 18, 24, and 28. Mice were followed up for 100 days.
(Panel B,C): (Panel B): bioluminescence normalized to the first measured value after cell inoculation
in GL261-bearing mice. Each dot represents values for one animal and the line represents the median
value for the group. Bioluminescence signal was measured weekly. Dotted lines represent the days
of treatments. Anti PD-L1 plus UMBO suppressed tumor growth over time compared to controls.
** for p ≤ 0.01. Repeated UMBO alone does not affect OS (Panel C) or body weight (Supplementary
Material, Figure S4) in GL261-bearing mice compared to the non-treated (Panel C). (Panel C): UMBO
plus an-ti-PD-L1 increased OS (* p < 0.05) compared to anti-PD-L1 alone and (*** p < 0.0001) compared
to control groups.
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Table 1. Summary of long-term survivals and statistical analyses.

Exp. 1 Exp. 2

No of Long-term
Survivals > 100 days

UMBO plus vehicle 0/8 0/8

UMBO plus IgG1 0/8 0/8

IgG1 isoform 0/8 0/8

UMBO plus anti-PD-L1 7/9 6/8

Anti-PD-L1 3/8 1/7

Percentage
UMBO plus anti-PD-L1 77% 75%

Anti-PD-L1 37% 14%

Statistic

UMBO plus anti-PD-L1/UMBO alone p = 0.0009 p = 0.0012

anti-PD-L1/IgG1 isoform p = 0.0057 p = 0.0191

UMBO plus anti PD-L1/anti-PD-L1 p = 0.0480 p = 0.0360

3.3. UMBO Increased the Penetration of anti-PD-1 and anti-PD-L1 Antibodies into the
Brain Parenchyma

IHC staining of anti-PD-L1 (BXCELL, BE0101) confirmed UMBO’s trend to deliver
anti-PD-L1 to the right hemisphere brain parenchyma (Figure 4A). Furthermore, an already
clinically optimized method [21] was used to compare a size matched IgG1 antibody’s
pharmacokinetics with and without UMBO. Three C57BL/6 mice per time point (six-time
points) per group were used in the analysis. We observed a comparable serum concentration
of nivolumab in control and UMBO-treated mice.

Interestingly, higher concentrations of nivolumab were detected in mice brains treated
with nivolumab plus UMBO. As expected, we detected a negligible concentration (≤0.2
μg/200 mg brain) of nivolumab in control mice brains (Figure 4B). The maximum con-
centration (Cmax) of nivolumab in normal brain tissue was detected at 24 h and started
to decline and reach a negligible concentration at 96 h. Therefore, a regimen of biweekly
antibody administration was performed. The brain to plasma concentration ratio shows
that UMBO enhanced the ratio of nivolumab passage across the BBB at 3, 24, 48 h but not
at 96 h (Figure 4C).

A 

Figure 4. Cont.
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B 

C 

Figure 4. UMBO increased the delivery of ICIs to the brain parenchyma. (Panel A): IHC staining of
anti-PD-L1 (BXCELL) (Panel B): PK of Nivolumab concentration in the C57BL/6 mice blood and
brain. (Panel C): Brain/plasma ratio of nivolumab concentration over time. UMBO enhanced the
brain/plasma ratio of nivolumab compared to control mice. ** for p ≤ 0.01. **** for p ≤ 0.0001.

3.4. UMBO plus Anti-PD-L1 Activates Microglia and Modulates Microglial Phenotype

We studied the immune cell populations in our treatment groups using flow cytometry.
Interestingly, we observed that UMBO plus anti-PD-L1 significantly enhanced the percent-
age of activated microglia compared to anti-PD-L1 treatment alone (Figure 5B). UMBO
alone was not associated with a significant enhancement of activated microglia percentage
compared to the vehicle group; however, a trend was observed (p = 0.150). On the other
hand, we did not observe any significant changes in the percentage of CD8+ and CD4+

T-lymphocytes or CD206+ macrophages in all groups. Immunofluorescence staining of
microglia in the anti-PD-L1 plus UMBO treated group confirmed this finding and showed
a phenotype of activated microglia. IHC showed a double nucleus staining of Iba1 in the
UMBO plus anti-PD-L1 treated GL261-bearing mice suggesting a possible induction of
microglia cell division (Figure 5G).
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Figure 5. UMBO plus anti-PD-L1 activates microglia and modulates microglial phenotype. (Panel A):
Flow cytometry analysis of the percentage of total microglia in all different groups (n = 4–5). (Panel B):
UMBO plus anti-PD-L1 significantly enhanced (* p < 0.05) the percentage of CD68+ cells than an-ti-
PD-L1 alone. (Panel C,D): UMBO plus anti-PD-L1 did not influence CD4+ and CD8+ T-lymphocytes
percentages compared to other groups. (Panel E,F): No significant difference in CD206+ and CD206−

macrophages in all groups. UMBO plus anti-PD-L1 did not modulate macrophages’ expression.
(Panel G): Green: Iba1 microglia/macrophages Blue: DAPI nuclear staining; microglia staining in
anti-PD-L1 plus UMBO (right photos) treated group confirm a phenotype of activated microglia.
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Using bulk RNA sequencing, we analyzed whether UMBO modulates antigen presen-
tation related genes compared to the vehicle treated group. UMBO did not influence antigen
presentation (Figure 6A) or affect microglia gene expression (Figure 6B). Microglial ability
to sense changes in the cellular environment was recently termed as microglia sensome [23].
We used the same gene signature to evaluate microglial sensome with and without UMBO.
Interestingly, UMBO significantly induced the expression of gene signatures for microglial
sensome compared to control (Figure 6B). Additionally, we evaluated whether UMBO
enhanced circulating tumor DNA release to the bloodstream. GL261-bearing mice with
significant tumors were used in this experiment. We observed a significant elevation in
the number of copies for both luciferase (Figure 6D) and mKate2 (Figure 6E) in the UMBO
treated group compared to the control.

Figure 6. Repeated UMBO is associated with microglia’s gene signature in the GL261 mouse model.
(Panel A): UMBO did not influence antigen presentation gene signature compared to the non-treated.
(Panel C): UMBO alone is associated with a significant (** p < 0.01) enrichment of microglia sensome
gene signature (Panel D) compared to vehicle (n = 3). No significant difference was observed in
microglial gene expression (Panel B). Heat maps of microglia gene signature and antigen presentation
genes used in panels A and C are presented in Supplementary Material, Figure S5. (Panel D,E)
represent the ddPCR analysis of Luciferase DNA (Panel D) and mKate2 DNA (Panel E) in the blood
30 min following UMBO.

4. Discussion

UMBO and several innovative strategies continuously evolve to overcome the BBB
by increasing drug delivery [8]. Immunotherapies, including ICIs and cell therapies, have
revolutionized multiple solid tumors’ treatments through activating the general antitumor
immune response. The CheckMate-143 phase three clinical trial failed to demonstrate
any higher efficacy of nivolumab over bevacizumab and showed that nivolumab did not
improve OS in GBM patients. Several reasons might explain the low efficacy of ICIs in
GBM: (i) low tumor mutation load, (ii) lack of predictor of response and lack of selection
of patients, (iii) low penetration of ICIs within the brain parenchyma, (iv) low peripheral
priming, (v) local immunosuppression, and (vi) low penetration of T-lymphocytes [26].
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We explored the BBB as the limitation for antibody and lymphocytes penetration and
priming and evaluated the potential of UMBO to deliver large therapeutics to the brain
and the possible modulation of the immune microenvironment in GBM mouse models.
We confirmed the limited efficacy of ICIs in the Gl261-bearing and Nfpp10-bearing mouse
models. Consistent with our data, Reardon et al. reported limited efficacy of anti-PD-L1
and anti-CTLA-4 in GL261-bearing mice with a different treatment regimen [27].

To the best of our knowledge, this is the first research article that reports a dramatic
increase in the OS of GL261-bearing mice when treated with UMBO plus anti-PD-L1. In-
deed, 76% of GL261-bearing mice treated with anti-PD-L1 plus UMBO survived longer
than 100 days compared to 26% of mice treated with anti-PD-L1 alone. We investigated the
mechanisms involved in the anti-tumor effect. We hypothesized that the BBB was respon-
sible for the limited efficacy by blocking anti-CTLA-4 and anti-PD-L1 from reaching the
GBM tumor. A recent study reported enhanced efficacy of antibody conjugates following
their delivery to GBM tumors [28]. Furthermore, focused ultrasound enhanced the delivery
of intranasal anti-PD-L1 but not OS in GL261-bearning mice [29] and a very recent clinical
study showed that UMBO enhanced the delivery of trastuzumab in brain metastases [30].

In our setting, we reported that UMBO enhanced antibody concentration up to 28-fold
compared to control. UMBO was optimized to disturb one hemisphere; however, in our PK
analysis, we used a whole-brain homogenization method; therefore, local concentrations
of nivolumab could have been higher. Consistent with our data, a study has shown that
UMBO enhanced the delivery of bevacizumab [31] ~149 KDa and anti-PD1 [32] compared
to non-sonicated brains in a glioma mouse model. UMBO plus 200 μg of the anti-PD-L1
biweekly treatment regimen was used to maintain the higher concentration of anti-PD-
L1 within the brain parenchyma. Immune checkpoint blockade with anti-PD-L1 was
performed on day 14 post-inoculation to allow for T-lymphocytes exhaustion [33].

UMBO stimulates detectable peripheral circulation of GL261 DNA [34]. Zhu et al.,
investigated the possibility of using UMBO for liquid biopsies in GBM models. They
detected that green fluorescent protein mRNA 20 minutes following UMBO in the GL261-
GFP expressing mouse model [35] supports the passage of tumor material from the brain
to blood flow stream. Consistent with our timepoint, another research group described
that UMBO increases cell-free DNA in time-dependent matter [36]. The priming effect
of circulating DNA could activate naïve T-lymphocytes through their exposure to new
antigens. BBB protects the tumor from T-lymphocytes infiltration and immune activation.
Therefore, detecting GL261 tumors in the peripheral circulation might activate the global
antitumor effect. Further functional analysis of lymphocyte activation should be performed
to evaluate any priming effect of UMBO.

Our results showing microglia activation in the UMBO plus anti-PD-L1 treated GL261-
bearing mice suggest a possible mechanism for the observed enhanced therapeutic efficacy
of anti-PD-L1. Our flow cytometry analysis confirms published data that showed a higher
ratio of Iba-1 staining in sonicated regions compared to the non-sonicated [37]. PD-L1
is expressed on the cell surface of both GL261 and microglia [38]. A possible effect on
microglia phenotype might be related to the combined effect of UMBO and anti-PD-L1
delivery to the brain parenchyma. Activated microglia might have a cytotoxic effect against
GL261 tumor cells [39]; therefore, further investigation of the activated microglia role in
GBM should be addressed.

To date, there is no clear evidence of the effect of UMBO on T-lymphocytes passage to
the brain. We did not observe any significant elevation in the percentage of CD8+ and CD4+

T-lymphocytes at one timepoint (~16 h). This effect might be related to the timing of sample
collection as we only evaluated our treatment regimen at one timepoint. We observed a
delayed antitumor effect in UMBO and anti-PD-L1 group which can be related to a delayed
effect on T-lymphocytes. Furthermore, we have not analyzed any subpopulations of CD8+

T lymphocytes i.e., PD-1+ CD8+ T-lymphocytes.
Syngeneic mice models and especially the GL261 mouse model used in our experi-

ments is a limitation of the current study. The GL261 mouse model: (i) has a high mutation
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load which is not consistent with GBM patients and (ii) a variability in terms of responses
to ICIs in vivo [33]. Another limitation is the inability to demonstrate functional analysis of
the role of UMBO in priming naïve T-lymphocytes through their exposure to new antigens.
Additional functional analysis of the effect of UMBO plus anti-PD-L1 would explain the
dramatic effect on OS that was observed in our study.

5. Conclusions

Our study showed statistically significant increased brain penetration and efficacy of
anti-PD-L1 in GL261-bearing mice when delivered by UMBO. We have also provided clear
evidence of the possible safe and effective delivery of large therapeutic agents using UMBO.
Further investigations are needed to confirm the impact of UMBO on brain penetration and
efficacy of chemotherapeutic agents and anti-PD-L1 to overcome the resistance of GBM to
the current treatments.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/pharmaceutics15020455/s1, Figure S1: Schematic representation
of LIPU procedure. (A) Graphical representation of LIPU generator set up. (B) Experimental timeline
for anti-PD-1 treatment with BBB disruption. (C) A quantitative analysis of Gd enhancement pre
and post UMBO in Gl261-bearing mice. (** p < 0.001); Figure S2: A representative gating strategy to
identify immune cell subsets in Gl261 bearing brains following treatments. Mice were perfused using
cold distilled phosphate buffer saline (DPBS) ~16 h after treatment. Tumor-bearing hemispheres
were isolated, dissociated. Samples were acquired on a spectral flow cytometer (Aurora, Cytek) and
analyzed by FlowJo software (FlowJo, LLC). Briefly, cells were selected based on their morphology,
doublets, and dead cells were excluded using (Biolegend, #423107) while tumor cells were excluded
based on their mKate expression. Monocytes (Ly6C+ Ly6G−) and neutrophils (Ly6C+ Ly6G+) were ex-
cluded from non-tumoral live cells using Ly-6C (Biolegend, #128036) and Ly-6G (Biolegend, #127617).
Microglia were identified based on their expression of CD11b+ and CD45low using CD45 (Biolegend,
#103131) and CD11b (Biolegend, #101255). Activated microglia were identified as CD68+ using
(Biolegend, #137003). F4/80 marker (Biolegend, #123117) was used to determine macrophages in
the CD45high CD11b+ cell population. CD206 marker (Biolegend, #141729) was used to distinguish
between subpopulations of macrophages. Lymphocytes CD4+ (Biolegend, #100541) and CD8+ (Bi-
olegend, #100737) were identified on the CD45+ CD11b− fraction of non-tumoral live cells. The
percentage of each subpopulation was calculated and used for comparisons; Figure S3: Quantitative
expression of PD-L1 in GL261 cell line and we have used Nfpp10 cell line as a positive control (left
figure). Immunofluorescence of PD-L1 expression in GL261 cell line. (* p < 0.05); Figure S4: None
of the treatments affected the body weight of GL261 bearing mice. Analysis of body weight shows
no significant changes on body weight following treatments. Dotted lines represent the days of
treatments; Figure S5: Heat maps of microglia gene signature (left figure) and antigen presentation
genes (right figure) used in data analysis in Figure 6A,C.
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Abstract: The presence of multi-drug resistant biofilms in chronic, persistent infections is a major
barrier to successful clinical outcomes of therapy. The production of an extracellular matrix is a char-
acteristic of the biofilm phenotype, intrinsically linked to antimicrobial tolerance. The heterogeneity
of the extracellular matrix makes it highly dynamic, with substantial differences in composition
between biofilms, even in the same species. This variability poses a major challenge in targeting drug
delivery systems to biofilms, as there are few elements both suitably conserved and widely expressed
across multiple species. However, the presence of extracellular DNA within the extracellular matrix
is ubiquitous across species, which alongside bacterial cell components, gives the biofilm its net
negative charge. This research aims to develop a means of targeting biofilms to enhance drug delivery
by developing a cationic gas-filled microbubble that non-selectively targets the negatively charged
biofilm. Cationic and uncharged microbubbles loaded with different gases were formulated and
tested to determine their stability, ability to bind to negatively charged artificial substrates, binding
strength, and, subsequently, their ability to adhere to biofilms. It was shown that compared to their
uncharged counterparts, cationic microbubbles facilitated a significant increase in the number of
microbubbles that could both bind and sustain their interaction with biofilms. This work is the first to
demonstrate the utility of charged microbubbles for the non-selective targeting of bacterial biofilms,
which could be used to significantly enhance stimuli-mediated drug delivery to the bacterial biofilm.

Keywords: microbubble; cavitation nuclei; Biofilm; microbubble targeting; cationic microbubble;
drug delivery; ultrasound drug delivery

1. Introduction

Biofilms present a multifaceted challenge to achieving a positive therapeutic outcome
in chronic infections, principally due to their competency as a physicochemical barrier to
treatment [1,2]. Biofilms are typically implicated in severe chronic infection and disease
such as in chronic wounds and cystic fibrosis, which represent an estimated global annual
expenditure of $281 and $7.5 billion, respectively [3]. Moreover, biofilms represent the
world’s leading cause of antimicrobial resistance, which a UK report anticipated would
lead to 10 million deaths worldwide by 2050 and a $100 trillion burden to the global
economy [4]. For these reasons, research pertaining to the development of novel antibiofilm
technologies and pharmaceutical agents has gained substantial momentum. Growing
research suggests that targeting the delivery of antimicrobial agents to biofilms may increase
their therapeutic potential [5–7] by increasing their local concentration to overcome the
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biofilm’s innate tolerance and reducing the negative systemic side-effects of antimicrobial
therapy [8,9]. To achieve greater control over drug delivery and enhance therapeutic
efficacy, the use of ultrasound responsive agents has rapidly become an important area of
research. Microbubbles (MBs) are small, gas-filled and shelled spherical particles, typically
between 0.5 μm and 10 μm in diameter [10,11]. The composition, application, and versatility
of MBs, as both ultrasound contrast agents in diagnostics and cavitation nuclei for drug
delivery, have been comprehensively reviewed elsewhere [11–18]. Briefly, the composition
of a microbubble shell is a key factor in determining the MB stability, biophysical effects in
response to ultrasound exposure, and therapeutic outcomes. Enhancing the localisation
of MBs to the target treatment site is acutely linked to their therapeutic efficacy. Some
strategies employed for targeted drug delivery and gene therapy with functionalised
MBs rely on the use of biochemical ligand-receptor targeting, acoustic radiation forces,
electrostatic charge, and magnetic manipulation [19–22].

Due to the heterogeneity of the extracellular polymeric substances (EPS) that constitute
the extracellular matrix of the biofilm, the identification of an appropriate, commonly
expressed target receptor has proved challenging [7]. Recent work has demonstrated that
microbubbles functionalised with an Affimer protein can be utilised to selectively target
the Staphylococcus aureus biofilm virulence factor, clumping factor A [23]. One potential
ligand target present in the extracellular matrix of clinically significant biofilms, such as
Pseudomonas aeruginosa, are lectins [24]; they are carbohydrate-binding proteins that play
an important role in mediating initial bacterial adhesion to surfaces for biofilm formation
and subsequent polysaccharide cross-linking in the extracellular matrix of biofilms [25]. A
significant limitation of this method of biofilm targeting, however, is that lectin receptors
have a very weak natural affinity for their carbohydrate ligands, making them a difficult
target in an already impervious structure [6,26]. The affinity that a ligand has for the
intended receptor also suffers from high variability across biological systems; this is a
widespread issue for ligand-receptor mediated specific targeting [27]. Importantly, authors
have previously outlined that such means of targeting may not be directly translatable to
other strains of the same bacterial species [6,23,25]. This naturally raises the issue of how
successfully this means of targeting can be implemented clinically, where multi-species
biofilms are abundant and specific strains often unidentified. Due to the challenges in
current research on specific ligand-receptor mediated targeting of bacterial biofilms, it
was the aim of this research to validate the use of a non-selective means of targeting the
bacterial biofilm. Regardless of constituent species or specific strains, bacterial biofilms
exhibit a net negative charge. This is owed to the ubiquitous presence of negatively
charged extracellular DNA and polysaccharide constituents of the biofilm extracellular
matrix, as well as highly negatively charged bacterial cell membrane components such as
teichoic acids and lipopolysaccharides [28,29]. It has been demonstrated for example, that
P. aeruginosa biofilms have a zeta potential (i.e., a measure of the electrostatic charge at the
biofilm’s surface) in the range of −20 mV [30].

The incorporation of cationic lipids allows MBs to electrostatically interact with neg-
atively charged molecules; this method has already been used to bind nucleic acids to
MBs for gene delivery [31,32]. An interesting point to note is that MBs augmented with a
charge have not been used as an explicit means to facilitate MB interaction with biofilms.
Recent work in this area has shown that cationic microbubbles can selectively localise in
tumour vasculature [33], which demonstrates the utility of electrostatic interactions as a
means of targeting regardless of the specific biomarkers present. In applications requiring
intravascular administration of MBs, non-specific interactions of MBs with endothelial
cells or blood constituents before reaching their target site would however be undesirable.
Therefore, the use of cationic MBs for non-selectively targeting of specific sites or features
is not well explored. For non-intravenous therapies however, such as the treatment of
superficial wound infections, utilising positively charged MBs can provide the means to
induce a prolonged MB-biofilm interaction unhindered. This application has been explored
in conjunction with the delivery of therapeutic gases such as nitric oxide (NO), which has
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shown to induce dispersal in P. aeruginosa biofilms [34,35]. The use of a non-selectively
targeted MB has demonstrated improved treatment efficacy by reducing the diffusion
distance between this highly reactive gas and the biofilm. While utility and success of
this cationic MB formulation and therapeutic approach have been demonstrated in other
work [36], the present study aims to outline the formulation and testing underpinning
its successful implementation. Herein, we hypothesised that cationic microbubbles could
therefore be utilised as a non-selective means of targeting bacterial biofilms to achieve
greater local concentration of MBs associated with and proximal to the biofilm and in turn
increase the efficacy of ultrasound-mediated antibiofilm therapy.

2. Materials and Methods

2.1. Production of MBs

Room air microbubbles (RAMBs) and NO-filled MBs (NOMBs) were produced as
previously described [36,37]. Briefly, 1,2-distearoylphosphatidylcholine (DSPC) (850365P,
Avanti, Sigma-Aldrich, Alabaster, AL, USA) and polyoxyethylene (40) stearate (PEG40s)
(P3440, Sigma-Aldrich, St. Loui, MO, USA) dissolved in chloroform were combined in
a 20 mL capacity and 23 mm inner diameter glass vial (15394769, Fisherbrand™, Fisher
Scientific, Dublin, Ireland) in a 9:1 molar ratio, using a 1 mL Luer lock glass syringe (1MR-
GT, S.G.E Gas Tight Syringe, Supelco, UK) to achieve a final lipid concentration of 4 mg/mL.
The chloroform was evaporated to obtain a dry lipid film; this was then rehydrated with
5 mL of degassed 0.01 M sterile phosphate-buffered saline (PBS) (P4417, Sigma-Aldrich,
Gillingham, UK). Each vial was placed on a stirring hotplate (Fisherbrand™, Isotemp™)
for 30 min at a temperature of 90 ◦C and at 700 rpm. Using a 120 W, 3.175 mm diameter
tip sonicator (20 kHz, Fisher Scientific FB120, Pittsburgh, PA, USA), the lipid suspension
was homogenously dispersed for 150 s at 40% power (48 W), with the sonicator tip fully
immersed in the liquid. Microbubbles were subsequently formed by placing the sonicator
tip at the liquid–air interface of the homogenised lipid suspension for 30 s at 70% power
(84 W). Upon completion of the second sonication step, the vial was placed immediately
into an ice bath to rapidly cool the MB suspension.

For the generation of nitric oxide microbubbles, the same sonication steps were per-
formed; however, the dry lipid film was reconstituted with PBS that was sparged with pure
nitrogen for 20 min [38]. Thereafter, a constant flow of nitrogen was used to purge air from
the headspace of the vial. The eNO generator (NitricGen Inc., Madison, WI, USA) was
used to flush 40 ppm NO at 1.5 L/min through the sparged PBS during the first sonication
step [39]. During the second sonication step, the flow of NO was maintained with the
needle placed at the interface between the fluid and the sonicator tip.

Cationic MBs (+) were produced by adding the cationic phospholipid 1,2-distearoyl-
sn-glycero-3-ethylphosphocholine (DSEPC) (Avanti Polar Lipids, Alabaster, AL, USA)
dissolved in chloroform to the DSPC and PEG40s mixture in quantities determined by the
desired molar ratio, final lipid concentration, and sample volume as described in other
research [36,37,40,41] (see Table 1).

Table 1. Stock concentrations, molar ratio compositions, and volumes used for neutral and
cationic MBs.

MB Composition DSPC PEG40s DSEPC

Stock concentrations (mg/mL) 25 10 10
Molar ratio

Uncharged 9 0.5 0
Cationic (+) 9 0.5 1

Preparation volumes (μL) to produce 2 mL of MB suspension
with a final lipid concentration of 4 mg/mL

Uncharged 210 75 0
Cationic (+) 190 68 57
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2.2. Development of Microfluidic Flow Cells for Creating Surfaces with Augmented
Electrostatic Charge

Flow cells were designed using Solidworks (Solidworks 2018, Dassault Systèmes,
France) and converted to DXF files, which were compatible with the software of a laser
cutting machine (Lasercut 5.3, HPC Laser Ltd., Yorkshire, UK). The flow cells were designed
to fit a 75 mm × 25 mm glass slide. The inlet and outlet ports were laser cut (LS1690, HPC
Laser Ltd., Yorkshire, UK) from a layer of 600 mm thick clear acrylic. Double-sided tape
(0.14 mm thick, 3M™ Double Coated Polyester Tape 9731, Self-Adhesive Supplies, Reading,
UK) was laid over the acrylic, and the channels were laser cut from the tape. A glass
substrate was then fixed over the double-sided tape (Figure 1). Untreated borosilicate glass
coverslips (0CON-161, 75 × 25 × 0.17 mm glass coverslips, Logitech, Glasgow, UK) were
used as an uncharged substrate in the flow cell. Quartz coverslips (Alfa Aesar™ Quartz
Microscope Slides, Fisher Scientific UK Ltd.) were instead used for creating flow cells with a
substrate having a negative electrostatic charge, as quartz becomes relatively anionic when
in contact with a solution (e.g., PBS) at pH 7.4 [42]. To ensure the flow cell was fluid-tight,
water containing a red food dye was pumped through the flow cell at increasing flow
rates until failure (i.e., corresponding to visible leakage) occurred. Two parallel channels
were used to increase the throughput of the device and allow comparative studies to be
performed with biofilms grown under the same conditions. A high aspect-ratio design was
used for the channel cross-section to provide relatively uniform wall shear stress over the
substrate surface.

Figure 1. Schematic diagram of microfluidic flow cell with main features highlighted. The flow cell
measures 75 × 25 mm (length × width), and the fluid channel is 0.14 mm high and 3.5 mm wide.
(A) Top view of the flow cell with a dashed red line indicating the centreline of the channel, which is
approximately 1.7 mm equidistant from the lateral walls of the channel. (B) Cross-sectional view of
(A) taken at the dotted black line, with ‘top’ and ‘bottom’ orientation indications (figure not to scale).

2.3. Assessment of MB Charge

The charge associated with each MB shell composition was assessed using a dynamic
light scattering apparatus (DLS; Zetasizer Nano ZS, Malvern Instruments, Malvern, UK);
MBs were prepared as outlined in the above protocol except for the second sonication
step. The lipid vesicles obtained from this process were diluted immediately prior to
measurement (30 μL in 970 μL) in 10 mM HEPES buffer. Samples were centrifuged at
10,000 rpm for 30 s to remove any formed bubbles which would not be compatible with
the measurement technique. Measurements were performed using the Smoluchowski
algorithm for up to 100 runs, with three measurements conducted per sample.

2.4. Determination of MB Binding Characteristics under Static Conditions

To determine if the incorporation of a positive charge into the MB shell can promote
contact with negatively charged surfaces, an artificially charged environment was created
for controlled preliminary testing. Firstly, a flow cell with an uncharged glass coverslip
was primed with PBS. Tubing (4 mm inner diameter, Masterflex Transfer Tubing, Platinum-
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Cured Silicone, WZ-95802-03, Cole Parmer, Saint Neots, UK) was fitted to the inlet and
outlet of the flow cell. Approximately 1 mL of each undiluted MB suspension was manually
injected into the flow cell via the tubing until the suspension was visible in the outlet tubing.
To prevent back flow of the MB suspension, the outlet tubing was then clamped to create a
seal. A total of 10 ‘before interaction’ images were acquired at 50 mm intervals from the inlet
(left) to the outlet hole (right), along the centreline of the flow cell channel. Images were
captured under bright field microscopy (Olympus, IX71), with a 50× (Olympus, LMPLFLN)
objective lens using a CCD camera (Hamamatsu ORCA-ER, C4742-80) and analysed in
accordance with Appendix A. The centreline of the channel was approximately 1.7 mm
equidistant from the channel side walls, as indicated in Figure 1, and was selected for MB
imaging purposes, as the wall shear stress acting over this region of the glass surface would
be relatively uniform. Each MB suspension was allowed to interact with the charged or
uncharged surface for 60 s; this interaction was facilitated by reversing the orientation of the
flow cell. This meant the neutral or charged surface was positioned to be the ‘top’ of the flow
cell, allowing MBs to passively float towards and interact with the surface. After 60 s, the
device was reoriented so the neutral or charged surface was again positioned at the bottom
of the flow cell; a further 10 ‘post interaction’ images were then captured and analysed in the
same way as previously described. A 60 s interaction period was selected as a representative
clinically viable treatment timescale for a topical administration; this also aligns with the
time taken for the majority of the MBs in suspension to passively float up towards the
surface. This procedure was repeated for three independent vials of each MB composition
with an uncharged and charged surface. The percentage change in MB interaction with each
surface was calculated using Equation (1); where V1 corresponds to the MB concentration
(in MB/mL) present before contact with the charged or uncharged surface was induced
(i.e., glass surface facing upwards), and V2 corresponds to the concentration of MBs that
remained in contact with the charged or uncharged surface after induced interaction was
stopped (i.e., glass surface facing downwards).

Equation (1): Percentage change in MB concentration.
[

Change in
MB concentration (%)

]
=

V2 − V1

V1
× 100 (1)

2.5. Assessment of MB Non-Selective Binding Strength under Flow

The mean wall shear stress exerted by the fluid flow over the channel substrate
was varied by adjusting the flow rate of fluid through the channel. The volumetric flow
rate required to generate a given mean wall shear stress was calculated by first deter-
mining the pressure drop along the channel length (for a given wall shear stress value).
The pressure drop was calculated from Equation (2) [43], where ΔP = pressure drop
along the channel (Pa), τ = mean wall shear stress (Pa), PW = wetted channel perimeter
(m) = 2 × channel width + 2 × channel depth (assuming the channel was completely filled,
PW = 0.00728 m), L = channel length (m) = 0.0655 m, and A = cross-sectional area of the
channel (m2) = 4.9 × 10−7 m2.

Equation (2): Pressure drop along the flow cell channel.

ΔP =
τ × Pw × L

A
(2)

The required volumetric flow rate was subsequently calculated from the pressure
drop along the channel using Hagen–Poiseuille’s law, which was corrected for calculating
volumetric flow rate within a rectangular channel [44], where Q = volumetric flow rate
(mL/min), ΔP = pressure drop along the channel length (Pa), DH = channel hydraulic
diameter (m) = 4 × cross-sectional area / wetted perimeter = 2.7 × 10−4 m, μ = dynamic
viscosity of water = 0.00089 kg/ms, L = channel length (m), and 0.2 is the correction factor
for a rectangular channel with a width of 3.5 mm and depth of 0.14 mm. The calculated
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volumetric flow rates required to achieve mean wall shear stress values of 0.1, 0.2, 0.5, and
1 Pa are shown in Table 2.

Table 2. Volumetric flow rates of PBS corresponding to mean wall shear stress values to be exerted on
MBs bound to the glass surface. The volumetric flow rates for each required mean wall shear stress
were calculated from the pressure drop along the channel using Equations (2) and (3).

Mean Wall Shear Stress (Pa) 0.1 0.2 0.5 1

Pressure drop along channel (Pa) 97.31 194.63 486.57 973.14
Volumetric flow rate (mL/min) 0.06 0.13 0.32 0.65

Equation (3): Hagen–Poiseuille’s law corrected for estimating flow rate in a rectangu-
lar channel.

Q =
ΔP × π × D4

H
128 × μ × L × 0.2

× 106

60
(3)

The MB concentration was assessed after increasing the mean wall shear stress acting
on the glass substrate to determine the MB binding strength to uncharged and anionic
substrates. The MB suspension was drawn into a 5 mL syringe (BD Luer Lock, 309649) and
manipulated by inversion to ensure homogeneous distribution of MBs. A second 10 mL
Luer Lock syringe (BD Luer Lock, SYR912) was filled with sterile 0.01 M PBS. Both syringes
were connected to the inlets of a three-way valve (Masterflex Fitting, polycarbonate, Three-
Way, Stopcock with Male Luer Lock, UY-30600-02, Cole Parmer, UK), with the outlet
connected to the flow cell through a segment of tubing. The tubing and flow cell were
primed with PBS before the MB suspension was pumped into the flow cell at a flow rate of
0.01 mL/min until the channel was filled. When the channel was full of MB suspension in
a 1:1 volumetric ratio with PBS, the flow cell was placed with the glass surface facing up
for 60 s to allow interaction of the MBs with the uncharged/charged surface. PBS was then
pumped through the channel at 0.01 mL/min for 90 s to remove any unbound or weakly
associated MBs.

After visual inspection confirmed MBs were stationary within the channel, ten images
were acquired at 5 mm intervals along the centreline of the channel. This ensured the
full length of the channel occupied by MBs was analysed, with a direct comparison of
the same areas of the channel before and after application of flow. PBS was pumped
into the flow cell for 15 s at a time, with flow rates of 0.06, 0.13, 0.32, and 0.65 mL/min
respectively, to achieve wall shear stress values shown in Table 2. After the application of
each flow rate, ten images at the same 5 mm positions along the centreline of the channel
were acquired after visual confirmation that MBs had become stationary. The procedure
was repeated in triplicate with both MB compositions in uncharged and charged flow
cells. Segmentation of individual MBs was not possible for this experiment as there was
significant clustering of the MBs. Therefore, in an adaptation of the method outlined in
Appendix A, the total percentage area covered by the MBs in each image was determined
by image thresholding and binarisation in ImageJ (NIH). The total area covered by MBs
obtained through thresholding was calculated for each set of 10 images at each flow rate
and for each MB composition. For each formulation, the mean area covered by MBs derived
from 10 images at each flow rate was normalised by dividing the mean area by the initial

area covered by MBs. This is represented by Equation (4); where
−
x corresponds to the

mean percentage area of MBs present in the channel after flow rates of 0.06, 0.13, 0.32, or
0.65 mL/min, respectively, were applied, and the mean percentage area of MBs present
in the channel prior to the application of flow is denoted as μ. The results of Equation (4)
equate the initial percentage coverage for each formulation to 100%, whilst providing the
proportional change in MBs due to the application of various wall shear stress values.
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Equation (4): Normalisation of percentage area covered by MBs.

[Normalised MB Area(%)] =

−
x
μ
× 100 (4)

2.6. Assessment of Non-Selective Interaction of MBs with P. aeruginosa Biofilms

P. aeruginosa (PAO1) biofilms were grown in Ibidi® dishes (μ-Dish 35 mm, glass bottom,
Thistle Scientific) for 24 h in wound constituent medium (WCM) at 37 ◦C as described
previously [36]. Biofilms were washed three times with sterile PBS to remove any planktonic
or weakly attached cells from the dish growth area. Biofilms were live/dead stained with
2.5 μM Syto9 (S34854, Invitrogen™, ThermoFisher Scientific) and 9 μM propidium iodide
(P3566, Invitrogen™, ThermoFisher Scientific) for 5 min and stored under foil to prevent
exposure to light. Excess stain was removed by washing with sterile PBS and visual
confirmation of biofilm’s presence was performed with fluorescence microscopy before the
application of MBs (using an EVOS M5000 optical microscope).

Cationic DSPC RAMB+ and NOMB+ and uncharged DSPC RAMB and NOMB suspen-
sions were diluted 1:5 (by volume) in sterile PBS and 1 mL of MB suspension was gently
pipetted onto the previously live/dead stained biofilm. Each MB formulation was tested in
triplicate using three independent biofilm samples (n = 18); the total MB-biofilm interaction
time was 60 s for each biofilm. After 60 s, the Ibidi® dish was held at a 45◦ angle and washed
from the top with 1 mL of sterile PBS three times; this ensured removal of MBs not interact-
ing strongly with the biofilm. Each biofilm was imaged with the EVOSM5000 microscope
(using a 20× Plan Fluor EVOS AMEP42924 objective); green fluorescent Syto9 was assessed
under light emission at 510 nm, gain of 5, light source intensity of 0.5, brightness of 0.5,
exposure time of 20 ms, and using a green fluorescent protein (GFP) LED cube (AMEP4653,
Invitrogen™, ThermoFisher Scientific). Red fluorescent propidium iodide was assessed
under light emission at 593 nm, gain of 5, light source intensity of 0.5, brightness of 0.5,
exposure time of 20 ms, 20× magnification objective, and using a red fluorescent protein
(RFP) LED cube. MBs were observed in brightfield to assess their localisation pattern, and
biofilm association was calculated as percentage area using ImageJ in an adaptation of the
steps outlined in Appendix A. Briefly, the brightfield images of MBs were isolated from the
combined biofilm-MB images. An automatic threshold was applied to the image before a
mask of each MB was created to eliminate the gas core. Based on the total area of the image,
the percentage area occupied by MBs was then calculated by the software.

2.7. Statistical Analysis

All data were assessed for normal distribution. For normally distributed data, both
paired and independent t-tests have been used to compare data depending on the rela-
tionship between variables. For multiple treatment conditions, a one-way ANOVA was
used to identify any significant difference between groups. All data were analysed and
plotted using Prism 8.4.3 (GraphPad), with a threshold value for significance of <0.05 where
* = p < 0.05, ** = p < 0.005, *** = p < 0.0005, and **** = p < 0.0001.

3. Results

The mean size, concentration, and zeta potential of each MB formulation immedi-
ately after production are shown in Table 3; the results are averaged from three replicates
with standard deviation of the mean shown where applicable. There was no statistically
significant difference between the size or concentration of each formulation of MBs, con-
sistent with previous work on neutral and cationic MBs [45]. Full data are shown in the
Appendix A (Figure A2).
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Table 3. The mean (n = 3) diameter with standard deviation, mean concentration, and mean zeta
potential with standard deviation of each MB formulation immediately after production.

Microbubble
Formulation

Mean
MB Diameter

(μm)

Mean
MB Concentration

(MB/mL)

Zeta Potential
(mV)

Uncharged RAMB 3.48 ± 2.28 5.63 × 107 −2.44 ± 2.60
Uncharged NOMB 2.85 ± 2.72 1.71 × 108

Cationic RAMB 5.25 ± 2.70 1.96 × 108 19.74 ± 0.95
Cationic NOMB 3.22 ± 1.74 2.69 × 108

3.1. Microbubble Binding Characteristics in Static Conditions

In testing which involved no flow of fluid through the channel after MB administra-
tion, cationic room air MBs (RAMBs+) showed a significant (p < 0.05) increase in surface
interaction compared to their uncharged counterparts (Figure 2). There was approximately
a 40% increase in surface-associated MBs. The results for room air MBs (RAMBs) demon-
strate that when the charged lipid is removed, the increase in surface interaction is lost.
With NO as the gas core of the MB, any effect of the charged lipid in promoting interaction
is removed. For both NOMBs+ (−25%) and NOMBs (−65%), there is an apparent net
repulsion of the MBs from a negatively charged surface.

Figure 2. Assessment of the change in surface-associated cationic RAMBs+ and NOMBs+ and
their respective uncharged equivalents after a 60 s interaction with either a negatively charged or
uncharged surface. The data show that the inclusion of the positively charged DSEPC lipid in the
shell of DSPC RAMB+, significantly increased the quantity of MBs that can maintain contact with a
negatively charged surface by 40%. For both NOMB and NOMB+ suspensions, there was a consistent
net loss of MBs that interacted with either surface, but this loss increased significantly in the presence
of a negatively charged surface. Approximately 65% of NOMBs failed to remain in contact with the
negatively charged surface, compared to a loss of 40% from the uncharged surface. This apparent
repulsion of NOMBs from the negatively charged surface is mitigated somewhat by the presence
of the cationic DSEPC lipid in NOMBs+, of which only 25% were lost from the negatively charged
surface and <10% were lost from an uncharged surface. Error bars represent the standard deviation
of the mean. * = p < 0.05, and **** = p < 0.0001.
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3.2. Assessment of MB Non-Selective Binding Strength in Dynamic Conditions

A large proportion of RAMBs+ (>75%) was able to sustain an effective interaction with
a negatively charged surface up to wall shear stress values of 0.5 Pa; in contrast, when the
charged surface was removed, there was a substantial loss of RAMBs+ (>40%) exposed to
the same wall shear stress (Figure 3). This attests to the relative strength of electrostatic
interaction of RAMBs+ with the negatively charged surface. In uncharged RAMBs and
RAMB+ suspensions, there was no statistically significant difference in their ability to
sustain an interaction with either a charged or uncharged surface. Contrary to the findings
of static binding experiments, NOMBs+ appear better able to maintain an interaction with
the artificially charged surface than RAMBs+; however, there was no significant difference
in between the charged and uncharged NOMBs or RAMBs’ abilities to sustain an interaction
with the negatively charged surface under increasing wall shear stress levels (Figure 4). At
1 Pa, >90% of RAMBs irrespective of formulation were flushed out of the system, indicative
that the non-selective interaction of room–air MBs with surfaces is non-permanent and
easily reversible. It should be noted in contrast that at 1 Pa, 72.9% of NOMBs+ were still in
contact with the negatively charged surface, compared to 41.4% with the uncharged surface.

Figure 3. Percentage of maximum area covered by MBs for uncharged RAMB (9:0.5 DSPC:PEG40s)
and cationic RAMB+ (9:0.5:1 DSPC:PEG40s:DSEPC). The total area covered by each MB composition
was assessed over 10 images, captured after the application of incremental wall shear stress values
from 0 to 1 Pa. Solid lines represent MB association with the uncharged surface; dashed lines represent
MB association with the negatively charged surface. RAMBs+ demonstrated the highest affinity for
the negatively charged surface, with no substantial loss of MBs in contact with the surface until
wall shear stress values > 0.2 Pa. All values were normalised by taking the percentage value of the
area covered by MBs at 0 Pa as the baseline maximum percentage area covered (100%). Error bars
represent the standard deviation of the mean.
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Figure 4. Percentage of maximum area covered by MBs for uncharged NOMBs (9:0.5 DSPC:PEG40s)
and cationic NOMB+ (9:0.5:1 DSPC:PEG40s:DSEPC). The total area covered by each MB composition
was assessed over 10 images, captured after the application of incremental wall shear stress values
from 0 to 1 Pa. Solid lines represent MB association with the uncharged surface; dashed lines
represent MB association with the negatively charged surface. Uncharged NOMBs interacted with the
uncharged surface as expected, with a rapid decline in MBs associated with the surface in response
to wall shear stress > 0.2 Pa. For both NOMB and NOMB+ suspensions, there was an accumulation
of MBs on the charged surface up to 0.5 Pa, with only 50% and 30% loss respectively in maximum
coverage at 1 Pa. All values were normalised by taking the percentage value of the area covered
by MBs at 0 Pa as the baseline maximum percentage area covered (100%). Error bars represent the
standard deviation of the mean.

3.3. Assessment of MB Interaction with P. aeruginosa Biofilms

Images of biofilms captured with fluorescence microscopy and MBs captured with
brightfield and epifluorescence microscopy have been overlaid in ImageJ to provide a
comprehensive visual representation of the interaction between MBs and the P. aeruginosa
biofilm (Figure 5). Visual inspection of the interaction between both cationic MBs+ and
uncharged MB suspensions with P. aeruginosa biofilms and the glass growth substrate
indicated that there was a low level of innate MB association to both strata irrespective
of net charge. As observed in Figure 5a, clusters of MBs were clearly associated with the
glass surface of the growth area, but there was no specific interaction with the distinct
areas of biofilm growth. In contrast, DSPC+ RAMBs exhibited a significantly (p < 0.001)
increased quantity of MBs (38%) (Figure 6), which appeared to be more highly localised
and non-selectively bound to areas of biofilm (Figure 5b). From visual inspection, there
also appeared to be a positive correlation between the quantity of bound MBs and depth
of biofilm growth; specifically, in areas where the biofilm is denser, there was a visibly
discernible increase in the aggregation of MBs (Figure 5b).
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Figure 5. Visual assessment of the interaction between uncharged DSPC RAMBs (a) and cationic
DSPC RAMBs+ (b) with a P. aeruginosa biofilm (stained with Syto9, green). Visual inspection confirms,
there is an increased level of non-selective binding of cationic DSPC RAMBs+ to defined areas
of biofilm growth, compared to a low level of residual uncharged MB interaction with the glass
growth surface and little to no association of uncharged MBs to defined areas of biofilm growth.
Scale bar = 25 μm.

Figure 6. The maximum average percentage area covered by each MB formulation, assessed by
analysing three independent biofilm samples for each of the four MB formulations tested. After
administration of MBs to biofilms and subsequent washing to remove all MBs with a weak or no
association to the biofilms, the average percentage coverage of the remaining MBs was 37% for
RAMBs+, 27% for NOMBs+, 11% for uncharged RAMBs, and 3% for uncharged NOMB suspensions;
error bars report the standard deviation of the mean. Quantification of MB coverage was assessed by
determining the percentage area that MB formulations covered in each image, which incorporated
both MB association to the P. aeruginosa biofilms and glass substrate of the Ibidi® dish growth area.
* = p < 0.05, *** = p < 0.0005, and **** = p < 0.0001.
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In this experiment, the innate level of uncharged MB interaction with biofilms and
growth surface was on average 10% for uncharged RAMBs and 2% for uncharged NOMBs
(Figure 6). Sharing consistency with binding experiments conducted in flow cells with
an artificially charged surface (Figure 2), RAMBs+ exhibited a significantly (p < 0.001)
increased level of association to the biofilm (38%) compared to all other formulations;
NOMBs+ were the second most effective (28%). The incorporation of cationic charge into
the NOMBs+ shell was shown to significantly increase (p < 0.005) their association with the
P. aeruginosa biofilms and glass substrate, when compared to both uncharged RAMBs and
NOMBs. There was an average decrease in non-selective NOMBs+ binding of 7% compared
to RAMBs+, but an average increase in NOMBs+ interaction of 16% and 24%, respectively,
over uncharged RAMBs and NOMBs (Figure 6).

4. Discussion

Due to the challenges in current research on specific ligand-receptor mediated target-
ing of bacterial biofilms, it was the aim of this research to validate the use of a non-selective
means of targeting the bacterial biofilm. We hypothesised that cationic microbubbles could
therefore be utilised as a non-selective means of targeting bacterial biofilms to achieve
greater local concentration of MBs associated with and proximal to the biofilm and in turn
increase the efficacy of ultrasound-mediated antibiofilm therapy. In order to assess this
research aim, a microfluidic flow cell was designed where a glass or quartz surface could
be bonded to an acrylic manifold (Figure 1). To provide an effective level of mechanical
support to the 170 μm thick glass surfaces used in these experiments (required to allow
high magnification microscopy), the manifold selected was a 6 mm thick clear acrylic.
This allowed each flow cell to be optically transparent, produced rapidly and precisely
by laser cutting, and be cost effective at a material cost of £0.83 per flow cell. Aqueous
solutions in contact with a solid surface can create charge on the surface depending on the
composition of the solid material and chemical properties of the solution; zeta potential can
be used as a measure of the relative charge created at this surface [46]. Borosilicate glass
coverslips bonded to the acrylic manifold generate a surface that does not create or sustain
a charge, making them a suitable representation of an uncharged surface. Conversely, a
quartz surface in contact with PBS at pH 7.4 has been shown to have a zeta potential of
approximately −40 mV [47], which provides a valuable artificial control for a surface with
a negative electrostatic charge. The artificially anionic and uncharged environments that
were created in the flow cell formed an essential proof of concept to determine the ability
of cationic MBs to interact with a negatively charged surface. It was important to first
characterise this interaction in an environment that is static and can be controlled to best
establish if there could be an effect before moving into more complex biological testing
on biofilms. This characterisation of interaction focused on inducing contact between
RAMBs+, RAMBs, NOMBs+, and NOMBs and either a negatively charged or uncharged
surface. Then, it was studied by inverting the device, creating ideal conditions for weakly
associated MBs to passively float away from the surface. As this method is carried out using
smooth surfaces with augmented charge, it strictly accounts for MB association induced
by electrostatic forces only. This is an important assessment as it provides a baseline for
the efficacy of incorporating charge as a means of non-selective targeting without overesti-
mation in the data caused by MB trapping at the surface due to variations in topography
intrinsic to biological samples such as biofilms. The zeta potential measurements in this
work were carried out on uncharged (DSPC:PEG40s) and cationic (DSPC:PEG40s:DSEPC)
MB formulations. As outlined in previous research [40], the measurement was performed
on samples that underwent only the first sonication step of the MB production process.
Microbubbles are inherently buoyant and will float during measurements in a DLS appa-
ratus, subsequently reducing the accuracy of the measurement. After the first sonication
step the sample contains a dispersion of nanoscale lipid vesicles (i.e., microbubble precur-
sors) that are neutrally buoyant, thereby making the measurement possible. Whilst this
approach makes the measurement easier to obtain and increases its accuracy, it has been
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shown that the electrostatic charge of microbubbles and of their precursor lipid vesicles of
the same formulation remain consistent [40]. Similarly, the purpose of this measurement
was to determine the relative charge created by the MB shell formulation only; therefore,
the sonication step was only performed in air. The DSPC:PEG40s:DSEPC cationic MB
formulation was shown to have a zeta potential of 19.74 ± 0.95 mV (Table 3), which is
congruent with other research that has produced cationic MBs with a zeta potential of
approximately 25 mV using similar sonication method, lipid composition, and molar ratios
employed in this work [40]. An indicative assessment of cationic MB charge has been
carried out elsewhere [41]; this work showed that the most frequently reported range of
MB charge was 15 mV to 40 mV; however, a higher reported charge of 60 mV was also
previously determined for a DSTAP:DSPC:PEG40s lipid-shelled MB used in gene delivery
to skeletal muscle.

The data for static interaction of RAMBs+ provided an insight into the efficacy of charge
as a means of non-selective binding; there was a significant increase of >40% in RAMBs+

associated with the negatively charged surface compared to the uncharged surface, which
affirms that the observed effect is due to interaction of the cationic MB and the anionic
surface (Figure 2). Uncharged RAMBs displayed no significant percentage increase in MBs
associated with the charged surface compared to the uncharged surface. This provides
evidence that the non-selective binding effect is explicitly caused by the incorporation
of DSEPC in the microbubble shell. Given this evidence that cationic MBs containing
DSEPC promote electrostatic interactions with anionic surfaces, it appears anomalous that
there was a greater loss of NOMBs+ from the negatively charged surface compared to
the uncharged surface. It was hypothesised that a NO-specific mediated interaction was
causing interference with the electrostatic interactions, consequently reducing the binding
efficacy of the charged MBs. Evidence for this effect is clear in the data for the interaction
of uncharged NOMBs with negatively charged surfaces; there was a highly statistically
significant difference between the number of NOMBs+ lost from the negatively charged
surface compared to the uncharged surface. It would therefore appear that the presence of
DSEPC effectively mitigates the repulsive effect seen in MBs with an NO core from anionic
surfaces, since 40% more DSPC NOMBs+ remained in contact with the charged surface than
DSPC NOMBs (Figure 2). In all experiments carried out in this research involving NOMBs
and negatively charged surfaces, there has been a demonstrably weaker attraction between
NOMB and negatively charged substrates compared to RAMBs, despite the incorporation
of a cationic moiety into the NOMB shell. Although NO is a highly reactive molecule
due to the presence of an unpaired electron, it is not an anionic molecule in either the gas
or solution phase [48]. However, under physiological and environmental conditions, the
bioactivity of NO is limited by its oxidation to the stable anionic products nitrite (NO2−)
and nitrate (NO3−), with nitrate being the prevailing oxidation product formed [49]. As
demonstrated in other research, it is highly likely that the repulsion of NOMBs from
negatively charged surfaces seen in these experiments is caused by the accumulation of the
anionic products NO2− and NO3− in solution [50–52]. The exception to this effect seen in
experiments conducted under flow to assess NOMB binding strength (Figure 4) is likely
due to the flow of PBS facilitating removal of oxidised products of NO, thereby reducing
the concentration of negative ions in the fluid and mitigating their interference with the
MB binding process. Building on this assumption, it would seem plausible that the loss of
NO from NOMBs by oxidation would render their utility as a means of inducing dispersal
in biofilms invalidated. However, in delivering a solution that invariably contains the
oxidative products of NO, we provide bacterial cells within the biofilm with an important
source of nitrate that can be recycled to form NO via bacterial nitrate reductases [53].

Research in this area has explored the antimicrobial effects of nitrite in solution [49];
this has been demonstrated in cystic fibrosis models of P. aeruginosa infection, where
a 3-log reduction in bacteria was seen after a four-day prolonged exposure to 15 mM
nitrite [54]. Further research in vitro has shown that the conversion of nitrite to NO is
potentiated in the presence of ascorbic acid, which is produced by clinically important
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species of bacteria such as P. aeruginosa and S. aureus and results in enhance bactericidal
activity [55,56]. Importantly, the impact of providing bacterial biofilms with sources NO3−
that can be reduced endogenously to NO by aerobically grown P. aeruginosa biofilms has
been characterised by Rodgers et al. [57], who have shown that low concentrations (100 nM
to 1 μM) of endogenous NO can induce biofilm dispersal. The presence of nitrite and
nitrate in the effluent of biofilms usually only occurs in mature biofilms (i.e., >5 days
old), at which point the endogenous production of NO induces dispersal of the biofilm
architecture [57]. Therefore, by providing biofilms with an abundant source of nitrite and
nitrate in the NOMB solution, there will be a corresponding upregulation in denitrification
and endogenous production of NO to more rapidly induce a major biofilm dispersal event.
The expedited endogenous production of NO in biofilms for dispersal may prove to be
an interesting avenue of exploration for future work in this area. The relative strength of
the electrostatic interaction between cationic MBs and an anionic surface was assessed by
exposing MBs in the flow cell to increasing levels of wall shear stress from 0.1 to 1 Pa by
altering the volumetric flow rate through the channel (Table 2). For physiological reference,
mean wall shear stress in large veins is typically <0.1 Pa, whilst it is higher in arterioles
at up to 8 Pa [58]. Previous research has demonstrated that wall shear stress values up
to 0.06 Pa could promote microbubble binding; however, there is a decline in attachment
after this point [25]. We hypothesised that in a similar manner, we would observe a
decline in surface-associated MBs in response to increasing wall shear stress levels. It was
confirmed that the dissociation of MBs from both charged and uncharged surfaces was
less pronounced at wall shear stress values up to 0.5 Pa, but occurred more rapidly from
0.5 Pa to 1 Pa for all formulations (Figure 3). Phospholipid-coated ανβ3-targeted MBs
used in endothelial cell targeting by Langeveld et al. remained attached to their target
under flow up to shear stress values of approximately 0.2 Pa [59]. There was a significant
reduction in the number of bound MBs from approximately 0.5 Pa, which is consistent
with levels of attachment and loss of cationic MBs under flow in this work. Interestingly,
Langeveld et al. also compared how the homogeneity of the ligand distribution affected
MB binding. They showed that MBs with a more homogenous ligand distribution had
a higher binding efficacy than those with a heterogenous distribution [59]; future work
in this area could investigate how the arrangement of lipids in a cationic MB may also
affect MB binding efficacy. In our investigation, both RAMBs+ and NOMBs+ were able to
remain in contact or continue accumulating on the negatively charged surface up to wall
shear stress values of 0.2 Pa and 0.5 Pa, respectively. This result would suggest that in
comparison to studies that have assessed the binding strength of ligand-targeted MBs under
increasing wall shear stress levels, the electrostatic interaction induced here can withstand
a greater level of wall shear stress before initial detachment begins [27,60]. These findings
are directly concurrent with work carried out by Edgeworth et al., who demonstrated that
MBs electrostatically attached to a surface remained bound up to wall shear stress values
of 0.66 Pa [61]. However, in the present study, RAMBs+ and NOMBs+ were reduced by
approximately 90% and 30%, respectively, of their maximum coverage surface at a wall
shear stress of 1 Pa (Figures 3 and 4); whereas, ligand-receptor targeted MBs have been
shown to withstand wall shear stress levels of up to 50 Pa [61]. It is important to note,
however, that this may not be an accurate representation of the MB binding and detachment
profiles that would occur in vivo. As most studies can only estimate the local site density
of the target receptor, there may be a significant over- or under-estimation in the data [27].

Though the microfluidic flow cells provided a valid and essential initial assessment
of cationic MB interactions with charged surfaces to be able to understand the interaction
between cationic MBs and biofilms more comprehensively, they were not fit for purpose.
Due to the difficulty in analysing biofilm architecture and MBs simultaneously and a lack
of translational applicability in terms of how MB suspensions would be applied clinically,
biofilms were instead grown in Ibidi® dishes that feature a 170 μm thick glass coverslip
growth area. This provided a means to grow biofilms on a surface where MB suspensions
could be applied topically under clinically relevant conditions. The data present the
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percentage area occupied by MBs in microscopy images (Figure 6) which were retained
after a three-step washing process to remove all weakly associated MBs. These data were
averaged across three independent biofilms to demonstrate consistency in MB binding
regardless of biofilm topography. The data shared a strong correlation with the effects
observed in flow cell experiments; RAMBs+ exhibited a significantly (p < 0.001) increased
level of non-selective association with the biofilm (38%) compared to all other formulations,
with NOMBs+ being the second most effective (28%) (Figure 6). Caudwell et al. showed
that the S. aureus specific binding Affimer AClfA1 conjugated with MBs, could achieve a
nine-fold increase in MBs bound to the biofilm over non-targeted control MBs [23]. The
authors note that utilising MBs in biofilm targeting has some limitations; principally, MBs
are inherently unstable over time and can be destroyed during injection/administration
processes [23]. Moreover, though there is great value in the specificity of the ligand for
targeting biofilms, a potential limitation of this interaction is that this specificity may be
highly variable between strains of the same bacterial species. However, this work sought
to overcome such a limitation by utilising the non-selective nature of cationic charge to
promote MB–biofilm interaction. In this work, the MB coverage as a proportion of the total
area in the image was assessed, as opposed to limiting the analysis to only the percentage
area of the biofilm covered by MBs. Though this includes MBs non-selectively interacting
with the glass surface of the growth area, it provides a more accurate representation of what
is likely to occur in vitro. By not eliminating MBs that were peripheral to the biofilm but
not directly associated, we gain a better understanding of the innate level of MB retention
due to varied surface topography. Moreover, even though they are not directly associated
with the biofilm, proximal MBs may still have a significant impact on the overall efficacy of
treatment due to the cavitation regimes induced upon exposure to ultrasound [13,62,63].
Specifically, fluid flows induced by microbubble cavitation (also known as microstreaming)
may potentiate local drug delivery by imparting greater shear stress on the biofilm to
increase permeability and enhance transport of chemical species [64,65]. As demonstrated
by Pereno et al. [65], microstreaming velocities can peak in the order of 1000 μm/s and be
maintained at 100 μm/s at distances > 1 mm from the source MBs cavitating in response
to a 1 MHz ultrasound stimulus. It is important to note that the reduced number of
surface-associated NOMBs in this experiment provides further support to the hypothesis
developed from flow cell experiments; there is a net repulsion between MBs with a NO
core and surfaces with a net negative charge, i.e., biofilms in this experiment. Evidence
to support this can be seen in the significant increase (p = <0.0001) in NOMB+ binding to
biofilms compared to their uncharged counterparts; it can thus be hypothesised that the
positive charge of the lipid in this instance is aiding the MB in overcoming the effect of
NOMB repulsion from the biofilm. There is still a significant amount of NOMBs+ bound to
biofilms when compared to uncharged RAMBs (p = <0.0005) and NOMBs (p = <0.0001),
which only cover a maximum surface area of 10% and 2%, respectively (Figure 6). These
data, coupled with the significant difference (p = <0.05) between NOMBs+ and RAMBs+,
add credence to the claim that the cause of this apparent repulsion is NO or more specifically
its anionic oxidised products.

5. Conclusions

It was the aim of this research to determine if cationic MBs could be used as a means
of non-selectively targeting the bacterial biofilm to achieve a greater local concentration
of MBs associated with and proximal to the biofilm and in turn increase the efficacy of
ultrasound-mediated antibiofilm therapy. The research aims were achieved by assessing
the binding affinity and strength of cationic MBs to uncharged and charged surfaces under
static and dynamic conditions within a flow cell capable of augmenting surface charge that
was developed in this research to facilitate the study of these interactions in a controlled
manner. Whereby, the addition of a cationic charge to the MB shell facilitated a consistent
increase in the number of MBs that could bind to a negatively charged substrate. This
interaction with a negatively charged substrate was shown to be sustained up to wall
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shear stress levels of 1 Pa, with cationic MBs remaining in consistently greater numbers
compared to their uncharged counterparts. Subsequent testing demonstrated the efficacy of
cationic MBs in significantly enhancing MB contact when applied directly to a P. aeruginosa
biofilm. This corresponded to a significant 26% and 24% increase in the number of RAMBs+

and NOMBs+, respectively, able to bind and sustain contact with the biofilm. This work
demonstrated for the first time that cationic MBs have the ability to increase proximity,
promote, and sustain contact with bacterial biofilms, validating their utility as a means of
non-selectively targeting the biofilm.
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Appendix A

Appendix A.1. Characterisation of MBs Size and Concentration

To assess the stability of uncharged and cationic MBs at environmental temperature,
three vials each of air MBs (control) and NOMBs were prepared. A 10 μL sample was
pipetted onto a Neubauer haemocytometer with a 0.2 mm thick cover slip placed on top;
samples were taken from each vial at intervals of 10, 20, 40, and 60 min after the initial read-
ing. Between the readings at each time point, the vials remained sealed with a polyethylene
cap on a bench at room temperature (21 ◦C ± 2 ◦C). The MBs were observed using bright
field microscopy (Olympus, IX71) with a 50× (Olympus, LMPLFLN) objective lens; ten
images were acquired at each time point for all vials using a CCD camera (Hamamatsu
ORCA-ER, C4742-80). The images were processed using ImageJ (Fiji) to determine the
MB diameter, size distribution, and volume. The contrast of each image was normalised
to differentiate between the white background and dark MB before the threshold was
automatically calculated by ImageJ to differentiate the MBs from the surrounding fluid
and identify individual MBs. The images taken had a width of 1344 pixels and a height
of 1024 pixels; in this experiment, 700 pixels equated to 100 μm. The area in pixels of all
particles was determined by using the set-scale function in ImageJ, using the dimensions
of the picture with a known distance on each image. The circularity threshold was set
between 0.7 and 1, which eliminated any debris from counting. MB concentration was
determined using Equation (A1); where, the number of MBs was the total number of MBs in
all the images (three vials, ten images per vial = 30 images per MB composition), b = length
covered in field of view (μm) = 192 μm, h = height covered in field of view (μm) = 146 μm,
t = thickness of MB suspension imaged on haemocytometer (μm) = 100 μm, number of
images = 10 images taken per vial, and number of vials = 3 vials per composition. The
post-production number of MBs per 5 mL vial was approximately 8.5 × 108.

Equation (A1): Calculation for determining concentration of MB/mL.

[Mean MB] =
No.of MBs

b × h × t × No.of images per vial × No.of vials
(A1)
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Figure A1. Image analysis protocol for determining size and concentration of MBs by optical
microscopy. Images were taken with a 50× objective; the scale bar represents a 20 μm distance in each
image. (a) Bright field image of MBs suspended in PBS. (b) Automatic threshold was applied to the
image. (c) A mask was created based on the thresholded image. (d) Watershed algorithm was applied
to count MBs which appeared to be touching as separate MBs (see red boxes in (c,d)). Only features
with circularity > 0.7 were selected to remove any cropped MBs. The area and diameter of each
MB were determined by calibrating a scale in which the number of pixels corresponds to a known
distance in μm; specifically in these experiments, 700 pixels corresponded to 100 μm; therefore, the
number of pixels per MB could be used to automatically calculate the dimensions of each MB in
the image.
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Figure A2. Size and concentration data for each MB formulation assessed at room temperature over
a 60 min period post-production. (Upper left): RAMBs+; (upper right): neutral RAMBs; (lower left):
NOMBs+; (lower right): neutral NOMBs.

Appendix A.2. Assessing Flow Cells for Leakage under Increasing Flow Rates

The flow cell was tested for any potential leakage, with both the quartz and borosilicate
glass coverslip bonded to the acrylic manifold. Our assessment verified that the flow
cells could maintain an effective sealing, i.e., did not leak, up to volumetric flow rates of
25 mL/min. The use of red food dye ensured any leakages from tubing or bleeding of fluid
into the tape would be clearly visible (Figure A3). All flow rates for experimentation were
kept below 1 mL/min, significantly minimising any risk of leakage during experimentation.
This provided confidence that the flow cells could sustain continuous flow over prolonged
periods of time, given that the typical flow rates used in these experiments were at a
maximum of 1 mL/min. As the biocompatibility of the flow cells was assessed for the
growth of P. aeruginosa biofilms, the leakage tests also verified that there was very little
risk of biohazardous material escaping from the flow cell. Due to the limitations of the
microscope used in the initial phase of this research, simultaneous visualisation of MBs
and biofilms was not possible. Therefore, the flow cell was only utilised as a means of
providing a smooth surface with an uncharged or anionic charge for the investigation of
cationic MB interaction under (i) static conditions to assess the level of passive electrostatic
interaction and (ii) flow to determine the relative binding strength of this interaction.
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Figure A3. Example of a flow cell subjected to leakage testing, which failed upon exposure to a flow
rate of 25 mL/min. There is indication of leakage of fluid and precipitation of the dye (red-orange
areas) into the tape bonding the glass substrate to the acrylic manifold. Scale bar is 1 cm.
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Abstract: In endothelial cells, microRNA-126 (miR-126) promotes angiogenesis, and modulating
the intracellular levels of this gene could suggest a method to treat cardiovascular diseases such as
ischemia. Novel ultrasound-stimulated microbubbles offer a means to deliver therapeutic payloads
to target cells and sites of disease. The purpose of this study was to investigate the feasibility of gene
delivery by stimulating miR-126-decorated microbubbles using gentle acoustic conditions (stable
cavitation). A cationic DSTAP microbubble was formulated and characterized to carry 6 μg of a
miR-126 payload per 109 microbubbles. Human umbilical vein endothelial cells (HUVECs) were
treated at 20–40% duty cycle with miR-126-conjugated microbubbles in a custom ultrasound setup
coupled with a passive cavitation detection system. Transfection efficiency was assessed by RT-qPCR,
Western blotting, and endothelial tube formation assay, while HUVEC viability was monitored by
MTT assay. With increasing duty cycle, the trend observed was an increase in intracellular miR-126
levels, up to a 2.3-fold increase, as well as a decrease in SPRED1 (by 33%) and PIK3R2 (by 46%)
expression, two salient miR-126 targets. Under these ultrasound parameters, HUVECs maintained
>95% viability after 96 h. The present work describes the delivery of a proangiogenic miR-126 using
an ultrasound-responsive cationic microbubble with potential to stimulate therapeutic angiogenesis
while minimizing endothelial damage.

Keywords: gene therapy; miRNA delivery; microRNA-126; microbubbles; sonoporation; passive
cavitation detection; ultrasound; endothelial cells; HUVEC; therapeutic angiogenesis

1. Introduction

Gene therapy is a treatment regime in which a specific cell-function-altering piece of
genetic material is introduced into target diseased cells. Typically, DNA, mRNA, siRNA,
and anti-sense oligonucleotides are the genetic materials used for this approach, either to
restore a specific gene function or to turn off a gene involved in pathogenesis. The first
authorized clinical trial for gene therapy was for Gaucher’s disease in 1988 (NCT00001234),
a lysosomal dysfunction. Mostly due to the fact that it commonly employs viruses to deliver
the genetic material, gene therapy was met with mixed success early on in its history [1]
owing to complications with the immune response, off-target side-effects, and unwanted or
neutral clinical outcomes [2]. Indeed, the critical challenge toward the advancement of this
approach is the delivery method itself, and key advances in this field have brought gene
therapy back into the spotlight. Nonviral vector approaches, such as systemically injected
liposomal constructs, are generally less immunogenic than their viral counterparts, and
they can gain target cell specificity through chemical/biological design. Generally, these
vectors are considered less efficient than viral vectors, likely due to the fact that they face
the endoluminal border and must escape early endosomes to deliver their payload.

More recently, microRNAs (miRs) have been employed in molecular therapeutics.
MiRs are noncoding RNA strands that may bind to multiple mRNA targets and modu-
late their expressions. Nearly three decades ago, the discovery of dysregulated miR in
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nematodes [3] allowed insight into a better understanding of disease development in a
wide array of pathologies [4–6]. The pleiotropic nature of miRs makes for a particularly
attractive choice for gene therapy, e.g., in applications of diseases with a multifactorial
origin [7]. Indeed, miR therapy is being explored preclinically in many areas, including can-
cer (e.g., pancreatic [8], breast [9], lung [10], and leukemia [11]) and cardiovascular disease
(e.g., cardiac hypertrophy [12], arrhythmia [13], cardiac fibrosis [14], and ischemia [15]).

With regard to the application of therapeutic angiogenesis for ischemia, miR-126 is a
potentially potent target. miR-126 is highly expressed in endothelial cells, and feasibility
studies have shown its role in modulating angiogenesis by repressing angiogenic repressors,
such as PIK3R2 from the Akt pathway and SPRED1 from the ERK pathway, to name a
few [16,17]. Indeed, in selecting a potential candidate technique for miR-126 delivery or
any other miR that has shown to be a major molecular regulator in cardiovascular disease,
there is particular interest in exploring ultrasound-based techniques, as echocardiography
is commonly clinically used to diagnose many cardiovascular diseases [18].

Ultrasound-sensitive agents, including clinically employed microbubble contrast agents,
provide an exciting alternative to more traditional nonviral vectors. Typically between 1 and
8 μm in diameter, microbubbles remain intravascular and are composed of a thin, flexible
lipid monolayer shell and vibrate when exposed to ultrasound [19]. Recent studies have
demonstrated that, under specific acoustic conditions, ultrasound-stimulated microbubbles
can temporarily alter vascular and cellular permeability, thereby providing an endocytosis-
independent pathway for exogenous drug delivery [20–23]. Indeed, as these microbubbles
only vibrate as they pass through an ultrasound beam, their activity is spatially and temporally
targeted, thus having the potential to limit off-target therapeutic deposition.

In microbubble-mediated gene therapy [24], the design of the microbubble is critical
to ensure sufficient loading capacity. One such approach is to synthesize microbubbles
with a surface charge to offer a means to attach genetic payload on the microbubble
surface, shown to deliver genetic material more efficiently than co-injected with neutral
microbubbles [25,26]. Such efficiency is conferred by protection against circulating RNases
in the bloodstream to increase the half-life of the short RNA strand, as well as increasing
the available genetic material around the tissue when it is coupled to a vehicle, as opposed
to free floating in the systematic circulation [27]. Additionally, the noninvasive nature of
the methodology allows for repeated treatment to further increase gene delivery efficiency,
as well as the ability to spatially target tissues of interest with focused ultrasound limits off
target responses [28].

Ultrasound-mediated microbubble behavior is commonly separated into two distinct
physical regimes [29]. If bubbles are exposed to acoustic pressures above a specific thresh-
old, they can rapidly expand and violently collapse during the compression of the transmit
pulse. This behavior, whereby microbubble disruption occurs, is dominated by the inertia
of the surrounding fluid and is typically termed inertial cavitation, accompanied by broad-
band spectral emissions. Indeed, miR-based delivery using ultrasound and microbubbles
has been shown via this acoustic regime, which does result in physical membrane perfo-
ration and enhanced cellular and vascular uptake of material [30–32]. In fact, numerous
studies have demonstrated the advantage of delivering miR or miR inhibitors through
inertial cavitation (typically referred to as ultrasound-targeted microbubble destruction;
UTMD) for specific applications, such as cancer cell ablation [30,33,34]. Other applications
of gene delivery through UTMD have shown success in preventing organ rejection [35],
treating cardiac hypertrophy [31], and even in promoting angiogenesis [32].

While shown to be an effective strategy, microbubble disruption (e.g., inertial cavita-
tion) may trigger severe, undesired bioeffects, including loss of cell viability [36], hemor-
rhage, or increased inflammation.

Another approach to microbubble-mediated ultrasound gene delivery, which has been
less explored, is to ensure a more controlled microbubble oscillation regimen. Generally,
bubbles driven by low-pressure ultrasound elicit repeated periodic, volumetric vibrations
about their equilibrium size, whereby they may oscillate spherically or non-spherically.
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Under specific acoustic conditions, these vibrations can enhance cell permeability due to
local fluid microstreaming and prolonged shear stress [37]. This regime is called stable
cavitation and is characterized by distinct harmonic scattered pressure emissions [29]. In
addition to limiting potential unwanted bioeffects, the prolonged fluid streaming and
physical presence of the microbubble may aid in intracellular therapeutic deposition.

Indeed, as the majority of investigations of ultrasound-mediated gene delivery rely
on bubble destruction, the novelty of this work presented here is via our intended goal
of demonstrating that modest levels of gene therapy can be achieved using gentle bubble
vibrations (stable cavitation without bubble disruption), with potential significance toward
the design of repeat treatment paradigms. This entails the synthesis of high-capacity gene-
loaded microbubble constructs that are clinically feasible in terms of stability, concentration,
nonlinear echo, and gene-loading concentration, followed by confirmation of small but
significant gene delivery so as to preserve cell viability and ensure successful modulation
of salient downstream protein expression and physiological endpoints.

In this present study, we aim to investigate ultrasound-mediated gene delivery using
stable cavitation, specifically in the context of therapeutic angiogenesis. First, we syn-
thesized and characterized a cationic lipid microbubble formulation decorated with an
miR-126 mimic. Next, we demonstrate that these microbubbles can be used to deliver
their miR-126 cargo within endothelial cells in a viable manner while undergoing stable
cavitation, monitored with passive cavitation techniques. Lastly, we assess the functional
and physiological endpoints of the miR-126 delivery.

2. Materials and Methods

2.1. Contrast Agent Microbubble Preparation

Cationic phospholipid-encapsulated microbubbles were synthesized via a modification of
an existing in-house formulation [38]. Briefly, the microbubbles were prepared from a lipid aque-
ous dispersion composed of 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC; Avanti Polar
Lipids, Alabaster, AL, USA), polyoxyethylene (40) stearate (PEG40S; Sigma-Aldrich, St. Louis,
MO, USA), and 1,2-stearoyl-3-trimethylammonium-propane (DSTAP; Avanti Polar Lipids, Al-
abaster, AL, USA). DSPC, PEG40S, and DSTAP (0.41:0.50:0.09) were dissolved in a solution buffer
consisting of PBS-EDTA (1 mM), propylene glycol and glycerol (0.80:0.15:0.05) at a concentra-
tion of 4 mg/mL. The lipid solution was then dissolved in a 20 kHz ultrasonic bath (Branson
Ultrasonics, Danbury, CT, USA) at 65 ◦C until a homogenous clear solution was observed.
Samples of microbubbles were formed by aliquoting 1.5 mL of this solution in glass vials and
sealed with a rubber stopper. The air from the vial was removed via vacuum and replaced with
perfluorobutane (C4F10; FluoroMed, Round Rock, TX, USA). To synthesize the microbubbles,
vials were allowed to reach room temperature to ensure consistent size distribution and scat-
tering activity [39], subjected to mechanical agitation using the VialMix™ (Lantheus, Billerica,
MA, USA) for the standard 45 s period, and then were set to cool down to room temperature
for 15 min. Vials were then decanted for 8 min to ensure the removal of large microbubbles,
and bubbles were withdrawn using a 1 inch 19G needle, along with another 19G needle for
venting purposes. Agent was consistently extracted from just below the rubber stopper to reduce
population variability. After decantation, 0.7 mL was extracted from the glass vial and the
microRNA-126 was added to the microtube for incubation. Microbubbles were washed as per
described in Wang et al. [25]. Briefly, the mixture was diluted to 1 mL with DEPC-treated diH2O
and centrifuged at 400× g for 3 min in a 3 mL syringe. The bottom 0.5 mL was discarded to
remove the smaller microbubbles, and the remainder of the solution was diluted in DEPC-treated
diH2O to fix the concentration to 109 microbubbles/mL for the experiments.

2.2. Microbubble Characterization

The size distribution, concentration, and stability of these in-house microbubbles
were quantified using a Coulter Counter (Multisizer 4e; Beckman Coulter, CA, USA).
Microbubbles were diluted 1:1000 in ISOTON II (Beckman Coulter) and sampled using
the 30 μm aperture, which enables an effective measurable size range of 0.6–18 μm. For a
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given vial, measurements were repeated every 20 min for up to 80 min post activation to
assess microbubble stability. For a subset of experiments, the zeta potential was measured
using a Zetasizer Nano ZS (Malvern Panalytical, Malvern, UK). Microbubbles were diluted
to a 0.2% solution within diH2O, and measurements were taken within 10 min of having
extracted the agent from the vial. For each of these measurements, at least n = 3 vials were
used for statistical purposes.

To confirm that our agent is acoustically active, the echogenicity of the microbub-
bles was measured with a clinical ultrasound system (model iU22 Philips Healthcare,
Andover, MA, USA) using a C5-2 probe. The microbubbles were diluted 10,000-fold in
gas-equilibrated diH2O and fed into a wall-less 0.8 cm diameter cardiac Doppler flow
phantom (model 523A, ATS Laboratories, Norfolk, VA, USA) at a velocity of ~14–16 mm/s.
The depth was fixed at 8 mm, and three videos were recorded in B mode and contrast mode
for 2 min. The signal-to-noise ratio (SNR) was plotted ± the standard deviation at different
timepoints following microbubble extraction from its vial.

2.3. miR-126 Loading Protocol and Characterization

To confirm gene coupling to the outer shell of our cationic microbubbles, a solution
of microbubbles was incubated at room temperature for 15 min with a red fluorescent
siRNA (Alexa Fluor 555 BLOCK-iT, Thermo Fisher Scientific, Waltham, Brea, MA, USA)
in a 1:1 proportion. These microbubbles were visualized using an RFP light cube from
the EVOS M7000 imaging system (Thermo Fisher Scientific). After confirming the cationic
nature of our microbubbles, we aimed to load our gene of interest miR-126 (hsa-miR-126-3p;
sequence: UCGUACCGUGAGUAAUAAUGCG; Thermo Fisher Scientific).

To quantify miR-126 loading capacity, the microbubbles were incubated with increas-
ing miR-126 concentrations (miR-126 input) at room temperature for 15 min on a tube
revolver rotator. These concentrations were fixed from 1 μg miR-126/109 microbubbles to
20 μg/109 microbubbles, where 20 μL of a RNA loading dye [40] was added to equal volume
of the miR-126 and microbubbles solution, and loaded in a 12.5% (19:1 acrylamide/bis-
acrylamide) (Thermo Fisher Scientific) urea PAGE [40]. A control lane where equal amounts
of miR-126 was diluted in DEPC-treated diH2O was also loaded next to each miR-126 con-
centration tested. We ran the gel at 65 V until separation of bromophenol blue (Sigma) and
xylene cyanol (Thermo Fisher Scientific). The gel was stained with a 1:10 000 solution of
SybrGreen II RNA gel stain (Thermo Fisher Scientific) in TBE buffer for 15 min. The gel
was imaged with on a G:BOX F3 (Syngene, Cambridge, UK), and the bands were analyzed
on ImageJ (U.S. National Institutes of Health, Bethesda, MD, USA). We assumed that the
bands observed corresponded to the unbound miR-126 (when loaded with microbubbles)
and were compared to the control bands (miR-126 with diH2O), which resulted in the
percentage of free miR-126 in the gel.

%free =
band intensity value of miR − 126 with microbubbles

band intensity value of miR − 126 in diH2O
. (1)

Lastly, the percentage of miR-126 bound was obtained with the following equation:

% bound = %100 − % free (2)

where we report here the mass of loaded miR-126 as

mass of bound miR − 126 = % bound × mass of miR − 126 input. (3)

These data points were plotted to find the plateau to determine the maximum achiev-
able mass of bound miR-126 per 109 microbubbles.
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2.4. Cell Culture

Primary human umbilical vein endothelial cells (HUVECs; No. C2519A, Lonza,
Verviers, Belgium) were cultured in medium (EGM-2, No. C3162, Lonza, Belgium) and
incubated at 37 ◦C and 5% CO2. For experiments, the cells were harvested with a 0.05%
solution of trypsin-EDTA (Wisent, QC, Canada) at 90% confluency and placed in a suspen-
sion within cell culture medium at a concentration of 500 k cells per mL. All experiments
were performed on HUVECs characterized by a passage number between 3 and 10.

2.5. Ultrasound Apparatus and Experimental Procedure

We employed a custom-designed ultrasound treatment tank in order to assess microbubble-
mediated miR-126 delivery to endothelial cells (Figure 1). The treatment tank was a 30 L plastic
container. It was filled with 15 L of gas-equilibrated diH2O, enough volume to submerge both
the transducers, but kept below the opening of the sample chamber. The water temperature
was maintained at 37 ◦C using an immersion heater circulator (VWR model 1120, Radnor, PA,
USA). The tank consisted of a sample chamber and two co-aligned single-element transducers. A
magnetic stir bar was placed inside the sample chamber, which is made of acrylic and sealed with
mylar windows (25 μm thickness) to allow for ultrasound transmission. The unit was placed on
a magnetic stir plate. Samples were prepared by incubating miR-126-loaded microbubbles with
HUVECs at a fixed ratio of 50 bubbles per cell. Placed within our warmed sample chamber, this
cocktail was constantly mixed using a magnetic stir bar to ensure homogeneous distribution of
the microbubbles and cells. After a 1 min wait to ensure equilibrium, the sample was treated
with ultrasound. The treatment transducer (1 MHz, f = 25.4 mm, f# = 1.33) was driven at 1 MHz
with 1000 cycles, varying pulse repetition intervals from 2.5–5 ms (duty cycles of 20–40%) at a
peak negative pressure of 52 kPa generated from an arbitrary function generator (AFG31000,
Tektronix, Beaverton, OR, USA) and amplified using an RF power amp (model 105A100B,
Amplifier Research, Souderton, AR, USA) for a treatment duration of 2 min. The acoustic
pressure was measured in free space within a separate water tank using a ‘bullet’ hydrophone
(HGL-0200, ONDA, Sunnyvale, CA, USA). The second transducer (3.5 MHz flat transducer,
Olympus) was used as a passive cavitation detector to record microbubble scattering, specifically,
to assess the presence of stable and inertial cavitation. Receive echoes were amplified (AU-1579,
0.7–200 MHz, MITEQ, Hauppauge, NY, USA), bandpass-filtered, and then digitized (Gage Razor
Express CompuScope, Lockport, IL, USA) for off-line analysis using custom MATLAB software
(Mathworks, Natick, MA, USA). The frequency-dependent transfer function of this receive circuit
was not determined; thus, all measurements are relative. Joint time–frequency analysis was
performed with a window size of 50 ms and a 90% overlap. A Hamming window was applied
to the RF data prior to obtaining the fast Fourier transform (FFT).

 

Figure 1. Experimental setup equipped with two co-aligned transducers for ultrasound-mediated

gene delivery to endothelial cells. The therapy transducer (1 MHz) focuses within a cell suspension
chamber, while the second transducer (3.5 MHz) is used for passive detection of bubble echoes.
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Following ultrasound treatment, the cells were transferred from the custom-designed
suspension chamber to a conical tube left at room temperature for 5 min to allow for
sonoporation recovery. These cells were then placed on ice until all the samples were
treated before washing three times at 220× g for 5 min at 4 ◦C per wash to remove the
remaining bubbles. The sham controls were handled similarly without ultrasound.

2.6. RT-qPCR

Immediately following the washes, the total RNA content of the cells was extracted
using a mirVana™ miRNA isolation kit (Invitrogen), and 10 ng RNA samples were used
for PCR. The primers were all purchased from Thermo Fisher Scientific, and, although
their sequences are proprietary information, their product numbers (PN) are listed. The
PCR primers used to generate cDNA were U6 (PN: 4440887 RT 001973) and has-miR-
126 (PN 4427975 39G01 RT 002228) on a thermal cycler (Applied Biosystems, Waltham,
MA, USA) set at 16 ◦C for 30 min, 42 ◦C for 30 min, and 85 ◦C for 5 min. RT-qPCR was
performed using TaqMan™ Fast Advanced Master Mix no UNG (Thermo Fisher Scientific)
on a QuantStudio™ 3 (Thermo Fisher) set at 95 ◦C for 20 s, then 40 cycles of 95 ◦C (1 s)
to 60 ◦C (20 s). The primers used for RT-qPCR were U6 (PN: 4440887 TM 001973) and
miR-126 (PN: 4440887 74A03 TM 002228). Relative miR-126 levels were calculated using
the 2(−ΔΔCt) method using U6 as the housekeeping control.

2.7. Viability Assay

Endothelial cell viability was measured after 2 days and 4 days, whereby 20,000 and
10,000 cells were seeded on 96-well dishes in triplicate. After washing the cells with PBS three
times, MTT reagent (Sigma) was added as per the manufacturer’s protocol. The absorbance
was measured on a Varioskan™ LUX microplate reader (Thermo Fisher Scientific) at 540 nm
after a 4 h incubation in 37 ◦C in 5% CO2 and solubilizing the formazan with DMSO (BioRad,
Hercules, CA, USA) for 10 min. Viability was assessed relative to sham controls.

2.8. Western Blotting

Following the washes after ultrasound treatments, cells were seeded on six-well
dishes and harvested 2 days later. Total protein was extracted using RIPA lysis buffer
(Alfa Aesar, Haverhill, MA, USA), and 20–30 μg of protein was loaded per lane in a 7.5%
acrylamide (37.5:1 acrylamide/bis-acrylamide) (BioRad) SDS-PAGE, 1.5 mm thick. We let
the gel run at 70 V for 30 min and 100 V until complete separation of the PageRuler™ Plus
prestained protein ladder (Thermo Fisher Scientific). The proteins were transferred on a
PVDF membrane overnight in Towbin buffer at 4 ◦C. The membrane was stained with
0.5% Ponceau S (Sigma) in 1% glacial acetic acid for 5 min to ensure proper protein transfer
and destained with TBS. Following blocking in TBS with 5% BSA (Wisent) for 1 h at room
temperature, the PVDF membrane was cut in three sections horizontally to separate the
target proteins according to their molecular weights.

The antibodies used for blotting were monoclonal anti-SPRED1 (Santa Cruz Biotech-
nology, Dallas, TX, USA), monoclonal anti-PI-3-kinase p85β (Santa Cruz Biotechnology),
and anti-GAPDH (Invitrogen), diluted in TBST-2% BSA for 1 h at room temperature. The
first section was cut at the 70 kDa band to probe the PIK3R2. The second section was cut
around the 40 kDa band (between the 35 kDa and 55 kDa bands) to probe the SPRED1 anti-
body. The last section was used to probe GAPDH. When we could not obtain a satisfactory
separation from ladder to cut the membrane between the 55 kDa and 35 kDa bands, the
membrane was only cut at the 70 kDa band. GAPDH was then probed first, stripped with a
mild stripping buffer (Abcam) for 5 min, and washed with PBS and TBS for 5–10 min twice
each. Blocking could then be repeated on this half membrane to probe SPRED1. The mem-
brane was then incubated in with goat anti-mouse IgG (H + L) HRP (Invitrogen) secondary
antibody diluted in TBST-2% BSA for 1 h at room temperature. PVDF blotted membranes
were labeled with Pierce ECL Western Blotting Substrate (Thermo Fisher Scientific) prior
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to imaging on an Amersham Imager 600 (GE Healthcare, Chicago, IL, USA). Bands were
analyzed in ImageJ.

2.9. Endothelial Tube Formation Assay

A growth factor-reduced Matrigel® matrix basement membrane (Corning, NY, USA)
was prepared on a 96-well dish according to the manufacturer’s protocol. Following the
washes, 2000 cells were seeded atop the Matrigel for 16 h. HUVECs were then stained with
Calcein-AM (Thermo Fisher) at 1 μg/mL and visualized on an epi-fluorescence microscope
at 488 nm (EVOS system, Life Technologies). Angiogenesis quantification was assessed by
AutoTube [41–43] on MATLAB.

3. Results

3.1. Characterization of DSTAP Microbubbles and miR-126 Loading

The microbubble size distribution is shown in Figure 2A, depicting a polydisperse popula-
tion with a peak volume-weighted diameter of 4.56 ± 0.32 μm. Stability tests, where measure-
ments were taken every 20 min, suggest nonsignificant (p-value = 0.313, n = 3) changes in mi-
crobubble diameter (Figure 2B) and concentration (1.01 × 109 ± 0.31 × 109 microbubbles/mL)
over 80 min. The size and concentration information reported here is consistent with clinically
employed agents [44–46].

Figure 2. Our stable microbubble formulation can be used for clinical contrast imaging.

(A) Volume-weighted size distribution with a concentration of (1.01 ± 0.31) × 109 bubbles/mL.
(B) Stability over 80 min. (C) Nonlinear contrast imaging of microbubbles in wall-less tissue phantom.
(D) SNR analysis of contrast signal over 22 min post-agent extraction.

Clinical contrast echo from the agent—which is indicative of nonlinear scattering of the
microbubbles—is shown qualitatively in Figure 2C and quantified in Figure 2D. The large
contrast signal-to-noise ratio of the agent remains relatively constant up to 22 min following
agent extraction from the sealed vial (62.95 ± 2.56 to 70.24 ± 2.76 dB). These data, along with
the concentration and stability properties, suggest its viability as a clinical agent.

In order to test the cationic nature of this in-house agent, as well as to provide evidence
for gene coupling along the surface of the microbubbles, Figure 3A highlights the surface
distribution of a surrogate fluorescence siRNA. It can be seen from this micrograph that the
fluorescent nucleic acid conforms to the outer surface (i.e., the shell) of the microbubbles.
Furthermore, the cationic nature of our agent was confirmed via assessment of the surface
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charge, which was determined to be +38.04 mV pre miR loading, decreasing to +27.60 mV
post miR loading (Figure 3B; p < 0.0002). To quantify this miR-126 carrying capacity, gel
electrophoresis was performed to compare the amount of free-miR-126 in diH2O compared
to unbound miR-126 from microbubbles at varying quantities of miR-126 (Figure 3C).
Binding capacity was determined from plotting a saturation curve (red) and the value
at which the curve plateaus is defined as the binding capacity. For our formulation, we
determined a loading capacity of 6 μg of miR-126 per 109 microbubbles (Figure 3D), which
is what we used for all subsequent experiments.

Figure 3. Gene coupling characterization results in 6 μg of miR-126 per 109 microbubbles. (A) Flu-
orescent siRNA localization on microbubble surface. Scale bar: 30 μm. (B) Surface charge before and
after coupling of 6 μg of miR-126 per 109 microbubbles. (C) Acrylamide/urea PAGE of miR-126 bind-
ing capacity on DSTAP: odd-numbered lanes show free miR-126 in DEPC H2O and even-numbered
lanes show unbound miR-126 after incubation with DSTAP. (D) Quantification of miR-126 binding
capacity on DSTAP. (***: p < 0.001).

3.2. Ultrasound-Mediated miR Delivery Using miR-126-Conjugated DSTAP Microbubbles

Ultrasound-assisted viable miR-126 delivery to endothelial cells via stable cavitation
was demonstrated in Figure 4. Figure 4A indicates a gradual increase in miR-126 levels,
from 1.482 to 2.326 relative to the sham control, with increasing duty cycle (n = 3 to 8,
p-values = 0.004, 0.02, 0.08, respectively). Our data indicate that, under this ultrasound
treatment regimen, endothelial cell viability is maintained (>95%) (Figure 4B; n = 6 to 24,
p-value nonsignificant). Further, as confirmation of functional delivery, we assayed the
protein levels of miR-126 target proteins SPRED1 and PIK3R2. These were downregulated
2 days following gene delivery; we observed a 4% to 33% decrease in SPRED1 with increas-
ing duty cycle (n = 3 to 4; p-value = 0.0345 at duty-cycle of 40%), while PIK3R2 decreased
from 36% to 46% with increasing duty cycle (Figure 4D; n = 3–4; p-values = 0.02, 0.008, and
0.003, respectively).
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Figure 4. Ultrasound-mediated miR-126 delivery results in viable physiologically relevant treat-

ment of endothelial cells. (A) RT-qPCR analysis of the relative miR-126 expression from treated
HUVECs. (B) Viability assessment of the cells 48 h and 96 h following ultrasound treatment by
MTT assay. (C) PIK3R2 and SPRED1 protein expression in treated HUVECs determined by Western
blotting. (D) Aggregate relative PIK3R2 and SPRED1 expression 48 h following HUVEC treatment.
(E) HUVEC tube formation assay, untreated and (F) treated at 20% DC. In aggregate, the tube net-
work increased by 22–26% and exhibited a 5–17% increase in branching nodes. Scale bar: 200 μm.
(*: p < 0.05, **: p < 0.01). Grey: sham, green: 20% DC, blue: 30% DC, magenta: 40% DC.

A second subset of treated cells were used to grow on Matrigel basement membrane
matrix, where endothelial tube formation was assessed 16 h after seeding. As can be seen in the
representative images shown in Figure 4E,F, tubule networks were significantly more complex
in miR-126-treated endothelial cells compared to sham control (Figure 4E). Specifically, tube
network increased by 22–26% and exhibited a 5–17% increase in branching nodes.

3.3. Passive Cavitation Detection

To confirm stable microbubble activity during treatment, the gene delivery setup
(Figure 1) was concurrently equipped with a passive cavitation detection transducer.
Figure 5A shows a representative example of the frequency spectrum at the beginning of
the 2 min treatment with microbubbles (30% duty cycle; black) overlaid with pure PBS
(blue). It can be clearly seen that, under this acoustic regime, microbubbles underwent
stable cavitation, as confirmed by narrowband signal power peaking at second, third, and
fourth harmonics (2, 3, and 4 MHz) and an absence of broadband emissions. Furthermore,
time–frequency analysis (Figure 5B,C) confirmed that microbubbles were undergoing stable
cavitation throughout the entire duration of the ultrasound treatment. Figure 5D depicts the
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cumulative spectral power from the stable (blue, solid line) versus inertial (black, dashed
line) cavitation frequency bands for a given sample. Figure 5E quantifies the total integrated
power for microbubble samples and PBS control, highlighting the virtual absence of inertial
cavitation and a statistically significant 13.5 dB in stable cavitation activity (p < 0.02).

Figure 5. Microbubbles undergo stable cavitation during gene delivery treatment. (A) The mi-
crobubble echo spectrum at the beginning of treatment (black line) as compared to a PBS only
control (blue line). (B) Time-frequency plots of the resulting cavitation echoes in PBS (control) and
(C) miR-126 loaded microbubbles. This time-frequency depiction clearly shows prolonged harmonic
content (stable cavitation) throughout the 2 min treatment, and the absence of any broadband spectral
emissions (inertial cavitation). (D) Quantification of the cumulative spectral power from the stable
(blue, solid line) and inertial (black, dashed-line) cavitation frequency bands over the total treatment
time of a given sample. (E) Quantification over all samples compared to PBS only controls. Asterisks
denote statistical significance (p < 0.02).

4. Discussion

In this study, we developed a methodology to deliver modest amounts of miR-126
to endothelial cells for the purpose of therapeutic angiogenesis. Our results demonstrate
that miR-126 can be successfully delivered intercellularly via ultrasound and microbubbles
in sufficient quantities to elicit downstream regulation of target proteins and a viable
physiological response.

It is perhaps worth noting that one of the limitations of the present study is that the
endothelial cells were treated in suspension, as opposed to within the more biologically rel-
evant monolayer configuration. This could have negatively affected transfection efficiency
because the cell morphology of these cells in suspension exhibited less surface area as
opposed to their adherent morphology and, incidentally, were less likely to interact with a
miR-126-decorated microbubble in the cell chamber. To address this in future work, another
nonadherent cell line could be investigated, such a endothelial progenitor cells [47], or cells
could be cultivated and treated under fluidic conditions more accurate mimic a vessel [48].
This arrangement, however, was chosen in order to position two co-aligned transducers
in such a way as to be able to passively record the acoustic emissions during treatment
(Figure 5). This is essential as it provides evidence of microbubble stable cavitation. Due
to the specific ultrasound parameters employed (e.g., long pulses), this would have been
challenging to conduct using a single transducer with active listening (pulse-echo).
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Indeed, while designing the ultrasound regimen, we focused on maintaining cellular
viability albeit at the expense of lower transfection efficiency in order to substantiate
the feasibility of microbubble-mediated gene delivery as opposed to other gene delivery
methods. For instance, in peptide-mediated miR-126 delivery to vascular endothelial cells,
Zhou and colleagues reached a 3.5-fold increase in miR-126 but reported cell death up to
20% at the highest peptide dose [49]. Indeed, by devising a microbubble-mediated miR-126
delivery treatment scheme that minimizes cell death, this enables the potential for repeat
treatments to further increase the transfection efficiency and enhance the effects of the
genetic payload [18,50].

Microbubble-mediated gene therapy, whether employing miRs or other nucleic acid
payloads, has been demonstrated in cancer and cardiovascular applications through cav-
itation regimes in which the bubbles undergo disruption (e.g., ultrasound-targeted mi-
crobubble disruption; UTMD [27]). Violent microbubble collapse initiated this way requires
strong acoustic forcing conditions, typically large peak-negative pressures [29]. While this
technique has shown promising results in gene deposition within the target tissue [51–53],
the bubble involution process can initiate high-speed liquid jets along with other cavitation-
based phenomena that may lead to localized endothelial bio-effects. Endothelial cell
damage and denudation have been reported in both microvessels [54,55] and larger vas-
culature, events which have been correlated to excessive inertial cavitation doses [54] (a
surrogate measure of inertial cavitation and bubble disruption [29]). Further, microvascular
hemorrhage and red blood cell extravasation associated with violent microbubble collapse
have also been observed [56–59], and recent reports have demonstrated the potential for
inertial cavitation to trigger endothelial apoptosis pathways [60]. As a consequence, our
treatment paradigm consists of a very low peak negative pressure and large number of
cycles, so as to encourage miR payload release from the cationic microbubble surface by sta-
ble cavitation—similar in principle to other drug-loaded microbubbles [61]. Indeed, as gene
delivery was achieved in the absence of broadband emissions and via these long duration
pulses, our results suggest that sustained gentle microbubble vibrations, radiation forces,
and agitation lead to delivery of miR-126, a combination that was persistent throughout
the 2 min treatment time (see Figure 5). The hypothesized drug delivery mechanism here is
two-stage. Firstly, long pulse-driven microbubbles can initiate prolonged lipid and cargo
release as compared to those driven by shorter pulses at a given pressure amplitude [62].
Secondly, microbubble translation and constant agitation decrease the average microbubble–
cell distance, which both aids in microbubble-mediated cell membrane perforation [63]
and lowers the distance over which the free miR mimic is required to diffuse to enter the
neighboring cell. It is also of interest to note that ultrasound has been shown to modulate
endocytosis activity [64,65]; however given the timescales of the miR-delivery performed
here, it is perhaps not likely to be the dominant mechanism [23].

5. Conclusions

We synthesized a miR-126-bearing microbubble agent with a gene loading capacity
of 6 μg per 109 bubbles, characterized by a bubble concentration, size distribution, and
stability similar to that of currently used clinical agents. Using a low-pressure, long-pulse
acoustic regime, we were able to show delivery of up to 2.3× in miR-126 to endothelial cells
compared to sham controls while maintaining cell viability, resulting in the expected physi-
ological behavior, including downregulation of angiogenic suppressor proteins SPRED1
and PIK3R2. Furthermore, simultaneous passive cavitation detection confirms that this was
a stable cavitation treatment, thus minimizing potential damage caused by more violent,
inertial cavitation approaches.
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Abstract: Sonoporation using microbubble-assisted ultrasound increases the permeability of a
biological barrier to therapeutic molecules. Application of this method to the round window
membrane could improve the delivery of therapeutics to the inner ear. The aim of this study was
to assess the safety of sonoporation of the round window membrane in a sheep model. To achieve
this objective, we assessed auditory function and cochlear heating, and analysed the metabolomics
profiles of perilymph collected after sonoporation, comparing them with those of the control ear
in the same animal. Six normal-hearing ewes were studied, with one sonoporation ear and one
control ear for each. A mastoidectomy was performed on both ears. On the sonoporation side,
Vevo MicroMarker® microbubbles (MBs; VisualSonics—Fujifilm, Amsterdam, The Netherlands)
at a concentration of 2 × 108 MB/mL were locally injected into the middle ear and exposed to
1.1 MHz sinusoidal ultrasonic waves at 0.3 MPa negative peak pressure with 40% duty cycle and
100 μs interpulse period for 1 min; this was repeated three times with 1 min between applications.
The sonoporation protocol did not induce any hearing impairment or toxic overheating compared
with the control condition. The metabolomic analysis did not reveal any significant metabolic
difference between perilymph samples from the sonoporation and control ears. The results suggest
that sonoporation of the round window membrane does not cause damage to the inner ear in a
sheep model.

Keywords: sonoporation; round window membrane; metabolomics; perilymph; inner ear

1. Introduction

Inner ear disorders are responsible for hearing loss, tinnitus, or vertigo. These patholo-
gies are common and can severely impact patients’ health. Hearing loss is the second
leading cause of disability worldwide after depression [1] and is the leading modifiable
risk factor for dementia [2]. The delivery of therapeutic drugs to the inner ear to treat
these pathologies is challenging. The inner ear is a fragile organ, encircled by a dense bone,
which offers limited access. Systemic delivery of therapeutic drugs is not an optimal admin-
istration route [3]. Indeed, its effectiveness is limited by the presence of the blood-cochlear
barrier, the high density of the peri-cochlear bone, and poor peri-cochlear vascularization.
Moreover, this administration route of therapeutics induces side effects, including, for
example, systemic administration of corticosteroids for diabetic patients.
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Intratympanic injection allows for better delivery of therapeutic drugs to the inner ear [4,5]
and results in fewer side effects compared with systemic delivery. Molecules injected in the
middle ear diffuse to the inner ear, mainly through the round window membrane (RWM),
and secondarily through the annular ligament, around the stapes [6,7]. The intratympanic
approach is commonly used to treat several diseases. For example, intratympanic injections
of gentamicin [8] and corticosteroids [9,10] are used to treat Meniere’s disease. Intratympanic
injection of corticosteroids is also used to treat sudden sensorineural hearing loss [11,12],
acoustic shock, tinnitus, and auto-immune deafness [13,14]. However, the effectiveness of
this approach is variable because the intratympanic delivery of drugs is not well controlled.
More efficient and targeted delivery methods are required to increase the local concentration of
antibiotics and corticosteroids in the endo-cochlear fluids while reducing off-target effects.

Alternative methods have been designed and validated to improve the delivery of
therapeutic drugs through the RWM to the hair cells of the inner ear and the spiral gan-
glion, such as drug-loaded nanoparticles [15–17], liposomal gels [18], and extracellular
vesicles [19]. Drug-eluting coating on cochlear implant electrodes [20], as well as perfusion
systems with micro-pumps or reservoirs connected directly into cochlear implants, are
also under investigation [21,22]. Other therapeutic strategies rely on the transduction of
therapeutic genes into target tissues using viral vectors [23]. To date, these approaches are
being validated in preclinical models or even undergoing clinical validation but are not yet
recommended to treat patients.

Recently, sonoporation-mediated drug delivery has shown great promise in improving
the efficacy of therapeutic drugs (e.g., chemotherapeutic drugs, therapeutic antibodies,
antibiotics, nucleic acids, etc.) by enhancing their local deposition and reducing off-target
effects [24]. Sonoporation uses a combination of high-frequency ultrasound (1–10 MHz)
and ultrasound contrast agents (i.e., gas microbubbles (MBs)). The acoustically mediated
volumetric oscillations of the MBs induce several local acoustic events near the biological
barriers (e.g., cell plasma membrane, endothelial barriers, etc.), thereby enhancing their
permeability for therapeutic molecules in a transient, localised, and non-invasive manner.
As such, sonoporation improves intra-tissue bioavailability, thereby increasing therapeutic
efficacy [25].

Recently, the permeabilization of RWM to fluorescent markers (Biotin-FITC, Texas-
red-labelled gentamicin) or therapeutic molecules (plasmid DNA, dexamethasone, and
insulin growth factor 1) using sonoporation has been successfully reported in vitro and
in guinea pig models [26–32]. These studies described acoustic protection when applying
dexamethasone [28,31] and a better uptake by vestibular hair cells when applying gentam-
icin [29]. The efficiency of acoustically mediated drug delivery depends on the application
route of ultrasound (e.g., transcanal or transcranial) and ultrasound parameters, including
the central frequency, the duty cycle, the acoustic intensities, and the exposure time [29,30].
No auditory damage or irreversible histological changes to the RWM related to sonopora-
tion have been reported [26,28–32]. In addition, no acoustically induced thermal toxicity
(threshold of 1.5 ◦C [33]) has been observed when the ultrasound parameters were perfectly
controlled [29,30]. However, metabolomics profiles of perilymph were not used in these
previous studies to confirm the absence of ototoxicity. Furthermore, while these studies
demonstrated that sonoporation could enhance the passage of therapeutic molecules to
the inner ear, guinea pig models were used. The guinea pig has substantial limitations as
a model of the human ear and RWM, as the RWM thickness is 10–15 μm [34], compared
with 70 μm in humans [35]. Sheep may be a more relevant large animal model for studies
of the human auditory system. The anatomical structures of the sheep’s inner, middle, and
outer ears are comparable with those of humans [36–39]. Similarities between the sheep
ear and the human ear have also been found in terms of the histological composition of
temporal bone structures [40], the anatomy and histology of the RWM [41], the auditory
spectrum [41], and the recording of auditory brainstem responses (ABRs) [42].

The objective of the present study was to assess the safety of sonoporation of the inner
ear in a sheep model. To achieve this objective, we assessed auditory function and cochlear
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heating and analysed metabolomics profiles of perilymph and plasma with and without
sonoporation of RWM.

2. Material and Methods

2.1. Animals and Housing

All six sheep were of the Ile de France breed (PIXANIM platform, INRAE, Nouzilly,
Centre Val-de-Loire, France). The mean age was 28 ± 4 months, and the mean weight was
60 ± 5 kg. Only female sheep (ewes) were used because their temporal bone is thinner
than that of rams, which facilitates drilling of the temporal bone. The auditory cortex
in sheep is mature by 12 months. For the reason that we expected large inter-individual
variability in the perilymph used for metabolomic analysis [43], each sheep served as its
own control, with one sonoporation ear and one control ear; sonoporation and control
ears were randomised across sheep. The number of sheep (n = 6) allowed for sufficient
statistical power for the metabolomic study. Indeed, this number has been shown to be
sufficient to demonstrate metabolomic changes in the perilymph following acoustic trauma
in sheep [44].

Twenty-four hours before the experiment, the sheep were isolated and fasted. The
animal study was reviewed and approved by the Animal Care and Regional Committee for
Ethics in Animal Experiments, Centre Val-de-Loire (APAFiS code #33161-2021091518241644)
in accordance with European Directive 2010/63/EU for animal experiments.

2.2. Sonoporation Protocol

The general procedure is presented in Figure 1. In the protocol, the six sheep were put
under general anesthesia, and plasma samples were collected. Furthermore, verification
of normal-hearing (NH) status was confirmed using ABRs. For the sonoporation ear, a
mastoidectomy was performed, and the promontory temperature was measured before
sonoporation. Furthermore, sonoporation of ultrasound-activated MBs was performed in
the middle ear. Promontory temperature and hearing thresholds were re-measured after
sonoporation. Finally, perilymph and plasma were collected after sonoporation. For the
control ear, a mastoidectomy was performed and perilymph was collected. At the end of
the experiment, all the sheep were sacrificed. The perilymph and plasma samples were
then subjected to metabolomics analysis.

Figure 1. Study protocol. (1) 6 sheep under general anesthesia. (2) Plasma sample after anesthesia
(before sonoporation). (3) Verification of NH status using ABR. (4) Sonoporation ear: a. Mastoidec-
tomy, b. Measure of promontory temperature before sonoporation, c. Sonoporation of ultrasound
activated MBs injected into the middle ear, and d. Verification of promontory temperature after
sonoporation. (5) Verification of hearing thresholds. (6) Perilymph and plasma sampling. (7) Control
ear: mastoidectomy. (8) Perilymph sampling before sacrifice of the animal. (9) Metabolomic analysis
of the samples.
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2.2.1. Surgery

Under general anesthesia (inhalation of isoflurane at 3% and intraveinous ketamine
injection at 10 mg/kg), the sheep were intubated and placed in the lateral decubitus position.
A surgery similar to a human mastoidectomy was performed. The mastoid of the ewe
is unventilated and does not contain mastoid cells. The mastoid was milled following
the external auditory canal, taking care not to damage the lateral sinus posteriorly or the
temporal meninge superiorly. Once the middle ear was reached, the ossicular chain was
respected, and the milling continued posteroinferiorly to open the hypotympanic bulla and
to reveal the RWM. Direct visualisation was possible by sacrificing the facial nerve and the
pyramid (Figure 2).

 

Figure 2. Visualization of the round window membrane (RWM) and anatomical structures of the
middle ear after mastoidectomy on a left ewe ear. Spatial orientation is shown with anterior (ANT)
and superior (SUP) localizations. mm: millimeters.

2.2.2. Ultrasound Treatment

As previously described [45], Vevo MicroMarker® MBs (VisualSonics—Fujifilm, Am-
sterdam, the Netherlands) are composed of a mixture of nitrogen and perfluorobutane
gases encapsulated in a thin and flexible monolayer of phospholipids. MBs were prepared
according to the manufacturer’s instructions (with 1 min of hand stirring and 10 min
of resting at room temperature) and then diluted 10 times to reach a concentration of
2 × 108 MB/mL. This MB concentration is similar to that exploited in previous sonopora-
tion studies of the inner ear, which used phospholipid MBs (SonoVue®, Bracco Group,
Milan, Italy) [28,30,32]. A solution of MBs with an average volume of 886 ± 421 μL (range:
420–1680 μL, depending on the size of the mastoidectomy) was injected into the middle
ear. No leakage of MBs through the eustachian tube was observed under an optical
microscope before or during sonoporation.

Ultrasound waves were generated using a single-element lab-made transducer with a
center frequency of 1.1 MHz, which was introduced into the mastoidectomy cavity. The
transducer had a diameter of 20 mm and was naturally focused at 30 mm. The transducer
was connected to a degassed, water-filled cone to ensure coupling with the RWM (Figure 3).
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Figure 3. Diagram of the sonoporation of RWM. After surgical mastoidectomy, MBs solution (in
green) was injected in the middle ear and ultrasound were applied using an ultrasound probe
connected to a degassed water-filled cone. Promontory temperature was measured before and after
sonoporation using a thermal probe (in orange). M: Malleus, U: Uncus, S: Stapes, RWM: Round
window membrane.

The RWM was exposed to 40 cycles of 1.1 MHz sinusoidal ultrasound waves repeated
every 100 μs (i.e., 40% duty cycle) at a peak-negative pressure of 300 kPa for 1 min. This
ultrasound sequence was repeated three times, with 1 min between each application to
prevent tissue heating. No stirring method was used during sonoporation. For the control
ear, MBs were not injected, and ultrasound waves were not applied. At the end of the
procedure, the animals were euthanised by an intravenous injection of a lethal dose of
Doléthal® (15–20 mL; Laboratoire Vetoquinol, Lure, France).

2.3. Assessment of Auditory Function

Auditory thresholds were assessed using ABRs (NavPRO ONE Bio-logic®, Otometrics,
Natus Medical Inc., Middleton, WI, USA), with stimulation via a B71W bone transducer
and responses recorded via subcutaneous needle electrodes. The stimuli were clicks at
a modulation frequency of 30.7 Hz. Auditory thresholds were measured from 50 dB
(transducer’s limit) to 20 dB, with 40 dB of contralateral air-conduction masking. Response
waves I–IV were obtained. The threshold of disappearance of wave IV was measured,
and wave IV latencies were calculated. Note that no wave V is found in sheep. ABRs
were recorded bilaterally at the beginning of the procedure and after sonoporation in the
sonoporation ear.

2.4. Temperature Measurement

A Dotsmann® P655-LOG digital thermometer with a Pt100 thermocouple was used
to measure cochlear heating. The device was calibrated according to the manufacturer’s
instructions and has an accuracy of ±0.05 ◦C from −200 ◦C to +200 ◦C. The thermocouple
was placed in contact with the promontory to measure cochlear heating. The thermal
measurement was performed twice on the sonoporation ear: (1) after mastoidectomy
but before sonoporation and (2) immediately after sonoporation and aspiration of the
MB solution (i.e., 5–10 s after sonoporation ended). With this method, the ultrasound
beam did not interact with the thermocouple, inducing no artifact upon the temperature
measurement. The light of the surgical microscope was turned off at the end of the
mastoidectomy and after MB aspiration to limit artificial overheating.
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2.5. Metabolomic Analysis
2.5.1. Sample Collection

Perilymph sampling was performed for the sonoporation and control ears through
the RWM. After incision of the RWM with a 22G needle, the perilymph was collected by
capillary action (Microcap 15 μL, length 54 mm, Drummond®) to obtain at least a volume of
1 μL. A 5 mL blood sample was collected after induction of anesthesia (before sonoporation)
and a second sample was collected immediately after the sonoporation procedure. The
samples were collected in heparinised tubes and immediately centrifuged (1509× g at
4 ◦C for 13 min), and the plasma was collected. All samples were collected in 2 mL
polypropylene tubes and placed on dry ice before being stored at −80 ◦C. The procedures
were all performed in the morning to avoid a possible bias related to the nychthemeral
cycle of the perilymph composition.

2.5.2. Sample Analysis

The samples were prepared as described by Mavel et al. [46]. Briefly, a volume of
400 μL of methanol is added to 50 μL of perilymph or plasma in order to extract metabolites.
The samples were stirred for 5 sec and then incubated at −20 ◦C for 30 min to deproteinise
them. After centrifugation (4193× g at 4 ◦C for 25 min), the supernatant (350 μL) was
collected and evaporated with a SpeedVac concentrator (Labconco Corporation, Kansas
City, MO, USA) at 40 ◦C. The dry residue was resuspended in 100 μL of methanol/water
(75/25) and then 5 μL of the sample was injected into the liquid chromatography column
for analysis.

As described by Diémé et al. [47], the analyses were performed on an UPLC Ulti-
mate WPS-3000 system (Dionex, Germering, Germany) coupled to a Q-Exactive mass
spectrometer (Thermo Fisher Scientific, Bremen, Germany). Liquid chromatography (LC)
was performed at 40 ◦C using two modalities: HILIC (Hydrophilic Interaction Liquid Chro-
matography) and C18, using complementary stationary phases. Ionisation was performed
in the positive electrospray mode (ESI+) for C18 and HILIC and the negative electrospray
mode (ESI-) for C18, thus giving results in three modalities. Two mobile phases were
used, and the chromatographic gradients were run at a flow rate of 0.3 mL/min. During
acquisition, the instrument was operated at a resolution of 70,000 (m/z = 200). The succes-
sive use of LC and High-Resolution Mass Spectrometry (HRMS) allowed the separation
of compounds from each sample according to their retention time in the LC column for
each of the three modalities and according to their molecular weight, allowing for the
identification of a peak intensity for each compound.

Identification of metabolites from each sample was performed using an MSML®

standard compound library (Mass Spectrometry Metabolite Library of Standards: IROA
Technologies™, Sea Girt, NJ, USA). To identify the metabolites, several criteria were used:
the retention time of the metabolite had to be within 20 s of the reference, and the molecular
weight had to be within 10 ppm of the reference. The signal intensity value was calculated
using Xcalibur® 2.2 software (ThermoFisher Scientific, San Jose, CA, USA) by integrating
the chromatography peaks corresponding to the selected metabolites.

The stability of the LC and mass spectrometry instruments was assessed by multiple
quality control (QC) samples obtained from a 10 mL pool of an equal volume mixture of
all samples analysed. QCs were analysed at the start of the assay, then every 10 samples,
and at the end of the assay. Coefficients of variation (CVs, defined as standard devia-
tion/mean × 100) were calculated for each metabolite found in the test and control samples.
Metabolites with a CV QC > 30% or >the sample CV were considered false positives and
excluded from further analysis.

2.6. Statistical Analysis
2.6.1. Statistical Analysis of Auditory Function

Statistical analyses were performed using Prism 9® version 9.4.1 (GraphPad Software
©, Inc., Boston, MA, USA). A two-sided non-parametric Wilcoxon matched pairs signed
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rank test with a 95% confidence interval was used to compare the wave IV thresholds and
latencies of the sonoporation ear before and after sonoporation. Latencies were analysed
using a one-way analysis of variance (ANOVA) with three factors: the sonoporation ear
before sonoporation, the sonoporation ear after sonoporation, and the control ear. For all
tests, a p-value < 0.05 indicated a significant difference. A significantly higher threshold or
longer latency after sonoporation indicated a deterioration in hearing.

2.6.2. Statistical Analysis of Temperature Measurements

Statistical analyses were performed using Prism 9® version 9.4.1 (GraphPad Software©,
Inc., Boston, MA, USA). Temperature measurements were compared using a two-tailed
non-parametric Wilcoxon matched-pairs signed rank test with a 95% confidence interval. A
p-value < 0.05 indicated a significant difference.

2.6.3. Statistical Analysis of Metabolomics Samples

Statistical analyses were performed using R® software version 4.2.1. (Bell Laboratories,
Inc., Windsor, WI, USA) The data collected in the three modalities were pooled. In cases of
redundancy in the identification of metabolites, the modality with the lowest CV QC was
chosen for the analysis.

Analyses of the metabolites were conducted using multivariate and univariate analysis.
Unsupervised multivariate analysis consisted of a principal component analysis (PCA) to
(1) assess the distribution of the samples, (2) group similar samples, and (3) identify outliers.
The PCA represents the main directions in which the samples vary. The main dimensions
(p1, p2, and p3) explained the maximum variance of the samples. Conventionally, p1 and
p2 are used for graphical representations and can be used to summarise a large amount of
data into a two-dimensional space.

Supervised multivariate analysis in Partial Least-Squares Discriminant Analysis (PLS-
DA) was used to identify a predictive model to differentiate groups by constraining the
samples to their own group. The significance of the model established was assessed by
two p-values: pR2Y and pQ2; the model was significant if these p-values were <0.05. The
predictivity of the model was evaluated by the value of Q2, which must be >0.5. This
supervised analysis determined a VIP (Variable Importance in Projection) for each metabo-
lite, which summarised the importance of each metabolite in the predictivity of the model.
Metabolites with a VIP > 1 were retained, and metabolites significantly impacting metabolic
pathways were sought using MetaboAnalyst V5.0 (www.metaboanalyst.ca, accessed on 22
January 2023).

Univariate analysis was performed using paired Student’s t-tests for each metabolite,
assuming a normal distribution. A False Discovery Rate (FDR) method was used to adjust
p-values for multiple comparisons. Metabolites with adjusted p-values < 0.05 were consid-
ered to be significantly altered between groups. If metabolites were significantly altered,
MetaboAnalyst V5.0 was used to search for significantly impacted metabolic pathways.

Each significant pathway found after multivariate or univariate analysis was examined
for relevance and consistency with pathophysiological hypotheses.

3. Results

3.1. Evaluation of Auditory Thresholds

ABR was used to assess the hearing function of all sheep. Figure 4 shows the results
of the recordings for sheep #5, as an example.

The mean threshold for wave IV was 23.3 ± 5.16 dB before sonoporation, 25.0 ± 5.47 dB
after sonoporation, and 23.3 ± 5.16 dB for the control ear. ABR thresholds are presented in
Table 1. For all sheep, thresholds were unchanged, except for sheep #3, where the wave IV
threshold increased from 20 dB before sonoporation to 30 dB after sonoporation. A Wilcoxon
matched-pairs signed-rank test did not show any significant changes in thresholds after
sonoporation compared with before sonoporation (p > 0.99; W = −1.00) or to the control ear
(p > 0.99; W = 1. 00).
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Figure 4. Representative measurement of bone conduction ABR for sonoporation side (right ear)
before (A) and after sonoporation (B) and control side (left ear) (C) for sheep #5. Wave IV can be
clearly observed and was not modified by sonoporation.

Table 1. ABR thresholds of wave IV detection are presented for each sheep before and after sonopo-
ration session and for control side.

Thresholds (dB)
Sheep Before Sonoporation After Sonoporation Control

#1 30 30 30
#2 30 30 30
#3 20 30 20
#4 20 20 20
#5 20 20 20
#6 20 20 20

Latency measurements at 30 and 20 dB are presented in Table 2. Wilcoxon matched
pairs signed rank tests showed no significant differences in latency before or after sonopo-
ration at 30 dB (p = 0.34; W = −10.00) or 20 dB (p = 0.25; W = −6. 00). A one-way ANOVA
of the 30 dB latency data showed no significant difference in latency before sonoporation,
after sonoporation, or to the control ear [F(2, 17) = 0.8; p = 0.457]. A one-way ANOVA of the
20 dB latency data showed no significant difference in latency before sonoporation, after
sonoporation, or to the control ear [F(2, 10) = 0.8; p = 0.479].

Table 2. Latency measurements for Wave IV in milliseconds (ms) at 30 and 20 dB for each sheep
before and after sonoporation, and for control side. # indicates missing values.

Sheep Measurement 30 dB 20 dB

#1
Before sonoporation 4.49 #
After sonoporation 5.22 #

Control side 5.24 #

#2
Before sonoporation 4.9 #
After sonoporation 4.75 #

Control side 4.82 #

#3
Before sonoporation 4.74 5.10
After sonoporation 4.75 #

Control side 4.61 5.10

#4
Before sonoporation 4.36 4.59
After sonoporation 4.35 4.85

Control side 4.77 4.88

#5
Before sonoporation 4.69 5.15
After sonoporation 5.10 5.40

Control side 4.49 4.84

#6
Before sonoporation 4.83 5.08
After sonoporation 4.93 5.50

Control side 5.03 5.39
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3.2. Temperature Measures

The mean temperature measured at the promontory was 33.8 ± 3.65 ◦C and
34.0 ± 3.57 ◦C before and after sonoporation, respectively. A Wilcoxon matched pairs
signed rank tests showed no significant increase in temperature after sonoporation
(mean difference = 0.21 ± 0.47 ◦C; p = 0.438; W= −9.00).

3.3. Metabolomics Analysis of Perilymph
3.3.1. Perilymph Composition

Metabolomic analysis with LC-HRMS found 201 metabolites, of which 84 were de-
tected in C18 Negative Mode, 63 in C18 Positive Mode, and 107 in HILIC Positive Mode.
After the selection of duplicates and the exclusion of metabolites with QC CVs > 30% or
>sample CVs, the relative concentrations of 198 metabolites in the 12 samples were retained
for statistical analysis. The list of these metabolites is presented in Supplementary Table S1.

3.3.2. Perilymph Comparison by Multivariate Analysis

We conducted the multivariate analysis with and without adjustment for the data
from samples S1 (sonoporation side of sheep #1) and C6 (control side of sheep #6). These
samples were contaminated by blood, and therefore, some metabolite concentrations were
artificially elevated. To avoid bias due to the extreme values found in these samples, we
calculated for each of their metabolites the percentage difference between the sample and
the average across the other samples of the same group (sonoporation or control). Only the
metabolites showing less than a 50% difference relative to the average of the other samples
were retained.

The PCA analysis showed that p1 explained 32.2% of the variance and p2 explained
17.9% of the variance. The PCA score plot representing the distribution of the samples
according to p1 and p2 is shown in Figure 5. The ellipses are overlapped, and the samples
grouped toward the center of the graph show a common metabolomic profile. The PCA
according to the other principal components (p2 and p3, p1 and p3) confirmed this profile.

Figure 5. Unsupervised multivariate analysis of perilymph comparing data from sonoporation and
control groups. Score-plot of the PCA is shown with adjustment of S1 and C6 data constructed from
the metabolites found according to the first two components p1 and p2. The control samples are in
purple (C1 to C6) and the sonoporation samples are in green (S1 to S6). Each group is associated with
an ellipse regrouping all its samples. The thicker dots correspond to the center of each ellipse. Two
samples with the same metabolomic profile appear grouped on this graph (i.e., samples S4 and C4).
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We conducted the PLS-DA analysis using p1 and p2 with 100 permutations. The
PLS-DA metrics revealed a non-significant predictive model with pR2Y = 0.89, pQ2 = 0.91
and Q2 = −0.89. Thus, there were no predictive metabolites to classify the samples into the
post-sonoporation or control groups. Even when the data were not adjusted for the outliers
from S1 and C6, PLS-DA analysis did not result in a significant predictive model, with
pR2Y = 0.35, pQ2 = 0.87, and Q2 = −0.59. The PCA score plot representing the distribution
of all samples according to p1 and p2 is presented in Supplementary Figure S1.

3.3.3. Perilymph Comparison by Univariate Analysis

The univariate analysis was conducted using student t-tests on the relative concen-
trations of the 198 metabolites found in the 12 samples. The relative concentration of each
metabolite was compared between the control group and the sonoporation group. Analysis
(before or after adjustment for multiple comparisons by the FDR test) did not find any
metabolite significantly modified between groups (Figure 6).

 
Figure 6. Volcano plot representing metabolite dysregulations between control and sonoporation
groups, with thresholds set at log2FC < −1 or >1, and −log10 (p-value) > 1.30 (p < 0.05). The vertical
dotted bars represent the log2FC thresholds at −1 and 1. As all metabolites were under the horizontal
dotted line, none of the expression variations were significant. The graph was similar using the FDR
adjusted p-value.

3.4. Metabolomics Analysis of Plasma
3.4.1. Plasma Composition

Metabolomic analysis with LC-HRMS found 269 metabolites, of which 99 were de-
tected in C18 Negative Mode, 83 in C18 Positive Mode and 167 in HILIC Positive Mode.
After the selection of duplicates and the exclusion of metabolites with QC CVs > 30% or
>sample CVs, we retained for analysis the relative concentrations of 267 metabolites in the
12 samples.

3.4.2. Plasma Comparison before and after Sonoporation by Multivariate Analysis

The PCA analysis showed that p1 explained 26% of the variance and p2 explained 22%
of the variance. The score-plot of the PCA (Figure 7) according to the principal components
p1 and p2 did not find any outlier samples and separated the plasma samples taken before
and after sonoporation into two distinct groups. PCA according to the other principal
components (p2 and p3, p1 and p3) confirmed these divergent metabolomic profiles.
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Figure 7. Unsupervised multivariate metabolomic analysis of plasma collected before and after
sonoporation. The plot score of the PCA was constructed from the metabolites found according
to components p1 and p2. Pre-sonoporation samples are shown in purple (C1 to C6) and post-
sonoporation samples are shown in green (D1 to D6). Each group is associated with an ellipse
grouping all its samples. The thicker dots correspond to the center of each ellipse.

We conducted a PLS-DA analysis using p1 and p2 with 100 permutations. The metrics
revealed a significantly predictive model with pR2Y = 0.02, pQ2 = 0.02, and Q2 = 0.761
(Figure S2). Therefore, there are predictive metabolites for classifying samples into one of
the two groups. The VIP analysis allowed us to identify the metabolites that could explain
the statistical difference between the two groups. This analysis found 102 metabolites with
VIPs > 1. Metabolic pathway analysis of these 102 metabolites using MetaboAnalyst V5.0
(www.metaboanalyst.ca, accessed on 22 January 2023) and the KEGG database identified
that phenylalanine metabolism had a significant impact.

3.4.3. Plasma Comparison by Univariate Analysis

A student’s t-test revealed 108 metabolites with significantly different expression
before or after sonoporation. After adjustment for multiple comparisons by the FDR test,
62 metabolites were retained. A volcano plot is shown in Supplementary Figure S3 to
illustrate the dysregulation of the expression of these metabolites. 25 metabolites were
dysregulated, of which 20 were up-regulated and 5 down-regulated. All the up- and down-
regulated metabolites are presented in Supplementary Table S2. Using MetaboAnalyst 5.0,
with the 108 significantly modified metabolites, two significantly impacted metabolism
pathways were found: (1) D-glutamine and D-glutamate, and (2) arginine biosynthesis.

4. Discussion

In the present study, we validated the safety of sonoporation of the inner ear in a
sheep model. No ototoxicity of sonoporation was observed on ABR thresholds, consistent
with previous sonoporation studies of the inner ear in guinea pigs [26,28–32]. For sheep
#3, the threshold for wave IV detection increased from 20 to 30 dB after sonoporation, but
this value remained within normal-hearing levels. This increase may have been due to
sonoporation, surgery, or measurement error. The ABR curves were sometimes difficult to
interpret despite the use of subcutaneous detection electrodes. Our ABR recordings only
assessed auditory function at high frequencies. Another approach to objectively assess
would be distortion-product otoacoustic emissions (DPOAEs), which is a multi-frequency
method. However, this method may not work because of the morphology of the sheep’s
tortuous external ear canal, the milling-induced damage during mastoidectomy, and the
presence of fluid (MBs, blood) in the middle ear, which may cause conductive hearing loss.
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The ultrasound parameters used were chosen given their effectiveness in delivering
therapeutic molecules in various contexts. For example, these parameters have been used
to increase the permeability of the blood-brain barrier [45] or to increase the extravasation
of local drug delivery to tumor tissue [48], as well as in previous studies regarding sonopo-
ration of the RWM [26–32]. Some previous studies demonstrated increased steroid delivery
to the inner ear using 1-MHz ultrasound waves [28] and increased safety (according to
histology) with 3 rather than 5 one-minute consecutive exposures for the RWM [30]. In a
previous study [49], these parameters induced inertial cavitation of Vevo MicroMarker®

MBs to stimulate adjacent cells and thus increase the delivery of therapeutic drugs. Note
that, after activation by hand stirring, no further mixing method was used during sono-
poration, as access to the middle ear was blocked by the transducer and head shaking
risked MBs leakage. This could lead to the activation of only a fraction of the MBs by
the ultrasound beam. In addition, the Vevo MicroMarker® MBs used in our study are
an ultrasound contrast agent indicated for preclinical ultrasound imaging. In previous
studies, we reported that these MBs are more efficient than SonoVue® MBs for drug and
gene delivery in vitro using sonoporation [49,50]. If they are effective for enhanced delivery
of drugs to the inner ear, and human use is intended, more studies will be necessary for
regulatory approval.

Consistent with previous studies [29,30], sonoporation of the inner ear did not sig-
nificantly increase the temperature in the middle ear. It is possible that the temperature
could have increased because of interaction between the ultrasound waves and the bone
structures of the middle ear, but this was not observed. The increase in temperature must
not exceed the permissible toxicity threshold for ultrasound (1.5 ◦C [33]). To limit this
effect, the sonoporation was applied for 1 min and repeated three times with 1 min between
applications rather than 3 min of continuous stimulation.

This is the first study to investigate the safety of sonoporation of the inner ear by
analysing the metabolome of perilymph from control and sonoporated ears. Several
metabolites and metabolic pathways have been identified in the perilymph after inner ear
trauma. Trinh et al. [43] reported that N-acetyl neuraminate increased in the metabolomic
profiles of perilymph samples from cochlear implant patients with long durations of hear-
ing loss, indicating the destruction of cell membranes. This hearing loss also induced a
significant increase in the concentrations of several other metabolites, including glutaric
acid, cystine, 2-propanoate, butanoate, and xanthine. In addition, Fujita et al. [51] investi-
gated the metabolic consequences of auditory trauma in the perilymph of guinea pigs using
metabolomics. They identified 12 metabolites whose concentrations were significantly
altered: 3-hydroxy-butyrate, glycerol, fumaric acid, phosphate, and pyruvate + oxalacetic
acid were significantly increased, while citric + isocitric acid, mannose, meso-erythritol,
galactosamine, and inositol were significantly decreased. In a mouse model of auditory
trauma, Ji et al. [52] reported that the glutamate, aspartate, purine, and alanine pathways
were up-regulated in the perilymph, while the phenylalanine, tyrosine, and tryptophan
pathways were down-regulated. In the present study, none of these metabolites or path-
ways were significantly changed in the perilymph of the sonoporated ear, suggesting that
sonoporation did not cause damage to the inner ear under our experimental conditions.
Theoretically, sonoporation could cause damage to RWM cells, especially when inertial
cavitation of the MBs is reached, as it can cause intercellular ruptures, membranous pores,
and cell destruction.

Additional adverse events, such as facial palsy, could be induced by ultrasound
application in the middle ear. We could not evaluate this possibility here, as sacrifice of the
facial nerve was surgically necessary to gain access to the RWM for perilymph sampling.
A long-term study of auditory responses and metabolomic perilymph profiles is needed
to assess the complete innocuity of this technique. Our perilymph samples were collected
approximately 30 min after the sonoporation procedure, which allowed for only short-term
metabolomic effects.
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Complementary to the metabolomic analysis of the perilymph, a metabolomic study
of the plasma was undertaken by taking blood samples before and after sonoporation. This
was done to further investigate metabolomic changes if differences were observed in the
perilymph. The metabolomic analysis of serum after sonoporation revealed significant
changes in the metabolic pathways of phenylalanine metabolism, D-glutamine and D-
glutamate metabolism, and arginine biosynthesis. Phenylalanine is an essential amino acid
that is converted to tyrosine and used in the biosynthesis of dopamine and noradrenaline.
In our study, phenylalanine metabolism was activated, increasing these neuromodulators,
which are notably secreted in response to exhaustion or stress. Glutamine is a non-essential
amino acid, a substrate for the production of excitatory and inhibitory neurotransmitters
(glutamate and GABA), but also a major source of energy for the nervous system. In our
study, the D-glutamine and D-glutamate metabolism pathways were activated towards the
production of 2-oxo-glutarate, which is used in the Krebs cycle for energy production. L-
citrulline is the most dysregulated metabolite of the arginine pathway. It is also a precursor
of the Krebs cycle and therefore contributes to energy production. The data used for
metabolomic analysis of plasma should be interpreted with caution, as the blood sample
taken before sonoporation was taken right after anesthetic induction. The anesthesia and
surgical procedure may have contributed to the stress and energy consumption observed
here. A second limitation is that a human KEGG database was used for the metabolomic
analysis and pathway research. To our best knowledge, an ovine metabolomic database is
not available.

Finally, the surgical technique used to access the inner ear here was a mastoidectomy,
which was necessary to easily gain access to the round window, to deliver the ultrasound
stimulation, and to collect perilymph. Other approaches to the round window could be
developed with adapted ultrasound probes, as done for guinea pigs [29,31].

5. Conclusions

The present study established the safety of sonoporation of the inner ear in a sheep
model. This procedure did not cause deafness, harmful heating of the inner ear, or
metabolomic changes in the perilymph. Further experiments are required to investigate the
efficacy of sonoporation for delivering therapeutic drugs to the inner ear in a sheep model.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/pharmaceutics15020442/s1, Table S1. List of metabolites found in
the perilymph on sonoporation and control sides. For each metabolite, the mean relative concentration
and standard deviation are presented for the sonoporation side and control side; Table S2. List of
down- and up-regulated metabolites in plasma after sonoporation with mean concentration and
standard deviation before and after sonoporation, as well as p-values from Student’ t-test and after
FDR adjustment and Fold-Change; Figure S1. Unsupervised multivariate analysis of perilymph
comparing sonoporation and control groups. Score-plot of the PCA constructed from the metabolites
found according to components p1 and p2. The control samples are represented in purple (C1
to C6) and the sonoporation samples are in green (S1 to S6). Each group is associated with an
ellipse regrouping all its samples. The thicker dots correspond to the center of each ellipse; Figure S2.
Supervised multivariate analysis of plasma comparing before and after sonoporation groups. PLS-DA
constructed from the metabolites found according to components p1 and p2 with 100 permutations.
The samples before sonoporation (Before) are represented in red (C1 to C6) and the samples after
sonoporation (After) are represented in blue (D1 to D6). Each group is associated with an ellipse
regrouping all its samples; Figure S3. Volcano-plot comparing the dysregulation of metabolites before
and after sonoporation, with thresholds set at log2FC < −1 or >1 and adjusted p-value −10log > 1.3
(p < 0.05). The blue symbols represent down-regulated metabolites, the red symbols represent
up-regulated metabolites, and the gray symbols represent no significant dysregulation.
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Abstract: Acoustic droplet vaporization is the ultrasound-mediated phase change of liquid droplets
into gas microbubbles. Following the phase change, oxygen diffuses from the surrounding fluid
into the microbubble. An in vitro model was used to study the effects of droplet diameter, the
presence of an ultrasound contrast agent, ultrasound duty cycle, and droplet concentration on the
magnitude of oxygen scavenging in oxygenated deionized water. Perfluoropentane droplets were
manufactured through a microfluidic approach at nominal diameters of 1, 3, 5, 7, 9, and 12 μm and
studied at concentrations varying from 5.1 × 10−5 to 6.3 × 10−3 mL/mL. Droplets were exposed to an
ultrasound transduced by an EkoSonicTM catheter (2.35 MHz, 47 W, and duty cycles of 1.70%, 2.34%,
or 3.79%). Oxygen scavenging and the total volume of perfluoropentane that phase-transitioned
increased with droplet concentration. The ADV transition efficiency decreased with increasing
droplet concentration. The increasing duty cycle resulted in statistically significant increases in
oxygen scavenging for 1, 3, 5, and 7 μm droplets, although the increase was smaller than when the
droplet diameter or concentration were increased. Under the ultrasound conditions tested, droplet
diameter and concentration had the greatest impact on the amount of ADV and subsequent oxygen
scavenging occurred, which should be considered when using ADV-mediated oxygen scavenging in
therapeutic ultrasounds.

Keywords: perfluoropentane microdroplets; cavitation; microfluidic emulsion manufacturing;
polydispersity; ultrasound contrast agent; ultrasound duty cycle; intravascular ultrasound

1. Introduction

The application of ultrasound to convert liquid perfluorocarbon droplets into gas
microbubbles is known as acoustic droplet vaporization (ADV). ADV is being actively
investigated for therapeutic applications, such as targeted drug delivery [1–6], thermal
ablation [7,8], mechanical ablation [9–11], tissue regeneration with acoustically responsive
scaffolds (ARS) [12–14], and reperfusion injury [15,16]. The later approach relies on gas
scavenging that occurs following ADV [17–20]. The effectiveness of most ADV-based
therapies is dependent on the fraction of perfluorocarbon droplets that undergo the phase
transition to gas microbubbles, known as the ADV transition efficiency [20].

Fabiilli et al. demonstrated that the ADV transition efficiency improved with in-
creasing droplet diameter when using double-phase perfluorocarbon droplets [21]. These
findings were subsequently confirmed by Mercado et al. with the use of relatively polydis-
perse single-phase perfluorocarbon droplets [22]. It has also been shown that the threshold
pressure amplitude necessary to nucleate ADV decreases with the increasing droplet diam-
eter [18,21–23].
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The relationship between ADV transition efficiency and droplet concentration does
not have a single clear trend in the literature. Aliabouzar et al. demonstrated that the
ADV transition efficiency was higher for larger droplet volume fractions near the ADV
threshold at 2.25 MHz; however, well above the ADV threshold, 1% (v/v) droplet fractions
had a saturating efficiency, whereas 0.05% (v/v) droplet fractions did not [13]. The authors
postulated that acoustic shadowing may cause the reduced ADV transition efficiency
at higher concentrations [13]. Dong et al. demonstrated that as the volume fraction of
droplets increased, so did the release of the growth factor from double droplets, suggesting
a higher ADV transition efficiency with increased droplet concentration [12]. Furthermore,
Kang et al. observed that as the droplet concentration increased, the final ADV microbubble
diameter decreased, implying a difference in ingassing [19].

The presence of microbubbles in proximity to droplets can impact ADV. Lo et al. found
that the ADV threshold could be reduced by co-administering droplets with the ultrasound
contrast agent Definity® [24]. The use of microbubbles coupled to microdroplets to nucleate
ADV is key to acoustic cluster therapy (ACT), which is being investigated for its potential
in ultrasound-mediated drug delivery [1–3,25,26]. Studies involving ACT have found that
the presence of these clusters enhanced drug delivery and uptake in tumors [2,3]. The
increased drug delivery is suggestive of higher ADV transition efficiency as the drug is
carried in the microdroplet portion of the cluster and must be released.

Ultrasound parameters can also impact the number of ADV microbubbles formed.
Fabiilli et al. observed that as a fluid was exposed to ultrasound multiple times, the
ADV transition efficiency increased [21]. The conditions under which this happens can
be complex. Kang et al. observed that as the pulse duration or pulse repetition frequency
were increased, fewer microbubbles were observed, which they attributed to ADV oc-
curring and the microbubbles subsequently being destroyed by additional ultrasound
insonation [19]. This observation is consistent with the fact that they also observed that
when fewer microbubbles were present, each microbubble scavenged a larger number of
moles of dissolved gas, resulting in larger ADV microbubbles.

To further investigate how the presence of a contrast agent, droplet size, droplet
concentration, and ultrasound duty cycle impact ADV, several studies are reported herein.
For each of the aforementioned parameters, the ADV transition efficiency was measured
by comparing the volume-weighted concentration of perfluoropentane droplets without
and with exposure to ultrasound. Additionally, the magnitude of oxygen scavenged
was measured in the flow phantom before and during the ultrasound exposure of the
fluid containing perfluoropentane droplets. Per our prior work, the magnitude of oxygen
scavenged depends on the total volume of perfluoropentane that undergoes ADV per
volume of total fluid [20]. As noted above, the impact of droplet diameter and concentration
on ADV transition efficiency was investigated in prior studies. In this work, droplets with
monodisperse size distributions and modal diameters between 1 and 12 μm were used to
minimize the impact of droplet–droplet interactions for droplets of different diameters and
to provide additional information that could guide future therapeutic applications of ADV.
Similarly, the data reported herein on the effect of the presence of an ultrasound contrast
agent are carried out with relatively monodisperse droplet distributions, whereas prior
studies used polydisperse droplet distributions [24–26].

2. Materials and Methods

2.1. Droplet Preparation and Characterization

Kolliphor® P188-coated perfluoropentane droplets of 1, 3, 5, 7, 9, and 12 μm nominal
diameters were manufactured with an in-house microfluidic system using a flow-focusing
chip with either 5 or 14 μm junctions (model numbers: 300152 and 3200146, Dolomite-
Blacktrace, Royston, UK) [27,28]. The microfluidic system was placed at room temperature
(23.5 ± 1.5 ◦C), which is lower than the boiling point temperature of PFP. Table 1 details the
manufacturing parameters for the droplets. Kolliphor® P188 was purchased from Sigma
Aldrich (St. Louis, MO, USA) and perfluoropentane was purchased from FluoroMed, L.P.

106



Pharmaceutics 2022, 14, 2392

(Round Rock, TX, USA). Kolliphor® P188 was dissolved in filtered deionized water from a
Nanopure system (model number: 04751, Barnstead, Dubuque, IA, USA). Red food dye
(Kroger, Inc., Cincinnati, OH, USA) was used for visualizing fluids during manufacturing.
The kinematic viscosity of each polymer with dye solution was measured 5 times using a
Cannon-Fenske routine viscometer (Cannon Instrument Company, State College, PA, USA).
Droplets were collected in a 50 mL conical vial.

Table 1. Droplet manufacturing parameters for polymer flow rate, PFP flow rate, and polymer
concentration are listed. For droplets of 1 and 3 μm nominal diameters, a chip with a 5 μm junction
was used. For droplets of 5, 7, 9, and 12 μm nominal diameters, a chip with a 14 μm junction was
used. Measured polymer viscosity, measured production rate, and anticipated production rate (based
on nominal droplet diameter and PFP flow rate) are listed.

Nominal Droplet
Diameter (μm)

Polymer Flow Rate
(μL/min)

PFP Flow Rate
(μL/min)

Polymer
Concentration

(mg/mL)

Polymer
Kinematic

Viscosity (cp)

Measured
Production Rate

(droplets/sec)

Anticipated
Production Rate

(droplets/sec)

1 8.33 0.1 45 2.23 ± 0.02 1.69 × 106 2.53 × 106

3 5 0.3 45 2.23 ± 0.02 6.15 × 105 4.69 × 105

5 11.67 0.8 105 4.79 ± 0.01 1.21 × 105 1.94 × 105

7 11.67 1.2 105 4.79 ± 0.01 1.01 × 105 1.00 × 105

9 8.33 1.7 125 5.05 ± 0.05 5.88 × 104 6.63 × 104

12 6.67 3.4 125 5.05 ± 0.05 1.22 × 105 6.92 × 104

2.2. Droplet Size and Stability Measurements

The modal diameter and concentration of the droplets were measured using a Coulter
Counter (Multisizer 4, Beckman Coulter Inc., Brea, CA, USA) equipped with a 30 μm
aperture. The system measured droplets between 0.6 to 18 μm in diameter. To reduce the
amount of noise in the measurements originating from particulate in the flow phantom,
only a subset of diameters was used when calculating the pre and peri ADV droplet
concentrations in the effluent. Data were analyzed in bins from 0.6 to 3 μm, 0.6 to 4 μm,
3 to 7 μm, 5 to 9 μm, 7 to 11 μm, and 11 to 13 μm for samples containing 1, 3, 5, 7, 9,
and 12 μm, respectively. The measurements were performed by diluting 6 μL of stock
solution into 10 mL of phosphate-buffered saline (PBS) for droplets of nominal diameters
3, 5, 7, and 9 μm and 3 μL of stock solution in 10 mL of PBS for droplets of nominal
diameters 1 and 12 μm. Volume-weighted size distributions were used to calculate the
droplet modal diameter and concentration (mL/mL). The size distribution was used to
compute the polydispersity index (PDI, the number-weighted droplet size distribution
standard deviation divided by the mean volume-weighted particle diameter, quantity
squared) for each droplet. After the measurement, droplets were stored in a freezer at
−20 ◦C, given their instability observed in pilot experiments at 4 ◦C, and used within
45 days.

Due to Ostwald ripening [29,30] and potential spontaneous droplet vaporization
during storage, a time-dependent stability study of the 1, 3, 5, 7, 9, and 12 μm nominal
diameter droplets was conducted. On the day of manufacturing (D0), droplets from a stock
solution were aliquoted into multiple Eppendorf tubes and stored at −20 ◦C. For each
measurement, droplets in one Eppendorf tube were thawed and the size distribution was
measured every day for the first week and every four days up to day 33.

2.3. In Vitro Experimental Setup

An in vitro flow phantom was used to perform experiments testing the ADV transition
efficiency and oxygen scavenging (Figure 1). The flow phantom was constructed using
3.18 mm of inner diameter EVA tubing (McMaster-Carr, Aurora, OH, USA). The tubing
was water-jacketed, such that all ADV was performed at a temperature of 37 ± 1 ◦C,
which was monitored by an internal thermocouple immediately upstream to the site of
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the oxygen partial pressure (PO2) measurement. A peristaltic pump was used to induce
16 mL/min flow of oxygenated deionized water (Section 2.1) through the flow phantom.
The oxygenated deionized water was prepared in a covered 4 L reservoir by constantly
bubbling a 95%/5% O2/CO2 gas mixture through it as is typically used for ex vivo systems.
The oxygenated water’s temperature was maintained in the range of 36.5 to 38.0 ◦C with a
water bath [31]. The corresponding PO2 of the oxygenated water was 560.8 ± 7.6 mmHg.

Figure 1. Schematic of the in vitro flow phantom with black arrows showing direction of flow.
Droplets were pumped from the sample reservoir and through the flow system maintained at 37 ◦C.
The oxygenated water was saturated to a PO2 of 560.8 ± 7.6 mmHg. Droplets were exposed to a
2.35 MHz-pulsed ultrasound using a 6 cm treatment zone EkoSonic® catheter. The PO2 in the fluid
distal to the catheter was measured by a flow-through oxygen sensor. The effluent was collected to
measure the size distribution and volume concentration of droplets that did not undergo ADV.

An EkoSonic® catheter (Boston Scientific, Model 500-56112, Natick, MA, USA) was
inserted into the flow phantom using a hemostasis valve. The EkoSonic® catheter is
composed of a MicroSonic™ Device (MSD) that contained 6 pairs of ultrasound transducer
elements (used to nucleate ADV) inserted into an Intelligent™ Drug Delivery Catheter
(IDDC). The EkoSonic® catheter is designed to be disposable in the clinical environment.
However, due to cost, the catheters were reused over multiple experiments, with the
catheters flushed with deionized water between trials. The health of the MSD was assessed
each day via an impedance measurement (Aim4170D, Array Solutions, Sunnyvale, TX,
USA). Based on pilot data, MSDs were only used if the phase of the impedance at 2.35 MHz
(the ultrasound insonation frequency) was between –15 and 10 degrees. Droplets were
diluted (5 × 10−4 mL/mL, unless noted otherwise) in deionized water taken from the
reservoir and infused through the coolant port of the IDDC via a syringe pump operating
at 5 mL/min. This flow rate matched prior ADV studies [16]. A 1-inch stir bar was placed
within the syringe and manually agitated to prevent droplets from settling. Unless as
noted below, the EkoSonic® catheter was driven with a 40-cycle tone burst with a burst
period of 1.000 ms (AFG3500B, Keysight Technologies, Inc., Santa Rosa, CA, USA) through
a power amplifier (2200L, Electronics and Innovation, Ltd., Rochester, NY, USA). A 23B
RF Wattmeter (Sonic Concepts, Inc., Bothell, WA, USA) was used to monitor the electrical
drive power to the catheter and the applied voltage was adjusted to ensure a pulse-average
power of 47 W, the maximum output power used in FDA-cleared protocols. The acoustic
field pattern from a transducer pair in the catheter is complex [32].
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The droplet stock concentration was measured and appropriately diluted to the target
concentration for the experiment. The droplets were then infused through the coolant
port and into the oxygenated water. The PO2 was measured downstream using an inline
dissolved oxygen and temperature flow-through sensor (TOFTC2, PyroScience GmbH,
Aachen, Germany). The flow time from the tip of the EkoSonic® catheter to the flow-through
sensor was 3 s. Measurements were made over 40 s periods with the droplet syringe
pump off (pre-droplets), droplet syringe pump on but without driving the EkoSonic®

catheter (peri-droplets), and droplet syringe pump on with the EkoSonic® catheter driven
at 47 W (peri-ADV). All experiments measuring the PO2 and ADV transition efficiency
were repeated five times. The size distribution of droplets in the effluent was measured
(Section 2.2). Care was taken to remove any bubbles that floated to the top of the effluent.
The ADV transition efficiency was calculated by taking one minus the ratio of the total
volume concentration of the peri-ADV effluent to the peri-droplet effluent.

2.4. Effect of Lumason on ADV-Mediated Oxygen Scavenging

The effect of the ultrasound contrast agent Lumason® (Bracco Diagnostics, Inc., Milan,
Italy) on the ADV transition efficiency and oxygen scavenging was studied by comparing
measurements with and without Lumason® co-administered with droplets. Lumason® was
activated according to the manufacturer’s package insert and used within 48 h of activation.
A 19 G needle (Hamilton, Reno, NV, USA) connected to a 25 μL gas-tight syringe (Becton
Dickinson, Franklin Lakes, NJ, USA) was used to withdraw 24 μL of Lumason®. Lumason®

was transferred to a 60 mL syringe (Becton Dickinson, Franklin Lakes, NJ, USA) containing
60 mL of 95% DI water and perfluorocarbon droplets (4.8 × 10−4 ± 0.6 × 10−4 mL/mL
final concentration). The Lumason® dose was based on the package insert dose per weight
(0.03 mL/kg). Co-diluted Lumason® and droplets were infused through the coolant deliv-
ery port of an EkoSonic® catheter with a Harvard Apparatus Elite syringe pump (Harvard
Apparatus, Holliston, MA, USA) and exposed to ultrasound, as described in Section 2.3.

2.5. Effect of Ultrasound Duty Cycle on ADV-Mediated Oxygen Scavenging

The effect of ultrasound duty cycle was determined by fixing the pulse duration at
40 cycles (17.0 μs) and varying the burst period (0.450 ms, 0.725 ms, and 1.000 ms) or by
fixing the burst period at 1.000 ms and varying the pulse duration (17.0 μs, 23.4 μs, and
37.9 μs). These combinations were selected so that varying the burst period or the pulse
duration corresponded to the duty cycles of 1.70%, 2.34%, or 3.79%. The time-average
electrical drive power used in these studies was near the maximum operating range for the
single-use MSD, and thus, higher duty cycles could not be tested without damaging the
catheter. Because the transition efficiency and oxygen scavenging did not change substan-
tially between droplets of nominal diameters of 7, 9, and 12 μm, the effect of ultrasound
duty cycle was only investigated for droplets with nominal diameters between 1 and 7 μm.
The initial volume-weighted droplet concentrations were 5.0 × 10−4 ± 0.4 × 10−4 mL/mL
and 4.8 × 10−4 ± 0.6 × 10−4 mL/mL when investigating the effect of burst period and
pulse duration, respectively.

2.6. Effect of Droplet Concentration on ADV-Mediated Oxygen Scavenging

The effect of droplet concentration on the ADV transition efficiency and oxygen
scavenging was measured for droplets with nominal diameters of 3, 5, and 7 μm. Droplets
of nominal diameter 9 and 12 μm were not investigated as described in Section 2.5. The
1 μm nominal diameter droplets were not investigated because the droplet production rates
were too slow. The volume-weighted droplet concentrations used were between 5.1 × 10−5

and 6.5 × 10−3 mL/mL.

2.7. Comparison of Measured Oxygen Scavenging to the Transition Efficiency-Based Model

For each of the experiments described in Sections 2.4–2.6, a previously reported
physics-based model was used to estimate the magnitude of oxygen scavenging based
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on the volume of perfluoropentane transitioned from a liquid to a gas (i.e., the transi-
tion efficiency times the initial volume-weighted droplet concentration) [20]. Within the
model, the relative partial pressures in the peri-droplet fluids were 166 mmHg, 560 mmHg,
26.7 mmHg, 2.0 mmHg for N2, O2, CO2, and Ar, respectively. The vapor pressure of water
was 47 mmHg. These values were based on the measured PO2 values and then assum-
ing the remaining partial pressures of gases were proportionate to their composition in
standard air. An ambient hydrostatic pressure of 1 atm and a temperature of 37 ◦C were
assumed. Perfluoropentane was assumed to be insoluble in all fluids and the solubility
of oxygen was assumed to be 964 L atm/mol in water [33,34]. The expansion factor was
125, based on the change in density of liquid and gaseous perfluoropentane [20]. Surface
tension and viscosity were not taken into account for the numerical model.

2.8. Statistical Analysis

The amount of oxygen scavenging and transition efficiency for the absence and pres-
ence of Lumason® was compared using a 2-tailed Mann–Whitney analysis. A Kruskal–
Wallis analysis for each droplet diameter with Dunn’s multiple testing correction was
used to compare the amount of oxygen scavenging and transition efficiency for studies of
the ultrasound duty cycle. The agreement between the measured and modeled oxygen
scavenging was evaluated using an intraclass correlation coefficient with 95% confidence in-
tervals and the correlation was assessed using Pearson correlation coefficients. We selected
the consistency and a two-way mixed-effects ICC model of a single score per observed
measurement type (C,1) [35]. The scores were defined as measurements predicted by the
numerical oxygen scavenging model. All statistical analyses were performed using Prism 9
(GraphPad Software Inc., La Jolla, CA, USA) and SAS, Version 9.4 (SAS Institute, Cary, NC,
USA). A p-value of less than 0.05 was used to determine the significant differences for all
statistical tests.

3. Results

3.1. Droplet Manufacturing and Characterization

In general, polymer solution viscosity increased with polymer concentration (Table 1).
The normalized volume-weighted size distribution of the droplets is shown in Figure 2. As
the microfluidic chip junction decreased from 14 μm to 5 μm, the droplet size decreased.
Generally, for both chips used, as the ratio of polymer flow rate to the perfluoropentane
flow rate increased, the modal diameter decreased. However, this trend was not observed
with the 9 μm droplets. The calculated droplet production rate (volume of PFP per droplet
divided by the PFP flow rate) agreed within a factor of two with the measured droplet
production rate (Table 1).

3.2. Droplet Stability at −20 ◦C

Table 2 lists the nominal diameter, modal diameter, and polydispersity index (PDI) at
day 0 (D0) and at day 33 (D33). The modal diameter remained constant over 33 days, except
for the 5 μm nominal diameter droplets, which size-shifted 80 nm when stored at −20 ◦C.
The PDI increased during storage primarily due to an increase in measured particulate less
than 1 μm in diameter. The average PDI for each nominal droplet size across all time points
measured was 0.102 ± 0.0216, 0.165 ± 0.0561, 0.2292 ± 0.13, 0.285 ± 0.137, 0.536 ±0.003,
and 0.09 ± 0.068 for 1, 3, 5, 7, 9, and 12 μm, respectively. The concentration stability was
measured for 7 μm droplets and varied by less than 6% over 33 days. The modal diameter
of droplets measured before and after use within the in vitro system (~3 min at 37 ◦C)
showed no change.
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Figure 2. Normalized volume-weighted distribution for microfluidic droplets of nominal diameters
1, 3, 5, 7, 9, and 12 μm. The droplet production rate (droplets/s) is listed at the top of the figure for
each droplet diameter. The colors (red, yellow, green, blue, violet, and magenta) used to plot the data
correspond to nominal droplet diameters for each microdroplet (1, 3, 5, 7, 9, and 12 μm, respectively)
and are used for all subsequent figures.

Table 2. Nominal size and modal diameter of droplets from the initial day of manufacturing (D0) are
compared with the modal diameter of droplets from 33 days (D33) after manufacturing. PDI D0 is
compared with the PDI for D33.

Nominal Size
(μm)

D0 Modal
Diameter (μm)

D33 Modal
Diameter (μm)

D0 PDI D33 PDI

1 1.34 1.34 0.068 0.0812
3 2.73 2.73 0.081 0.188
5 4.99 4.91 0.109 0.291
7 6.47 6.47 0.185 0.342
9 8.47 8.47 0.5324 0.5581
12 12.39 12.39 0.0967 0.2224

3.3. Effect of Lumason® on ADV-Mediated Oxygen Scavenging

ADV transition efficiency and oxygen scavenging were compared each with and
without Lumason® for droplet diameters between 1 and 12 μm (Figure 3). The total oxygen
scavenging was composed of the effect of the addition of droplets without ultrasound
(i.e., peri-droplet and pre-ADV, solid color Figure 3b) and the effect of ADV (peri-ADV,
white or hatched component Figure 3b). Oxygen scavenging due to droplets without ADV
was expected due to the solubility of oxygen in liquid perfluoropentane [20]. Experiments
performed without droplets measured no statistically significant change in the oxygen
partial pressure with and without Lumason (−0.2 ± 1.7 mmHg). Both ADV transition
efficiency and oxygen scavenging had an increasing trend with increasing droplet diameter
between 1 and 7 μm, with minimal differences between 7, 9, and 12 μm droplets. The
magnitude of the difference between oxygen scavenging with or without Lumason® was
relatively small compared to the total amount of oxygen scavenged. The average difference
between the amount of oxygen scavenging with and without Lumason® across all droplet
diameters was 2.67 ± 19.03 mmHg. The addition of Lumason® resulted in increased oxygen
scavenging when using 5 μm droplets (14.85 mmHg, p-value < 0.05) and decreased oxygen
scavenging with 1 μm droplets (32.3 mmHg, p-value < 0.05). The transition efficiency
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with and without Lumason® was different only for droplets of nominal diameter 7 μm
(12 percentage points, p-value < 0.05). There was significantly less (p-value < 0.05) oxygen
scavenging observed with 1 μm droplets than with 7 μm, 9 μm, and 12 μm droplets when
Lumason® was added (15 comparisons). Additionally, the ADV of 3 μm droplets with
Lumason® resulted in less oxygen scavenging than using 12 μm droplets. The same pairs
of significant differences in oxygen scavenging between droplet diameters without the
addition of Lumason® were the same as with Lumason®, except no difference was observed
between 1 and 9 μm droplets. The transition efficiency was only different with 12 μm
and 9 μm droplets when compared to 1 μm droplets. Without Lumason®, the transition
efficiency was only different with 7 μm and 12 μm droplets in comparison to 1 μm droplets.
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Figure 3. (a) The measured ADV transition efficiency without (white fill) and with (hatched fill)
Lumason® as a percentage of the change in the volume-weighted size distribution of the droplets
with and without ADV. (b) The amount of oxygen scavenging with and without Lumason®. The solid
filled top of the stacked bar graph is the amount of oxygen scavenging observed peri-droplet (i.e., no
ultrasound exposure, and thus, no ADV). The bottom portion of each bar describes the amount of
oxygen scavenging observed peri-ADV without (white fill) and with (hatched fill) Lumason®. The
horizontal blue bar represents the initial PO2 before droplets were infused, and thus, the maximum
amount of PO2 that could be scavenged. The error bars denote the standard deviation for five samples.
The legend applies to both panels.

3.4. Effect of Ultrasound Duty Cycle on ADV-Mediated Oxygen Scavenging

For each nominal droplet diameter, the ADV transition efficiency did not show a
consistent trend as a function of burst period (Figure 4a) or pulse duration (Figure 5a).
There were no statistically significant differences in ADV transition efficiency for the
varying pulse duration. The only statistically significant difference in transition efficiency
for the varying burst period was observed between 0.450 ms and 0.725 ms (17 percentage
points, p-value < 0.05). For all burst periods and all pulse durations (except at 1 μm), a
trend existed for increasing oxygen scavenging with increasing duty cycle. More oxygen
was scavenged with a 0.450 ms burst period than with a 1.000 ms burst period with 1, 3,
5, and 7 μm droplets (Figure 4a, p-value < 0.05). However, there was not a statistically
significant difference in oxygen scavenging between 0.750 ms and the other two burst
periods. More oxygen was scavenged with a 37.9 μs pulse duration than with 17 μs for
5 and 7 μm droplets, and there was a statistically significant difference between 17.0 μs and
23.4 μs for 3 μm droplets (Figure 5a, p-value < 0.05). Regardless of the burst period or pulse
duration, there was significantly less oxygen scavenging observed with 1 μm droplets than
with either 5 or 7 μm droplets (6 comparisons). Moreover, the transition efficiency was
also significantly different between 1 μm and 7 μm droplets for all ultrasound parameters
tested except for the 17.0 μs pulse duration. A significant difference in transition efficiency
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between 3 and 7 μm droplets was also observed for 0.725 ms burst period and 37.9 μs pulse
duration; and a difference between 1 and 5 μm for 1.000 ms burst period.
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Figure 4. (a) ADV transition efficiency with burst periods of 0.450 ms (3.79% duty cycle), 0.725 ms
(2.34% duty cycle), and 1.000 ms (1.70% duty cycle). The transition efficiency is calculated as a percent
change based on the volume-weighted size distributions of the droplets. (b) The measured amount
of oxygen scavenging peri-droplet (colored fill) or peri-ADV with burst periods of 0.450 ms, 0.725 ms,
and 1.000 ms for droplets of 1, 3, 5, and 7 μm diameters. The horizontal blue bar represents the
initial PO2 before droplets were infused, and thus, the maximum amount of oxygen that could be
scavenged. The error bars denote the standard deviation for five samples. The legend applies to
both panels.
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Figure 5. (a) ADV transition efficiency with pulse durations of 17.0 μs (1.70% duty cycle), 23.4 μs
(2.34% duty cycle), and 37.9 μs (3.79% duty cycle). The transition efficiency is calculated as a percent
change based on the volume-weighted size distributions of the droplets. (b) The measured amount
of oxygen scavenging peri-droplet (colored fill) or peri-ADV with pulse durations of 17.0 μs, 23.4 μs,
and 37.9 μs for droplets of 1, 3, 5, and 7 μm diameters. The horizontal blue bar represents the initial
PO2 before droplets were infused, and thus, the maximum amount of PO2 that could be scavenged.
The error bars denote the standard deviation for five samples. The legend applies to both panels.
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3.5. Effect of Droplet Concentration on ADV-Mediated Oxygen Scavenging

The ADV transition efficiency and magnitude of oxygen scavenging for droplets
with nominal diameters of 3, 5, and 7 μm are shown in Figure 6. A moving average
line with a period of 4 was calculated and plotted to facilitate the visualization of the
trend that the ADV transition efficiency decreased (Figure 6a) and oxygen scavenging in-
creased (Figure 6b) with the increasing droplet volume-weighted concentration. The largest
changes in transition efficiency and oxygen scavenging occurred for volume concentrations
up to 0.001 mL/mL. Note that although the ADV transition efficiency decreased (i.e., the
percentage of droplets that phase-transitioned) with increasing droplet volume concentra-
tion, the total volume of droplets that phase-transitioned was observed to increase, which
is consistent with the observations in Figure 6b.

Figure 6. (a) ADV transition efficiency for droplets of nominal diameters 3 (yellow), 5 (green), and
7 (blue) μm for initial droplet concentrations between 5.10 × 10−5 to 6.30 × 10−3 mL/mL without
Lumason. The transition efficiency is calculated as a percent change based on the volume-weighted
size distributions of the droplets. Individual measurements are denoted with diamonds. Lines are
the moving average of the measurements with a period of 6. (b) The measured amount of oxygen
scavenging for droplets of nominal diameters 3 (blue diamonds), 5 (green diamonds), and 7 (yellow
diamonds) μm with corresponding lines representing moving averages. The horizontal blue bar
represents the initial PO2 before droplets were infused, and thus, the maximum amount of PO2 that
could be scavenged. The legend applies to both panels.

3.6. Comparison of Measured Oxygen Scavenging to the Transition Efficiency-Based Model

The ADV-mediated measured oxygen scavenging was compared to the predicted
oxygen scavenging based on the Radhakrishnan model that uses measured transition
efficiency as an input [20]. Figure 7 plots the measured versus modeled oxygen scavenging
values for each trial. For readability, the data are separated by whether the data were used
to compare the effect of Lumason® (Figure 7a), droplet concentration (Figure 7b), burst
period (Figure 7c), and pulse duration (Figure 7d). The ICC and 95% confidence intervals
were 0.62 (0.47, 0.73), 0.55 (0.38, 0.68), 0.45 (0.26, 0.60), and 0.84 (0.78, 0.88) for the Lumason®

trials, burst period trials, pulse duration trials, and droplet concentration trials, respectively.
Collectively, the ICC and 95% confidence interval for all trials was 0.72 (0.67, 0.76). The
Pearson correlation coefficient and 95% confidence intervals were 0.67 (0.50, 0.79), 0.57
(0.37, 0.72), 0.50 (0.28, 0.67), 0.88 (0.82, 0.91), and 0.76 (0.71, 0.81), for Lumason® trials, burst
period trials, pulse duration trials, droplet concentration trials, and all trials, respectively.
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Figure 7. The measured amount of oxygen scavenged versus the modeled amount of oxygen
scavenged for (a) trials investigating the impact of Lumason®, (b) droplet concentration, (c) burst
period, and (d) pulse duration. The legend at the top applies to all panels. Data points represent
individual trials with the outer marker color indicating the nominal droplet diameter and the fill
indicating the duty cycle, except in panel (a) where filled data points are from trials that used
Lumason® and open data points did not. The solid black line is a best-fit line based on the Pearson
correlation analysis.

4. Discussion

4.1. Droplet Manufacturing and Characterization

The current study showed that the droplet diameter would decrease as the ratio
between the polymer surfactant flow rate and PFP flow rate increased. However, it was
observed that smaller microfluidic junctions were necessary to achieve the smallest diameter
droplets. Although manufacturing droplets of specific diameters was repeatable, the
production rates decreased for smaller droplets. Running the chip overnight for 1 μm
droplets resulted in sufficient droplet stock to run approximately 4 trials with dilutions of
5 × 10−4 mL/mL. These production rates may be limiting in certain applications. Storage
stability is an important parameter for low-boiling point PFC-in-water droplets to be of
practical use, which was a feature of the droplets in this study. The modal diameter did not
change substantially over 33 days. However, the polydispersity increased, primarily due to
increased particle counts at diameters of 1 μm and smaller.
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4.2. Effect of Lumason® on ADV-Mediated Oxygen Scavenging

In the present study, the effect of using the ultrasound contrast agent Lumason®

showed no statistically significant effect in most cases, and where it did, the effect was
inconsistent (8.5% increase and 2.6% decrease for 1 and 5 μm droplet, respectively). Prior
studies have demonstrated that ultrasound contrast agents decrease the ultrasound pres-
sure amplitude necessary to nucleate ADV (nominally 6 MPa to 2 MPa peak rarefactional
pressure) using 20 μs pulses at a burst period of 2 ms at 1.44 MHz (1% duty cycle) [24].
In that study, Definity® was used at concentrations of 103, 104, and 105 microsphere per
mL with highly polydisperse droplets at a concentration of 5.3 × 107 droplets/mL. Based
on the Lumason® package insert concentration (1.5 to 5.6 × 108 microspheres/mL), our
studies were performed at a concentration of 8.4 × 106 microspheres/mL in the IDDC
coolant port, assuming no loss of Lumason® during infusion. The droplet volume fraction
for our study (5 × 10−4 mL of droplet volume per mL of diluent) corresponded to droplet
concentrations of 9.6 × 108 and 5.5 × 105 droplets/mL for 1 and 12 μm droplets, respec-
tively. Thus, the ultrasound insonation parameters, droplet concentrations, and ultrasound
contrast agent concentrations are similar between the studies. Given the differing impact of
ultrasound contrast agents between the work of Lo et al. and those reported herein, it may
be inferred that, as long as the ultrasound insonation pressure amplitude is greater than the
ADV threshold pressures, reducing the threshold may not correspond to increased ADV
transition efficiencies. There are notable differences between the work of Lo et al. and the
results of the present study that prevent a definitive conclusion. Key differences include
the droplet size distributions (polydisperse in Lo et al. versus monodisperse in the present
study) and the ultrasound beam profile (relatively uniform in Lo et al. and complex from
an EkoSonic® catheter [32]). Additionally, a broader range of ultrasound contrast agent
concentrations in our study may have produced more pronounced differences. However,
decreasing the ultrasound contrast agent concentration to be more similar to Lo et al. would
likely decrease any observed effect. A final key difference between the two studies is that
Lo et al. observed the greatest effect of pulse duration when millisecond-long pulses were
used. These pulse durations were not possible at the pulse repetition frequencies used in
this study without causing damage to the catheters. When studying acoustic cluster therapy,
where microbubbles and microdroplets are electrostatically bound, Healey et al. observed
that the nucleation efficiency decreased when albumin was added to a solution, which can
cause an uncoupling of the microbubbles and microdroplets [25]. Their work suggests that
increasing the distances between droplets and microbubbles decreases the impact of the
microbubble on transitioning the droplet. Neither the work of Lo et al. nor that reported
herein studied whether any microbubble and microdroplets were clustered together.

4.3. Ultrasound Insonation Parameters

Both the pulse duration and burst period affect the amount of oxygen scavenging
during ADV. The burst period had the greater impact, although the effect was a modest
increase in oxygen scavenging (10.8% ± 0.2%). Our observation that increasing the ultra-
sound duty cycle increased the ADV transition efficiency (and oxygen scavenging) is in
concert with the observation from Lo et al. [24] that the ADV threshold pressure decreased
with increasing duty cycle. However, as discussed in Section 4.2, there was not a coherence
between ADV transition efficiency and ADV threshold pressure amplitude in the presence
of an ultrasound contrast agent. Additional studies without ultrasound contrast agents
would be needed to further elucidate the relationship between the ADV transition efficiency
and threshold pressure amplitude. A limitation of this work is that hardware limitations
restricted the range of ultrasound duty cycles from 1.70% to 3.79%.

Varying ultrasound insonation parameters did not substantially affect oxygen scav-
enging and, for the most part, transition efficiency when the droplet diameter was varied.
In agreement with our observations made in experiments with and without the ultrasound
contrast agent, using 1 μm and, in part, 3 μm droplets, result in significantly less oxygen
scavenged than with 7, 9, or 12 μm droplets when varying duty cycles. However, differ-
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ences in transition efficiency were not as consistent as those in oxygen scavenging within
and between groups.

4.4. Effect of Droplet Concentration on Ultrasound Mediated Oxygen Scavenging

The current study observed that as droplet concentration increased, the amount of
ultrasound-mediated oxygen scavenging increased. The PO2 reduction observed within
the surrounding fluid with increasing droplet concentrations showed a saturating effect
at around 400 mmHg (approximately 70% of the total PO2). Kang et al. observed with
increasing droplet concentrations that the ADV microbubbles were smaller [19]. The ADV
microbubbles measured by Kang et al. included ingassing, and the smaller microbubble
sizes may indicate that at higher concentrations, there is less ingassing per microbub-
ble, which would be consistent with the saturation effect observed in Figure 6 and the
theoretical model of oxygen scavenging plotted by Mercado-Shekhar et al. [16]. At concen-
trations below approximately 5 × 10−4 mL/mL, the magnitude of oxygen scavenging has
a strong dependence on concentration. For nanodroplets, Yang et al. observed a decrease
in ADV threshold pressure amplitude (8.5 MPa to 5.6 MPa peak rarefactional), as deter-
mined by changes in B-mode echogenicity, for increasing droplet concentrations (104 to
108 droplets/mL) [36]. Notably, these pressure amplitudes are significantly greater than
the pressure amplitudes used in this study (1.5 MPa), though this could be consistent with
the decreasing transition efficiency with a decreasing droplet diameter.

The total volume of PFP that phase-transitioned increased with increasing droplet
concentrations, consistent with the increased oxygen scavenging (Figure 7). However, even
though more oxygen scavenging was observed with increasing droplet concentrations,
the transition efficiency as a percent of infused droplets decreased at higher droplet con-
centrations. The results of this study are not able to indicate the reason for the decrease,
but it is possible that acoustic shadowing or droplet–droplet interactions are a reason.
Supplemental Table S1 provides the average distance between droplets for each nominal
diameter at the lowest and highest droplet concentration in these studies. Aliabouzar
et al. observed a complex relationship between droplet concentration and ADV transition
efficiency for double emulsion microdroplets. At higher droplet concentrations (1%), the
ADV transition efficiency saturated with an increasing insonation pressure amplitude,
while lower concentrations (0.05%) showed a linear increase up to 6.5 MPa [13]. Similarly,
Dong et al. observed that, at 3.3 MPa insonation, the amount of growth factor released
from an ADV double droplet was similar for 0.25% and 1% droplet concentrations [12].
However, at 8.8 MPa insonation, the higher droplet concentration released more growth
factors, suggesting a higher ADV transition efficiency [12]. Together, these results highlight
that the absolute trends observed in our studies may vary depending on the ultrasound
pressure amplitude, which was not studied herein.

4.5. Comparison of Measured Oxygen Scavenging to Transition Efficiency-Based Model

Reasonable agreement was observed between the Radhakrishnan analytic model of
oxygen scavenging [20], which is based on the measured amounts of PFP that phase-
transitioned per milliliter of fluid, and the measured amount of oxygen scavenging droplet
concentrations of 5 × 10−4 mL/mL (Figure 7a). The Pearson correlation coefficient quan-
tifies that the data in Figure 7b demonstrate a strong linear relationship between the
measured and modeled magnitude of oxygen scavenging as the droplet concentration was
varied; however, there was an offset in the slope and intercept. This effect is observed
with the intraclass correlation coefficient being slightly lower than the Pearson correlation
coefficient. Potential reasons for the disagreement between measured and modeled values
may include errors in the estimated volume expansion of the PFP, particularly because
of surface tension [18,37] or the measured transition efficiency. In all experiments, the
coefficient of variance was larger for the measured transition efficiency than the measured
oxygen scavenging. Correspondingly, significant differences between experimental groups
were more often seen in the magnitude of oxygen scavenging than the transition efficiency
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due to the larger standard deviation in the transition efficiency measurements (Figures 3–5).
Fabiilli et al. [21] and Radhakrishnan et al. [20] also observed relatively large transition
efficiency standard deviations, similar to this study, though their large standard deviations
may be due to the use of polydisperse droplet distributions. Despite potential errors in
the model, measuring the oxygen scavenging and reversing the model to compute an
estimated transition efficiency measurement could be a more accurate way to obtain transi-
tion efficiency values. Additional studies designed to estimate the precision and accuracy
of this approach would be needed to validate it. Alternative particle sizing techniques,
such as nanoparticle tracking analysis [38] that can measure particles below the limits of a
Coulter counter, could provide more accurate and less variable estimates of the transition
efficiency. An additional source of error is that the ADV microbubbles are assumed to
remain microbubbles. However, depending on the temperature, size, and surface tension,
it is possible for droplets to recondense [37,39].

4.6. Study Limitations

The large variability observed with transition efficiency for pulse duration, burst pe-
riod, and Lumason® trials could be attributed to challenges in measuring effluent samples.
Our measurements assume that only droplets and not bubbles are measured. When mea-
suring peri-ADV samples, bubbles floating to the top of the sample were removed. Even
though care was taken to only remove bubbles, approximately 10–100 μL of the sample
was also removed in the peri-ADV samples. Another limitation with the method used to
measure samples showed that over time, droplets within a sample will settle to the bottom.
Larger droplets settle to the bottom faster than smaller droplets. Although samples were
mixed well before each measurement, the droplets would settle during the measurement
(note that the terminal velocity is between 4 and 14 mm/s for perfluoropentane droplets
between 1 and 12 μm in diameter in water).

A limitation of the current study was the re-use of the single-use EkoSonic® catheters
due to their cost. At the beginning of each experimental day, an electrical impedance
measurement was taken from the EkoSonic® device. If the phase was between –15 to
10 degrees, the EkoSonic® device was used. In pilot experiments, it was observed that
the magnitude of ADV varied outside of this range. When the phase was greater than
10 degrees, the amount of ADV was higher and below −15 degrees it was lower. The pilot
experiments demonstrated that the phase of the impedance changed relatively quickly the
first several times a previously unused catheter was used. After that, the amount of ADV
stabilized and the catheter could be used for approximately 70 to 120 trials. Therefore, the
first six trials of a new catheter were not used in the final data analysis.

5. Conclusions

The presented results indicate that the ADV transition efficiency and magnitude of
oxygen scavenging when infusing perfluoropentane droplets through the coolant port
of an EkoSonic® device driven at 47 W does not change substantially in the presence of
Lumason® at a concentration based on clinical dosing. A modest effect was observed where
more ADV occurs as the ultrasound duty cycle was increased from 1.70% to 3.79%. More
significant changes in transition efficiency and oxygen scavenging were observed as the
droplet concentration was increased from 5 × 10−5 mL/mL to 5 × 10−4 mL/mL, but then
saturated for higher concentrations. These results indicate the oxygen scavenging effect can
be modulated most readily by varying the droplet concentration. Furthermore, alternate
approaches to increasing the transition efficiency at higher droplet concentrations may
provide a route to overcoming the saturation effect.

Supplementary Materials: The following supporting information can be downloaded at: https:
//www.mdpi.com/article/10.3390/pharmaceutics14112392/s1, Table S1: Average droplet separation
for each nominal droplet diameter at the lowest and highest droplet concentrations used.
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Abstract: Pharmaceutical delivery can be noninvasively targeted on-demand by microbubble (MB)
assisted focused ultrasound (FUS). Passive cavitation detection (PCD) has become a useful method to
obtain real-time feedback on MB activity due to a FUS pulse. Previous work has demonstrated the
acoustic PCD response of MBs at a variety of acoustic parameters, but few have explored variations
in microbubble parameters. The goal of this study was to determine the acoustic response of different
MB size populations and concentrations. Four MB size distributions were prepared (2, 3, 5 μm
diameter and polydisperse) and pulled through a 2% agar wall-less vessel phantom. FUS was applied
by a 1.515 MHz geometrically focused transducer for 1 ms pulses at 1 Hz PRF and seven distinct
mechanical indices (MI) ranging from 0.01 to 1.0 (0.0123 to 1.23 MPa PNP). We found that the onset
of harmonic (HCD) and broadband cavitation dose (BCD) depends on the mechanical index, MB
size and MB concentration. When matched for MI, the HCD and BCD rise, plateau, and decline as
microbubble concentration is increased. Importantly, when microbubble size and concentration are
combined into gas volume fraction, all four microbubble size distributions align to similar onset and
peak; these results may help guide the planning and control of MB + FUS therapeutic procedures.

Keywords: passive cavitation detection; size-isolated microbubbles; focused ultrasound; stable
cavitation; inertial cavitation

1. Introduction

Microbubble ultrasound contrast agents (MBs) typically comprise a phospholipid shell
and a low-solubility weight gas (e.g., perfluorocarbons) [1] and range from 0.1 to 10 um
in diameter [2,3]. Several compositions are clinically approved for ultrasound contrast
imaging due to their echogenicity [3]. The stabilizing shell can be modified to provide
ligand targeting or drug attachment [4]; this versatility has allowed the emergence of
microbubbles as an agent for more precise imaging applications, including super-resolution
and molecular imaging [5–7].

A unique property of microbubbles is their ability to cavitate (oscillate) strongly under
ultrasound. The MB oscillations in response to ultrasound induce localized forces that can
provide a means of cell membrane permeabilization and drug extravasation [8–10]. The
combination of these effects with the noninvasive targeting precision of focused ultrasound
(FUS) has become an area of interest for novel pharmaceutical therapeutics; it has been
shown that FUS and MBs can disrupt the blood–brain barrier (BBB) at a lower mechanical
index (MI) than for FUS alone [11–13]. At the lower MI, there is minimal damage while
creating a pathway for macromolecules to enter the parenchyma [8,14]. To create safer
and more effective therapies, efforts are underway to better understand and control the
mechanisms behind MB cavitation.

Many acoustic parameters have been investigated with respect to the resulting cavita-
tion. For example, the pressure threshold of blood–brain barrier disruption (BBBD) was
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shown to decrease with increasing pulse length, where an increasing number of cycles
increased the extent of BBBD [11,15]. However, the pulse repetition frequency has not
been shown to affect the threshold [11,12]. The mechanical index is one of the most impor-
tant factors for achieving BBBD [11–13]. While these studies have varied the ultrasound
parameters, few have discussed the microbubble parameters.

Microbubble size has been of interest to the effect on therapy, including BBBD; it was
previously shown that dye-delivery by BBBD depends on microbubble diameter [16,17].
Larger microbubbles had a higher BBBD when concentrations were matched by the number
of bubbles; these studies demonstrated that larger microbubbles had a lower threshold to
observe significant BBBD [16,17]. Wang et al. Furthermore showed that microbubble com-
position (e.g., choice of gas core, shell) affects the intensity of BBBD, although differences
were not as significant as size [18].

Clinically approved microbubbles come in a variety of concentrations and size distri-
butions that can even vary vial-to-vial for the same product [19]. Studies have shown that
this variety may result in different acoustic responses in both imaging [20–23] and thera-
peutics, which can result in different biological effects [16,24,25]. MB size distribution and
concentration can be combined into a single parameter, called the gas volume fraction (GVF,
μL/mL), or microbubble volume dose (MVD) when prescribed to the subject’s body weight
(μL/kg) [26]. Interestingly, effects of different MB size distributions at matched MVD were
shown to be similar for both pharmacokinetics [25,27] and BBBD drug extravasation [26];
this begs the question as to whether cavitation activity of different MB size distributions and
concentrations also collapses to a master curve when plotted against MVD. Such a result
would help to bridge the knowledge gap between MB pharmacokinetics and MB + FUS
bioeffects.

A passive cavitation detector (PCD) allows real-time analysis of the acoustic emissions
of the microbubbles [28–32]. Previous reports have shown two defining forms of MB
cavitation, “stable” and “inertial” cavitation [33]. Stable cavitation occurs at lower acoustic
pressures and is defined by relatively small oscillations and minimal effect on the resting
size of the microbubble [33–35]. Stable cavitation has been identified by harmonic emissions
during ultrasonic excitation [4,36]. However, harmonic signals can be produced by tissue
or coupling media and therefore are not strictly indicative of microbubbles [37]. On the
contrary, sub/ultra-harmonic emissions only arise from microbubbles and are, therefore
better indicators of bubble activity [38]. As the acoustic driving pressure increases, the
MBs can move into the inertial cavitation regime. Inertial cavitation emissions have
been identified by a broadband PCD response [28,30,36], where they collapse violently to
produce a broadband echo. At this point, jetting, shockwaves and other inertial effects can
occur [33,35,39].

However, microbubbles observed under high-speed video microscopy have been
shown to display relatively large oscillations and may change the size by rectified diffusion,
coalescence, fragmentation or dissolution at the same acoustic forcing in which they would
be characterized as undergoing “stable” cavitation with PCD data [40–42]. In fact, the MBs
may be dynamic (changing size and number), rather than stable, while they are emitting
sub/ultra-harmonic echoes. MBs can also move into intermittent inertial cavitation and
still produce sub and ultra-harmonic echoes [43]. We, therefore, use the terms “harmonic”
or “broadband” cavitation, rather than “stable” or “inertial” cavitation, to describe the
behavior.

The purpose of this study was to investigate the effects of microbubble size and con-
centration on the harmonic and broadband cavitation response in a vessel phantom. To
achieve this, microbubbles were pulled through a wall-less agar vessel phantom while FUS
was applied. The resulting acoustic response was recorded with a PCD. Four size distribu-
tions were analyzed at mechanical indices ranging from 0.01 to 1.0. Each size distribution
was also examined at a range of concentrations from 1.5 × 104 to 1.5 × 108 MBs/mL. The
harmonic cavitation dose (HCD) and broadband cavitation dose (BCD) were calculated
and compared at different MB diameters, concentrations and GVFs.
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2. Materials and Methods

2.1. Materials

All solutions were made using filtered, sterile, deionized water (Direct-Q 3 Millipore,
Billerica, MA, USA). All glassware was cleaned with 70 vol% isopropyl alcohol (Supelco,
Burlington, MA, USA). 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC) was purchased
from Avanti Polar Lipids (Alabaster, AL, USA). Perfluorobutane gas (n-C4F10, PFB) was
purchased from FluroMed (Round Rock, TX, USA). Polyoxyethylene-40 stearate (PEG40S)
and chloroform were purchased from Sigma-Aldrich (St. Louis, MO, USA). Sterile saline
solution and phosphate-buffered saline solution (PBS) were purchased from Fisher Scientific
(Pittsburg, PA, USA). The purity of all the reagents was ≥99%, and they were used as
received without further purification.

2.2. Experimental Set-up

To target focused ultrasound, we designed and built a custom wall-less vessel phantom
(Figure 1). The RK-50 system (Stereotactic-guided Focused Ultrasound, FUS Instruments,
Toronto, ON, Canada) was used for our experiments. The RK-50 system has a single ele-
ment, 1.515 MHz, focused transducer with a 20-mm diameter. To receive returning signals
from the microbubbles, a built-in passive cavitation detector (PCD) positionedcoaxially
within the focused transducer was used. The PCD had a wide bandwidth and center
frequency of 0.7575 MHz, with an 8 mm diameter. PCD voltage vs. time data were collected
by the RK-50 software. The phantom was placed under the transducer. The phantom
shell was filled with filtered and degassed water. On either end of the vessel, female luers
were used to attach 0.9 mm outer diameter tubing. One end of the tubing was placed in
a beaker of microbubbles on a stir-plate with medium stirring (150 RPM). The other end
of the tubing was attached to a 12 mL syringe (Monoject, Coviden, Mansfield, MA, USA)
on a withdrawing syringe pump (Model 1000, New Era Pump Systems, Farmingdale, NY,
USA). Microbubbles were diluted down to the desired concentration just before the flow
was started.

Figure 1. Diagram of experimental set up. A passive cavitation detector (PCD) was positioned
perpendicular to the wall-less vessel and coaxially to the focused ultrasound (FUS) beam. The body
of the phantom was made of 2% agar. The space between the agar and FUS transducer was degassed
water. Sorbothane rubber was used beneath the agar to minimize reflections. A block diagram
and side view of the phantom (A) shows a connection to the FUS Instruments RK50 system. An
isometric view of the phantom (B) illustrates the four wall-less vessels with luer inlets and outlets.
The microbubble flow path from solution on the stir plate through the phantom to a withdrawing
syringe can be seen in the top view (C).

2.3. Fabrication of Agar Phantom

The agar phantom was created within an acrylic box with dimensions shown in
Supplementary Figure S1. Barbed female luers were added to four evenly spaced points
along the length of the box with barbed pieces facing inwards. A sorbothane vibration
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isolating rubber (Isolate It! Burlington, NC, USA) layer was added to the bottom of the
box as an acoustic absorber. Prior to preparing the agar, polyethylene tubing (Warner
Instruments, Holliston, MA, USA) with an outer diameter of 0.9 mm was pulled through
both ends of the luers. The 0.9 mm diameter was chosen to be small enough to be clearly
within the focal zone of the FUS and PCD. Agar (2%) was prepared using 11 g of Agar
powder (Millipore, Burlington, MA, USA) mixed with 550 mL of filtered and distilled water
at room temperature for 20 min or until the powder had fully dissolved. The solution was
then placed in an 1100-Watt microwave and heated for 30 s, mixed, then reheated until it
was transparent. The solution was then placed in a vacuum chamber to degas. The pressure
was slowly reduced by 80 kPa over a five-minute period. The solution was then removed
and slowly poured into the acrylic box. Polyethylene tubing was adjusted as needed to
confirm a perpendicular angle to the side of the phantom. All, if any, air bubbles were
removed by popping or scooping them out. The phantom was allowed to cool for one and
a half hours at room temperature.

2.4. Microbubble Preparation

Lipid-coated MBs with a PFB gas core was prepared by sonication, as described previ-
ously [44]. Briefly, under sterile conditions, a dried lipid film comprising DSPC:PEG40S
(90:10) was hydrated with filtered and sterile PBS (1X) to a final lipid/emulsifier concen-
tration of 2 mg/mL at 65 ◦C for 40 min. Once fully hydrated, the solution was allowed to
cool to room temperature. The lipid solution was sonicated with a 20 kHz probe (model
250A, Branson Ultrasonics; Danbury, CT, USA) at low power (3/10; 3 W) for four min-
utes. After cooling to room temperature, PFB was delivered to the surface of the lipid
suspension for 10 s. Then, the solution was sonicated at high power (10/10; 33 W) for 30 s
to produce polydisperse MBs. Polydisperse MBs were then collected into 30 mL sterile
syringes and isolated by differential centrifugation into three diameters: 2, 3 and 5 μm
diameter. The size isolation process, including time and speeds of centrifugation, can be
found in Supplemental Figure S2. MB concentration and number- and volume-weighted
size distributions were measured using a Multisizer 3 Coulter Counter (Beckman Coulter).
MB concentration (c, MBs/μL) versus MB volume (v, μL/MB) was plotted, and MB gas
volume fraction (ΦMB) was estimated as follows:

ΦMB =
n

∑
i=1

ci × vi (1)

where i is the index of the sizing bin, and there were 300 logarithmically spaced bins ranging
from 0.7 to 18 μm in diameter. Three independent size-isolated MB preparations were
evaluated after synthesis and three hours prior to sonication to confirm the size distributions
and concentration. Finally, after isolation, MB cakes were stored in the refrigerator at 4 ◦C
for subsequent use.

2.5. Focused Ultrasound Stimulation of Microbubbles

A sinusoidal burst signal with a center frequency of 1.515 MHz was produced using
the RK-50 system. The signal had a pulse repetition frequency (PRF) of 1 Hz, pulse
duration (PD) of 1 ms, the peak negative pressures (PNP) varied from 12.3 kPa to 1.23 MPa.
Mechanical Index (MI) is a unifying ultrasound parameter that combines the ultrasound
center frequency (f in units of MHz) and peak negative pressure (PNP in units of MPa).
The relationship is:

MI =
PNP√

f
(2)

Previous studies have shown that MI correlates well with biological effects including
BBBD over a range of peak negative pressures and fundamental frequencies [12]. Therefore,
the MIs used during sonication were between 0.01 and 1.0. Microbubbles were kept at
4 ◦C just prior to dilution into room temperature water and subsequent PCD measurement.
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MB stability during stirring was confirmed by measuring the concentration and mean
diameter periodically after 15 min of stirring (Supplemental Figure S3). The syringe pump
withdrew at 34 mL/h to allow new microbubbles in the focal area of ultrasound between
each pulse. The flowrate was slow enough to avoid a large pressure gradient (~150 Pa), yet
high enough to avoid significant bubble flotation on the top of the tube due to buoyancy.

2.6. PCD Data Collection and Analysis

To analyze the acoustic cavitation of the microbubbles, returning pressure was con-
verted into voltage via a PCD device built into the FUS transducer. The resulting voltage
over time signals were stored on the RK-50 desktop. Data were collected at a 37 MHz
sampling frequency. The collection started just prior to initial sonication. All data were
analyzed using MATLAB (MathWorks, Natick, MA, USA). Voltage data were first cropped
to remove any signal prior to the first expected return signal (pre-signal sensitivity plus
travel time of the first pulse). Tukey windowing was applied to the cropped signal to
prevent spectral leakage on the fast Fourier transform (FFT). The FFT was then taken for
every pulse (26). The FFT magnitudes were averaged together within each treatment.

2.7. Harmonic Cavitation Dose

Sub-harmonic and ultra-harmonic (F × n/2; n = 1, 3, 5 . . . ) frequencies are associated
with the harmonic (non-broadband) cavitation of microbubbles. Once voltage data were
converted to the frequency domain, the power spectrum was used to analyze these fre-
quencies. A lowpass filter was applied at the end of the fourth harmonic (6.06 MHz). The
sub-harmonic and the first three ultra-harmonic (e.g., 0.7575, 2.2725, 3.7875, 5.3025 MHz)
components were extracted using a minimum order bandpass filter, with a bandwidth
of 0.1 MHz, at each frequency. Fast Fourier transform was used to obtain the frequency
spectrum:

X(k) =
N−1

∑
i=0

x(i)e−j 2π
N ik(k = 0, 1, . . . , N − 1) (3)

where k is the frequency point in the frequency spectrum. To determine the intensity of the
harmonic frequency components, the power spectrum of the signal was then calculated by:

P(k) = X(k)2(k = 0, 1, . . . , N − 1) (4)

The resulting power spectrums were summed together and multiplied by the total
sampling time:

HCDm = Ts
a

∑
1

b

∑
1

P(k) (5)

where a and b are the number of sub/ultra-harmonic components and the number of
frequency points in every sub/ultra-harmonic component, respectively. Note that the four
sub/ultra-harmonic components ranged from 0.7075 MHz to 5.3525 MHz, (a = 1, 2, · · · , 4),
and the total number of frequency points in every component can be calculated by dividing
the bandwidth of analysis (0.1 MHz) by the frequency resolution (1587 Hz), giving 63 points
per component. In Equation (5), the coefficient was the sampling time (Ts) for harmonic
cavitation signals. The sampling time used was 850 × 10−6 s. The real harmonic cavitation
dose (HCD) from the microbubbles can be calculated by subtracting the measurement from
the control degassed saline solution (HCDc, Figure S2):

HCD = HCDm − HCDc (6)

2.8. Broadband Cavitation Dose

The broadband signal is associated with the inertial cavitation of microbubbles. Once
voltage data were converted to the frequency domain, the power spectrum was used to
analyze these frequencies. A lowpass filter was applied at the end of the fourth harmonic
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(6.06 MHz). The subharmonic, the first three ultra-harmonics and the first four harmonics
(e.g., 0.7575, 1.515, 2.2725, 3.03... etc. MHz) components were removed using a stopband
filter, with a bandwidth of 0.1 MHz, at each frequency. Fast Fourier transform was used to
obtain the frequency spectrum:

X(k) =
N−1

∑
i=0

x(i)e−j 2π
N ik(k = 0, 1, . . . , N − 1) (7)

where again k is the frequency point in the frequency spectrum. To determine the intensity
of the broadband frequency components, the power spectrum of the signal was then
calculated by:

P(k) = X(k)2(k = 0, 1, . . . , N − 1) (8)

The resulting power spectrums were summed together and multiplied by the total
sampling time:

BCDm = Ts
a

∑
1

b

∑
1

P(k) (9)

where a and b are the number of broadband components and the number of frequency
points in every broadband component, respectively. Noted that seven broadband com-
ponents ranged from 0.8075 MHz to 6.01 MHz, (a = 1, 2, · · · , 7), and the total number
(414) of frequency points in every broadband component can be calculated by dividing the
bandwidth of analysis (0.6575 MHz) by the frequency resolution (1587 Hz). In Equation (9),
the coefficient was the sampling time (Ts) for broadband cavitation signals. The sampling
time used was 850 × 10−6 s. After broadband cavitation dose control (BCDc) from the
control degassed saline solution was obtained, the real broadband cavitation dose (BCD)
from the microbubbles can be calculated by:

BCD = BCDm − BCDc (10)

2.9. Statistical Analysis

For each treatment a total of 26 bursts were completed. An FFT was taken for each
burst individually and the magnitudes were averaged together. A minimum of four
replicate treatments were done for each concentration, mechanical index, and microbubble
size distribution using a new batch of microbubbles and agar. The saline control solution
was also completed after changing microbubble size distribution, new agar, or moving
to a new channel. The control values were ensured to be similar in magnitude for each
change (Supplemental Figure S4). The standard deviation and mean were calculated for
the respective groups. An ANOVA was completed at all plots where HCD or BCD was
expressed. Tukey’s multiple comparisons test was used to determine the significance
between points. All adjusted p-values obtained are shown in Supplemental Tables S1–S4.

3. Results and Discussion

3.1. MB Characterization

Following size isolation of microbubble populations, each size was visually inspected
using microscope brightfield images shown in Figure 2A–D. Coulter Multisizer sizing con-
firmed an initially broad polydisperse population with uniform sizes following centrifugal
isolations. Figure 2E illustrates the number weighted percent of the populations giving
a mean diameter of 2.0, 2.9, 4.4 and 1.9 μm for 2, 3, 5 μm and polydisperse respectively.
Volume weighted percent had similar narrow peaks with mean diameters of 2.4, 3.5, 5.5
and 8.8 μm (Figure 2F). Figure 2G shows the plot used to determine the gas volume fraction
(ΦMB) of each microbubble (MB) population. The mean ΦMB per MB for 1010 MBs/mL
was shown to be 5.28, 14.8, 54.7, and 18.7 μL/mL for 2, 3, 5 μm and polydisperse respec-
tively (Table 1). Statistical analysis was done for each plot, showing significant differences
between all size isolated populations (p < 0.05).
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Figure 2. Characterization of size-selected and polydisperse microbubbles. Representative brightfield
images of each diameter (2, 3 and 5 μm) and polydisperse microbubbles ((A–D), respectively).
Number weighted (E) and volume-weighted (F) size distributions. (G) Microbubble concentration
against the microbubble volume; the shaded area under the curve represents the gas volume fraction
at the given total concentration (1010 MBs/mL). Vertical dotted lines of matched color represent mean
values for the size distribution. Statistical analysis showed a significant difference (p < 0.05) between
all isolated diameters (2, 3 and 5 μm) but not the polydisperse population. Data points represent the
mean and error bars show the standard deviation (n = 4).

Table 1. Microbubble size distribution statistics. Table shows the mean diameter, mode diameter,
standard deviation, d10 and d90 (where 10 or 90 percent of all particles fall below this diameter), in
the number weighted graph (Figure 2E). The mean diameter for the volume weighted plot (Figure 2F)
is shown next. The average gas volume fraction (ΦMB) per microbubble is given in the rightmost
column and found using Figure 2G. All values were averaged over 4 separate measurements.

Size Distribution Characterization

Number % Parameters Volume %
Mean

ΦMB @ 1010

MBs/mLMean Mode SD d10 d90

2 μm 2.0 μm 1.8 μm 0.46 μm 1.3 μm 2.4 μm 2.4 μm 5.28 μL/mL

3 μm 2.9 μm 2.9 μm 0.7 μm 2.2 μm 3.6 μm 3.5 μm 14.8 μL/mL

5 μm 4.4 μm 4.2 μm 1.1 μm 3.2 μm 5.4 μm 5.5 μm 54.7 μL/mL

Polydisperse 1.9 μm 1.0 μm 1.6 μm 0.8 μm 3.6 μm 8.8 μm 18.7 μL/mL

3.2. Signal Analysis

The acoustic response of control PBS is shown in Figure 3. As expected, the saline
showed very little acoustic feedback at all mechanical indices. Supplemental Figure S4
shows the difference in harmonic cavitation dose between the control PBS and the microbub-
bles. Figure 4 shows the voltage and frequency response of 5 μm diameter microbubbles
(1.5 × 106 MBs/mL; MI = 1.0) flowing (34 mL/h) through a 900 μm diameter wall-less
vessel. After signal processing depicted in Figures 3 and 4, two types of responses could be
determined: harmonic cavitation dose (HCD) and broadband cavitation dose (BCD).
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Figure 3. Signal processing of voltage versus time data obtained from the passive cavitation detector
for a PBS control (A). Initial 150 μs removed to decrease noise prior to first sonication reflection at
the vessel (B). Tukey window is applied (C). The Fast Fourier Transform (FFT) was taken for all
26 sonications (D). For all replicates, the average FFT was obtained (E). The area under the curve for
sub/ultra-harmonics, harmonics, and broadband peaks were calculated (F).

Figure 4. Signal processing of voltage versus time data obtained from the passive cavitation detector
for 1.5 × 106 MBs/mL of 5 μm MBs sonicated at 1.0 mechanical index. (A–F) Similar signal processing
as Figure 3.

3.3. Harmonic Cavitation Dose vs. Mechanical Index

The subharmonic and ultraharmonic response of four different size distributions of
microbubbles across a range of mechanical indices (MIs) from 0.01 to 1.0 is illustrated in
Figure 5. For all diameters at a given concentration, the HCD increased only slightly up
to a threshold MI, above which a larger increase was observed. The general trend was
a linear increase for both regimes of HCD vs. MI, below and above the threshold MI.
Our threshold MI for the onset of harmonic cavitation dose (HCD) matched previously
determined MIs both in vivo [37] and in vitro [45]. The threshold MI appeared to increase
in magnitude for decreasing bubble diameter (e.g., from 0.4 MI for 2 μm MBs to 0.1 MI for
5 μm MBs at a matched concentration of 1.5 × 105 MBs/mL). Additionally, at a given MI,
the HCD increased to a peak and then decreased with MB concentration, presumably due
to attenuation of the US signal during both transmit and receive; this phenomenon can also
be explained by bubble-bubble interactions during the sonication [46,47]. The peak HCD
was at a concentration of ~107 MBs/mL for 2 μm MBs and ~106 MBs/mL for the other
MB sizes.
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Figure 5. Harmonic Cavitation Dose (HCD) versus mechanical index at varying concentrations.
(A) 2 μm microbubbles at four concentrations (1.5 × 105, 1.5 × 106, 1.5 × 107 and 1.5 × 108 MBs/mL).
(B) 3 μm microbubbles at five concentrations (1.5 × 104–1.5 × 108 MBs/mL). (C) 5 μm microbubbles
at four concentrations (1.5 × 104–1.5 × 107 MBs/mL). (D) Polydisperse microbubbles at five different
concentrations (1.5 × 104–1.5 × 108 MBs/mL). Statistical significance can be found in Supplemental
Table S1. Data represent the mean and errors bars show the standard deviation (n = 4).

3.4. Broadband Cavitation Dose vs. Mechanical Index

The broadband response of four different size distributions of microbubbles across
a range of mechanical indices (MIs) from 0.01 to 1.0 is shown in Figure 6. There was a
clear onset of BCD after 0.4 MI for all MB sizes, which matches previous literature [28–30].
After 0.4 MI, the BCD increased linearly, although at different slopes depending on the
concentration. In some cases (e.g., for 1.5 × 108 MBs/mL for 2 μm MBs), there was a slight
reduction from the linear trend at the highest MI of 1.0, presumably due to MB destruction
from pulse to pulse.

3.5. Harmonic Cavitation Dose vs. Concentration

Figure 7 illustrates the sub/ultraharmonic response as number concentration was
increased. The HCD increased, peaked, and then declined as MB concentration increased.
Comparing across size distributions, the larger microbubbles (5 μm) had a peak around
1.5 × 106 MBs/mL whereas the smallest microbubble diameter (2 μm) had a peak around
1.5 × 107 MBs/mL. Both polydisperse and 3 μm diameter distributions had a similar peak
around 1.5 × 106 MBs/mL. From a theoretical perspective, increasing HCD with MB con-
centration follows simply as an increase in the number of scatterers. The decreasing trend is
likely due to attenuation (due to scattering and absorption) of the ultrasound signal during
both transmit and receive. Previous work using numerical simulations has shown this
decrease in sub/ultra-harmonic emissions as the number of microbubbles increases [48].
The simulations showed that bubble-bubble interactions intensified broadband signaling
and therefore hid the harmonic emissions [46,48]. Similarly, using randomly distributed mi-
crobubbles, it was shown that sub and ultra-harmonic emissions plateau and decrease as the
concentration of MBs is increased [47,49,50]; it is also reported that a peak acoustic emission
occurs around 106 MBs/mL, matching our results (Figure 7) [50]. Additionally, previous
work has shown that microbubbles themselves can attenuate acoustic signals through
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scattering and absorption of the acoustic energy during both transmit and receive [51].
Given the nonlinearity of MB attenuation and the complexity of bubble-bubble interactions,
further work is required to determine the exact mechanism for the peak acoustic emission
observed here. The maximal concentration corresponds to the optimum between these
two opposing trends. Interestingly, these optimal concentrations roughly correspond to the
physiologically relevant dose for commercial ultrasound contrast agent MBs [52].

Figure 6. Broadband Cavitation Dose (BCD) versus the mechanical index. (A) 2 μm microbubbles
at four concentrations (1.5 × 105–1.5 × 108 MBs/mL). (B) 3 μm microbubbles at five concentra-
tions (1.5 × 104–1.5 × 108 MBs/mL). (C) 5 μm microbubbles at four concentrations (1.5 × 104–
1.5 × 107 MBs/mL). (D) Polydisperse microbubbles at five different concentrations (1.5 × 104–
1.5 × 108 MBs/mL). Statistical analyses can be found in Supplemental Table S2. Data represent the
mean and error bars show the standard deviation (n = 4).

3.6. Harmonic Cavitation Dose vs. Gas Volume Fraction

In the spirit of using the MVD metric from prior pharmacological and therapeutic
studies [26,27], we converted the MB number concentration to gas volume fraction (GVF),
essentially matching total gas volume rather than the number of MBs. Figure 8 shows that
as GVF increased, the sub/ultraharmonic response (HCD) rose to a peak and then declined.
Importantly, there was a clear overlap between all size distributions.

At matching MI (Figure 8 left column), all MB size distributions had a similar onset,
peak and decline. For all MB sizes, HCD peaked at a GVF ~0.02 μL/mL; this optimal GVF
fell slightly above the estimated initial blood GVF at the recommended dose of clinically
approved UCAs [53] (black dotted lines) and on the lower end of the current doses used
for therapeutic MB + FUS [26] (pink dotted lines).

At matching MB size (Figure 8 right column), the trend between HCD and GVF
is elucidated as a family of curves that increase with MI. Plotting as GVF aligns the
onsets, peaks, and declines for all four size distributions. Interestingly, the peak HCD is
approximately the same magnitude (0.0325–0.05 V2·s) for all sizes and occurs at a similar
MI (0.4–1.0). The family of curves for 3 μm diameter MBs is remarkable in that a clear
triangular shape (owing to the onset, liner increase, peak, and linear decline) is observed for
HCD vs. GVF for all MIs; this should greatly simplify the application of feedback control
strategies.
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3.7. Broadband Cavitation Dose vs. Gas Volume Fraction

Figure 9 shows the broadband response as the gas volume fraction was increased.
Similarly, to the sub/ultra-harmonic response, there is a gas volume fraction where the
onset occurs. The onset is consistently higher than the respective onset of sub/ultra-
harmonic emissions. As gas volume fraction is increased, the broadband response increases
to a peak and begins to plateau or decrease. In Figure 9A,C,E,G, all microbubble size
distributions have similar onset, peak and declines relative to gas volume fraction. The
magnitudes of BCD are also very similar for each MB population at matching MI and gas
volume fractions.

Figure 7. Harmonic Cavitation Dose (HCD) versus microbubble number concentration (MBs/mL).
(A,C,E,G) Graphs represent the four types of microbubbles at different mechanical indices: 0.4, 0.6,
0.8, and 1.0, respectively. The inverse is shown in graphs (B,D,F,H) where each graph represents the
range of mechanical indices (0.1–1.0) for each microbubble population: 2, 3, 5 μm, and polydisperse,
respectively. Statistical significance can be found in Supplemental Table S3. Data represent the mean
and errors bars show the standard deviation (n = 4).
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Figure 8. Harmonic Cavitation Dose (HCD) versus gas volume fraction (μL/mL). (A,C,E,G) Graphs
represent the four types of microbubbles at different mechanical indices: 0.4, 0.6, 0.8, and 1.0,
respectively. The inverse is shown in graphs (B,D,F,H) where each graph represents the range of
mechanical indices (0.1–1.0) for each microbubble population: 2, 3, 5 μm diameter, and polydisperse
respectively. Vertical dotted lines represent regions of gas volume fraction used in ultrasound
imaging [53] (black) and blood–brain barrier disruption [26] (pink). Data represent the mean and
error bars show the standard deviation (n = 4).
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Figure 9. Broadband Cavitation Dose (BCD) versus gas volume fraction (μL/mL). (A,C,E,G) Graphs
represent the four types of microbubbles at different mechanical indices: 0.4, 0.6, 0.8, and 1.0,
respectively. The inverse is shown in graphs (B,D,F,H) where each graph represents the range
of mechanical indices (0.1–1.0) for each microbubble type: 2, 3, 5 μm diameter, and polydisperse,
respectively. Statistical significance can be found in Supplemental Table S4. Data represent the mean
and error bars show the standard deviation (n = 4).

3.8. Master Surface Plot of Harmonic and Broadband Caviation Dose vs. Gas Volume Fraction vs.
Mechanical Index

In Figure 10, all four microbubble types (2, 3, 5 μm diameter and polydisperse) were
combined into a single 3D mesh to illustrate the master curve alignment for both HCD and
BCD. Given how both HCD and BCD (Figure 10) show similar reductions to a single curve,
resonance comes to question; it is well known that microbubble diameter influences the
resonance frequency of the MB; although we do not see significant differences between the
larger 5 μm MBs and smaller 2 μm MBs, even though at 1.515 MHz driving frequency we
would expect the larger MBs to be closer to resonance [2,54–57]. The resonance effect could
be lost due to the dynamic behavior of the MBs from pulse to pulse; it has been determined
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that the resonance curve and subsequent peak correspond to how much pressure is applied
to the microbubble [20]. During the pulse, the MBs may fragment and/or dissolve [3,58,59],
coalesce [60], displace by primary radiation force [61–63] and/or aggregate by secondary
radiation force [63–65]. Thomas et al. demonstrated as MBs decayed due to ultrasound
the MBs would move through their resonance peak [66]. The amount of substance that
each shell lost was dependent on how high of pressure the microbubbles were being driven
at [66]; these phenomena are not mutually exclusive. Additionally, depending on the
driving frequency and peak negative pressure, MB oscillations can extend beyond the
ultrasound pulse [58]. The change in MB number and/or diameter during the subsequent
pulses may therefore change.

Figure 10. Harmonic (A) and Broadband (B) Cavitation Dose (HCD and BCD) versus mechani-
cal index versus gas volume fraction (μL/mL). (A,B) Graphs represent all four size distributions
(2, 3, 5 μm diameter and polydisperse). Error bars are not shown but can be found in previous
Figures 5, 6, 8 and 9). Statistical significance can be found in Supplemental Tables S1–S4.

This study had a few limitations. First, we only investigated a single microbubble
composition. As discussed previously, MB composition can greatly influence the acoustic
response and colloidal stability. Although we have significant differences in size, we only
apply a single frequency, 1.515 MHz; this prevents the illustration of how moving towards
or away from resonance would influence the cavitation echoes for given size distribution.

134



Pharmaceutics 2022, 14, 1925

Similarly, our size isolation process was completed using differential centrifugation, which
can result in wider size distributions than other methods such as microfluidic flow focusing.
Although we observed some overlap between the intermediate 3 μm diameter MB size
distribution and the others, the 2 and 5 μm distributions were not overlapping. However,
when matched to the same GVF, these latter two distributions gave similar results. Thus,
we do not expect that more monodisperse distributions will yield a different conclusion.
However, this should be tested experimentally in future work.

4. Conclusions

In this article, we discovered that all four microbubble size distributions (2, 3, 5 μm
diameter and polydisperse) align to similar onset and peak in both harmonic and broadband
cavitation doses when matched for microbubble gas volume fraction, rather than number
concentrations. Thus, microbubble gas volume fraction, a precursor of the microbubble
volume dose (MVD), appears to be sufficient to capture variations in the microbubble size
distribution. MVD may therefore be used as a single microbubble input, along with the
derated mechanical index to represent the ultrasound input, to predict the resulting bubble
activity as determined by passive cavitation detection; this result provides a missing link
between prior literature showing that pharmacokinetics and blood-brain barrier disruption
also scale with MVD. Future work should determine if this effect holds in vivo, and if other
parameters held constant in this study (e.g., bubble chemistry and ultrasound pulsing
scheme) affect the harmonic and broadband cavitation doses.
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Concentration; Table S4: Statistical Analysis of BCD vs. Concentration.
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Abstract: Microbubbles are 1–10 μm diameter gas-filled acoustically-active particles, typically stabi-
lized by a phospholipid monolayer shell. Microbubbles can be engineered through bioconjugation of
a ligand, drug and/or cell. Since their inception a few decades ago, several targeted microbubble
(tMB) formulations have been developed as ultrasound imaging probes and ultrasound-responsive
carriers to promote the local delivery and uptake of a wide variety of drugs, genes, and cells in differ-
ent therapeutic applications. The aim of this review is to summarize the state-of-the-art of current
tMB formulations and their ultrasound-targeted delivery applications. We provide an overview
of different carriers used to increase drug loading capacity and different targeting strategies that
can be used to enhance local delivery, potentiate therapeutic efficacy, and minimize side effects.
Additionally, future directions are proposed to improve the tMB performance in diagnostic and
therapeutic applications.

Keywords: targeted microbubbles; ultrasound imaging probes; ultrasound-targeted delivery;
therapy; immunotherapy

1. Introduction

Microbubbles (MBs) are gas-filled particles of 1–10 μm in diameter suspended in an
aqueous medium. The gas core is highly compressible, making the MB an ideal acoustically
responsive agent for ultrasound. However, uncoated MBs are highly unstable owing to
their Laplace pressure [1] and tendency to coalesce [2]. Therefore, shells comprising lipid,
surfactant, protein, polymer or other materials have been developed to stabilize the MBs for
in vitro and in vivo use (Figure 1) [3,4]. Current clinically approved MBs comprise sulfur
hexafluoride, perfluorobutane or perfluoropropane gas, and a phospholipid or protein
shell (Table 1) [4–6]. These commercial MBs have been approved as ultrasound contrast
agents for different diagnostic purposes including echocardiography, radiology, and other
diagnostic imaging purposes [5–7].

Following their clinical translation as ultrasound imaging contrast agents, MB formula-
tions have been engineered as ultrasound-responsive carriers to promote and enhance the
local delivery and uptake of a wide variety of drugs [8–11], genes [12–14], and cells [15–20] for
various therapeutic applications. Many of these applications include the delivery of therapeu-
tic agents to treat the brain [19–23], heart [15,24–26], and cancer [27–29]. For immunotherapy,
MBs can facilitate the delivery of immune cells, cytokines, antigens, and antibodies to promote
the activation and infiltration of immune cells from the level of single cells to tissues, organs,
and even physiological systems [28,30–32]. In cancer, for example, the concept is to induce the
modulation and modification of the tumor microenvironment with a subsequent enhanced
adaptive immune-cell activation to destroy the primary tumor and its metastases.

At the cellular level, increased uptake of therapeutic molecules into the cytosol has been
attributed to sonoporation, i.e., the creation of a transient pore in the cell plasma membrane
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that increases permeability to molecules into the cytosol [33,34]. This effect is elicited by MB
cavitation at the cell surface. MB cavitation refers to volumetric oscillations of the gas core and
depends on the frequency, pressure, and waveform of the acoustic pulse. Fortuitously, MBs
resonate at clinical ultrasound scanner frequencies, in the 1–10 MHz range. At low acoustic
pressures, MBs exhibit stable cavitation, whereby repeated harmonic oscillations induce pushing-
and-pulling effects and microstreaming that impart contact and shear forces against the cell
membrane (Figure 2A) [35,36]. This mode of operation can be detected by passive acoustic
cavitation and cavitation mapping as harmonics of the fundamental diving frequency [37].
At high acoustic pressures, MBs oscillate more violently, leading to rapid collapse and other
inertial effects, such as microjets, shockwaves, and fragmentation (Figure 2B) [35,36]. This
mode of operation can be detected by passive acoustic cavitation and cavitation mapping as
a broadband response, although inertial cavitation can also enhance harmonics [37]. Stable
and inertial cavitation can trigger various cellular effects, such as plasma membrane pore
formation, cytoskeleton reorganization, transmembrane calcium (Ca2+) influx, potassium (K+)
efflux (hyperpolarization), and reactive oxygen species production (Figure 2C). These biological
effects lead to enhanced cellular delivery through mechanisms such as drug convection and
diffusion through the pores (4–70 kDa) and endocytosis (70–500 kDa) [33–35,38].

Figure 1. Illustration of a typical engineered microbubble used in biomedical applications. Microbub-
bles are particles filled with gas, such as air, oxygen (O2), nitric oxide (NO) or perfluorocarbon (PFC),
with a diameter of 1–10 μm. They are stabilized by shells made of phospholipid (3–5 nm thick),
protein (15–150 nm thick) or polymer (50–500 nm thick).

Figure 2. Schematic overview of the underlying physical and biological effects produced during
microbubble cavitation on the cell membrane. (A,B) Mechanical effects associated with sonoporation,
including stable and inertial cavitation of microbubbles. (C) Biological effects induced by microbubble
cavitation, which enhance the internalization of drugs.
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At the vascular level, increased transport of therapeutic molecules from the vessel
lumen into the surrounding tissue parenchyma also occurs by sonoporation, including
the mechanisms described above for uptake into the endothelium and then transcytosis
or disruption of the endothelium (e.g., rupture of tight junctions to create transport paths
between endothelial cells). This effect can be captured by an increase in the Biot number
(Bi), which is defined as

Bi =
KmLtiss

Dtiss
(1)

where Km is the mass transfer coefficient, equivalent to the endothelial cell permeability
(m/s), and is proportional to the pharmacokinetic first-order rate constant (K = Km A,
where A is the endothelial surface area) between the central and tissue compartments; Dtiss
is the drug diffusivity in the tissue; and Ltiss is the diffusion length in tissue, typically the
half-length between capillaries (~100 μm). Microbubble sonoporation increases Km in a
dose-dependent manner, making diffusion into tissue the limiting transport barrier [53].
Here, the dose includes not only the drug dose, but also the microbubble dose (microbubble
volume dose) and ultrasound dose (mechanical index), which can be estimated by the
received echo intensity by passive cavitation detection.

Therapeutic agents can be co-administered with MBs or loaded onto the MB shell. This
review focuses on shell modification to bioconjugate molecular ligands, drugs (including
nucleic acids), nanoparticles and/or cells for therapeutic applications. Articles utilizing
so-called “nanobubble” formulations (<1 μm diameter) were excluded from this review. By
incorporating specific targeting moieties into the shell, MBs can be engineered to create
targeted formulations (tMBs) that exhibit improved pharmacokinetic and acoustic perfor-
mance, ligand-receptor targeting, biological activation, immunomodulation, and many
other functions. With so many options for MB composition, processing, size, microstructure
and properties, there is a wealth of opportunity to synthesize innovative targeted MB
designs for enhanced performance. Thus, the aim of this review is to summarize the state-
of-the-art of current engineered MB formulations and their ultrasound-targeted delivery in
different biomedical applications.

2. Microbubble Formulations

2.1. Shell Composition
2.1.1. Phospholipid-Coated Microbubbles

Phospholipid-coated MBs have a thin and soft shell (3–5 nm) (Figure 1) that provides
excellent acoustic response for US-contrast imaging. However, for prolonged imaging
and drug delivery, the MBs have limited circulation persistence and drug loading ca-
pacity [3,54,55]. To optimize MB performance by controlling their structure, properties,
targeting, drug loading, and acoustic response, the shell is made up of saturated diacyl
phosphatidylcholine lipids (PC) (80–90 mol%) and PEG-lipid emulsifiers (10–20 mol%) [56].
Longer lipid chains increase intermolecular forces between the phospholipids [57], increase
shell rigidity [58,59], decrease shell permeability [60,61], and improve MB stability [62–64].
This results in superior acoustic stability, stiffer shell elasticity, and reduced fragmentation
propensity [62,65]. They also prolong the in vivo half-life [63] and increase the response at
the second harmonic frequency [62,65]. Moreover, MBs with long lipid chains can achieve
high delivery efficiency for larger molecules [66].

MBs can be quickly eliminated by opsonization, leading to decreased circulation time.
To address this issue, buried-ligand architecture has been developed to extend lipid-coated
MB circulation time [67–69], preserve targeted specificity, and reduce the immunogenic
response by blocking complement protein C3b fixation [67,70,71].

2.1.2. Protein-Coated Microbubbles

Protein-coated MBs have a thicker and stiffer layer (15–150 nm) composed of natural
proteins (Figure 1). These MBs exhibit moderate rigidity and drug-loading capabilities, as
well as good stability and moderate acoustic response [3,72,73]. At present, only Optison is
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clinically approved and commercially available as a protein-coated MB for UCAs (Table 1).
However, the development of novel albumin-tMBs is gaining interest due to their potential
for rapid approval and clinical translation as a drug delivery system.

To maximize albumin-MBs’ loading efficiency, the physicochemical properties of
drugs play a critical role. Drug loading can be increased by pre-loading the drugs prior
to MB synthesis or using drugs with high albumin binding percentages at higher feed ra-
tios [74]. Additionally, chemical modifications such as disulfide bonds and glutaraldehyde
cross-linking [75] can link therapeutic molecules or other loaded carriers to albumin-MBs.
Physical properties such as size, shape, storage stability, and acoustic response can be
tuned by incorporating dextrose [74,76,77], glycerol, and propylene glycol [77], amphi-
pathic molecules [78], polymers [79], PEGylation [80] or increasing the number of thiols
groups [81] into the albumin shell. Several in vitro and in vivo studies have employed
these methods to propose using of albumin-MBs as targeted carriers [82–87] and multi-
modal contrast agents [84,86,88–91]. These strategies offer promising options to develop
targeted albumin-MB formulations that can enhance their performance in US-image-guided
drug delivery applications. Additionally, proteins such as lysozyme and oleosin [92] are
alternative candidates that could be used to create new protein-tMB constructs.

2.1.3. Polymer-Coated Microbubbles

Polymer-coated MBs are composed of a thick and stiff layer (50–500 nm) of biodegrad-
able, natural or synthetic polymers (Figure 1). These MBs can encapsulate either hydrophilic
and hydrophobic molecules, carry higher drug doses and enhance MB stability during
circulation, more so than typical protein and phospholipid MBs. Nevertheless, their in-
compressibility and rigidity lead to suboptimal US imaging capability and limited acoustic
response [3,72,93]. To enhance polymer-MB drug loading capacity and acoustic proper-
ties, their chemical composition or polymer molecular weight (MW) is often modified
to adjust the shell’s elasticity and thickness. Increasing the drug’s hydrophobicity and
molecular weight also boosts loading capacity, stability, and drug release [94]. Proteins [95]
or high MW surfactants [96] can also be used to fine-tune MB loading capacity and acoustic
response by regulating their stability, size, and shell thickness.

2.2. Gas Composition

The composition of the gas core plays a significant role in the stability of MBs. MBs
composed of PFC and SF6 gases, which have lower solubility in blood and higher molecular
weight, diffuse more slowly across the MB shell, leading to longer circulation persistence.
A recent study has shown that MBs filled with C3F8 or C4F10 were highly stable, exhibited
sustained in vivo circulation, and demonstrated more efficient delivery of Evans blue into
the brain without causing side effects as compared to SF6-MBs [97].

MBs are now being used as carriers for therapeutic gases, such as NO and O2, to
potentially regulate the tumor microenvironment or to enhance immune responses. O2-
MBs, for example, have been used to locally release O2 into tumors, thereby improving
therapeutic efficacy by reducing hypoxic treatment resistance [98,99]. Additionally, O2-MBs
can normalize dysfunctional vessels, enhancing vascular maturity, blood perfusion, and
drug penetration [100]. Meanwhile, NO-MBs can control the release of NO to mitigate
oxidative stress and apoptosis during ischemia–reperfusion injury [101], enhance the
targeted delivery of mesenchymal cells into the infarcted myocardium, and induce regional
angiogenic response [15]. In addition, NO-MBs accelerate deep vein thrombosis resolution
by reducing platelets and inflammatory cells aggregation, enhancing collagen turnover
and stimulating an anticoagulant condition of endothelium [102].

The use of O2- and NO-MBs is still limited due to the properties of the diffusible
gases, resulting in lower storage stability and significantly shorter circulation persistence
than PFC-MBs. To solve this problem, our group has demonstrated that the lipid shell can
be engineered with longer acyl chains (C22:0) to increase O2 payload and enhance local
delivery [103]. Additionally, O2-MBs with larger diameters (2–10 μm) have demonstrated
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an 8-fold increase in half-life compared to smaller diameters (0.5–2 μm) [104]. Recent
approaches propose incorporating folate ligands or SPIONs into drug-loaded-O2MBs to
accumulate them in a target region by molecular targeting or using an external magnetic
field. This incorporation enhances stability, improves drug delivery, and suppresses tumor
growth [105–107]. Additionally, C4-d-tMBs composed with a gas core combination of
PFC/NO have been successfully used to alleviate cardiac allograft rejection by suppressing
thrombosis and inflammatory cell infiltrates, while prolonging the survival time two-
fold [108].

2.3. Size and Microbubble Volume Dose

The varying components of MBs, including the shell, gas core, size, concentration,
and recommended dosage, lead to distinct acoustic responses [109,110], circulation half-
life [110,111], and biological effects [111–114] for both clinically approved MBs (Table 1) and
experimental tMB formulations (Tables 2–6). The biological impact of MB acoustic behavior
is dose-dependent [115], so selecting dosing strategies for each MB formulation that produce
comparable bioeffects is crucial. The MB gas volume dose (MVD) is a unified dose metric
that integrates MB size distribution and concentration into a single parameter [22,116]. Our
group has demonstrated that MVD can be used to: (1) maximize US imaging contrast and
circulation persistence (Figure 3A) [112]; (2) achieve similar, consistent, and comparable
molecular delivery across the blood–brain barrier (Figure 3B) [116]; (3) predict, compare,
and characterize the MB pharmacokinetics behavior (Figure 3C) [117]; and (4) match the
harmonic and broadband cavitation doses regardless of MB size (Figure 3D) [37]. Moreover,
matching the gas volume fractions of different commercial MBs with varying sizes and
distributions results in equivalent permeabilization effects [118].

144



Pharmaceutics 2023, 15, 1625

T
a

b
le

2
.

M
ic

ro
bu

bb
le

s
ta

rg
et

ed
w

it
h

a
th

er
ap

eu
ti

c
lig

an
d

us
ed

fo
r

th
er

ap
y.

L
ig

a
n

d
T

y
p

e
L

ig
a
n

d
S

p
e
ci

e
s

C
o

n
ju

g
a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

P
ro

te
in

SD
F-

1α
ED

C
/s

ul
fo

-N
H

S

Sh
el

l:
D

SP
C

,D
PP

G
,

PE
G

40
00

-C
O

O
H

G
as

:C
3F

8
D

ia
m

et
er

:1
–5

μ
m

D
os

e:
un

kn
ow

n

f=
4

M
H

z
M

I=
1.

5
Ti

m
e

=
1.

15
m

in

R
at

/D
ia

be
ti

c
ne

ph
ro

pa
th

y
[1

19
]

G
PV

I-
Fc

A
vi

di
n-

bi
ot

in

M
ic

ro
M

ar
ke

r™
Sh

el
l:

Ph
os

ph
ol

ip
id

G
as

:C
4F

10
/N

2
D

ia
m

et
er

:2
.3

–2
.9
μ

m
D

os
e:

2.
8
×

10
8

M
Bs

/k
g

or
5.

3
μ

L/
kg

M
V

D

f=
24

M
H

z
Ti

m
e

=
2

m
in

M
ou

se
/

A
th

er
os

cl
er

os
is

[1
20

]

A
n

ti
b

o
d

y
A
β

1-
42

A
vi

di
n-

bi
ot

in

Sh
el

l:
D

SP
C

,D
PP

A
,

PE
G

40
00

G
as

:C
3F

8
D

ia
m

et
er

:2
.1

3
μ

m
D

os
e:

5.
8
×

10
8

M
Bs

/k
g

or
2.

9
μ

L/
kg

M
V

D

f=
3

M
H

z
M

I=
0.

8
PR

F
=

50
H

z
Ti

m
e

=
5

m
in

M
ou

se
/A

lz
he

im
er

’s
di

se
as

e
[2

0]

C
4d

m
A

b
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

PP
C

,
D

SP
E-

PE
G

-2
00

0,
-B

io
ti

n
G

as
:C

3F
8/

N
O

D
ia

m
et

er
:0

.9
6
±

0.
07

μ
m

D
os

e:
5.

8
×

10
6

M
Bs

/k
g

or
0.

00
3
μ

L/
kg

M
V

D

f=
13

M
H

z
M

I=
0.

33
Ti

m
e

=
5

m
in

R
at

/H
et

er
ot

op
ic

H
ea

rt
tr

an
sp

la
nt

[1
08

]

IL
-8

m
A

b
A

vi
di

n-
bi

ot
in

U
Sp

he
re

™
La

be
le

r
Sh

el
l:

Ph
os

ph
ol

ip
id

D
ia

m
et

er
:1

.8
μ

m
D

os
e:

1.
2
×

10
9

M
Bs

/k
g

or
3.

6
μ

L/
kg

M
V

D

f=
1

M
H

z
M

I=
1.

5
Po

w
er

=
5

W
Ti

m
e

=
1

m
in

R
ab

bi
t/

A
th

er
os

cl
er

os
is

[1
21

]

D
SP

C
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

D
P

P
G

=
1,

2-
d

ip
al

m
it

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

-(
1′

-r
ac

-g
ly

ce
ro

l)
;D

P
PA

=
1,

2-
d

ip
al

m
it

oy
l-

sn
-g

ly
ce

ro
-3

-
ph

os
ph

at
e;

PE
G

40
00

-C
O

O
H

=
po

ly
et

hy
le

ne
gl

yc
ol

-4
00

0-
ca

rb
ox

y;
D

SP
E-

PE
G

20
00

=
1,

2-
di

st
ea

ro
yl

-s
n-

gl
yc

er
o-

3-
ph

os
ph

oe
th

an
ol

am
in

e-
N

-[
m

et
ho

xy
(p

ol
ye

th
yl

en
e

gl
yc

ol
)-

20
00

];
C

3F
8

=
pe

rfl
uo

ro
pr

op
an

e;
C

4F
10

=
pe

rfl
uo

ro
bu

ta
ne

;N
O

=
ni

tr
ic

ox
id

e;
M

V
D

=
M

ic
ro

bu
bb

le
Vo

lu
m

e
D

os
e;

f=
fr

eq
ue

nc
y;

M
I=

m
ec

ha
ni

ca
li

nd
ex

;
PR

F
=

pu
ls

e
re

pe
ti

ti
on

fr
eq

ue
nc

y.

145



Pharmaceutics 2023, 15, 1625

T
a

b
le

3
.

D
ru

g
or

ge
ne

lo
ad

ed
-M

Bs
ta

rg
et

ed
w

it
h

a
lig

an
d

us
ed

fo
r

th
er

ap
y.

L
ig

a
n

d
T

y
p

e
T

a
rg

e
ti

n
g

L
ig

a
n

d
T

h
e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

A
n

ti
b

o
d

y
V

EG
FR

2
m

A
b

pH
SV

-T
K

A
vi

di
n-

bi
ot

in
El

ec
tr

os
ta

ti
c

Sh
el

l:
D

PP
C

,D
PT

A
P,

D
SP

E-
PE

G
20

00
,-

Bi
ot

in
G

as
:C

3F
8

D
ia

m
et

er
:1

.1
±

0.
1
μ

m
D

os
e:

1.
8
×

10
10

M
Bs

/k
g

or
12

.4
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P
=

0.
7

M
Pa

PR
F

=
5

H
z

Ti
m

e
=

2
m

in

M
ou

se
/G

lio
m

a
tu

m
or

[1
22

]

V
EG

FR
2

m
A

b
BC

N
U

A
vi

di
n-

bi
ot

in
H

yd
ro

ph
ob

ic

Sh
el

l:
D

PP
C

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:1
.7

9
±

0.
13

μ
m

D
os

e:
1.

4
×

10
10

M
Bs

/k
g

or
41

μ
L/

kg
M

V
D

f=
1

M
H

z
PN

P
=

0.
7

M
Pa

D
C

=
5%

PR
F

=
5

H
z

Ti
m

e
=

1
m

in

R
at

/G
lio

m
a

tu
m

or
[1

23
]

C
D

10
5

pE
Z

-M
46

-E
S

A
vi

di
n-

bi
ot

in
El

ec
tr

os
ta

ti
c

Sh
el

l:
D

PP
C

,C
ho

le
st

er
ol

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:1
.4

4
±

0.
21

μ
m

D
os

e:
1.

3
×

10
10

M
Bs

/k
g

or
20

.6
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P
=

0.
7

M
Pa

D
C

=
50

%
I=

2
W

/c
m

2

PR
F

=
5

H
z

Ti
m

e
=

30
s

M
ou

se
/H

in
d

lim
b

tu
m

or
[1

24
]

R
G

D
U

ro
ki

na
se

El
ec

tr
os

ta
ti

c
So

no
V

ue
D

ia
m

et
er

:1
.5

–2
.5

μ
m

D
os

e:
4.

4
×

10
7

M
Bs

/k
g

or
0.

18
μ

L/
kg

M
V

D

f=
1.

6
M

H
z

M
I=

1.
1

PR
F

=
24

kH
z

Ti
m

e
=

10
m

in

Pi
g/

Th
ro

m
bo

si
s

[1
25

]

V
C

A
M

-1
m

iR
-1

26
A

vi
di

n-
bi

ot
in

V
is

ua
lS

on
ic

s
Ta

rg
et

-R
ea

dy
M

Bs
Sh

el
l:

Ph
os

ph
ol

ip
id

G
as

:C
4F

10
/N

2
D

ia
m

et
er

:1
.5
μ

m
D

os
e:

3.
7
×

10
9

M
Bs

/k
g

or
6.

6
μ

L/
kg

M
V

D

f=
10

M
H

z
M

I=
0.

66
I=

0.
07

6
W

/c
m

2

Ti
m

e
=

2.
5

m
in

M
ou

se
/A

or
ti

c
A

ne
ur

ys
m

[1
26

]

P
e
p

ti
d

e
s

LH
R

a
Pa

cl
it

ax
el

A
vi

di
n-

bi
ot

in
H

yd
ro

ph
ob

ic

Sh
el

l:
D

PP
C

,D
SP

E-
PE

G
20

00
-B

io
ti

n
G

as
:C

3F
8

D
ia

m
et

er
:1

.8
±

0.
2
μ

m
D

os
e:

1.
5
×

10
9

M
Bs

/k
g

or
4.

5
μ

L/
kg

M
V

D

f=
0.

3
M

H
z

I=
1

W
/c

m
2

D
C

=
50

%
Ti

m
e

=
3

m
in

M
ou

se
/B

re
as

t
ca

nc
er

[1
27

]

R
G

D
tP

A
A

m
in

e
H

yd
ro

ph
ob

ic

Sh
el

l:
D

PP
C

,D
SP

C
PE

G
-A

m
in

e
G

as
:C

3F
8

D
ia

m
et

er
:2

.0
8
±

0.
93

μ
m

D
os

e:
8.

0
×

10
8

M
Bs

/k
g

or
3.

8
μ

L/
kg

M
V

D

f=
2

M
H

z
M

I=
1.

4
I=

1.
8

W
/c

m
2

D
C

=
95

%
PR

F
=

15
H

z
Ti

m
e

=
30

m
in

R
ab

bi
t/

Th
ro

m
bo

ly
si

s
[1

28
]

146



Pharmaceutics 2023, 15, 1625

T
a

b
le

3
.

C
on

t.

L
ig

a
n

d
T

y
p

e
T

a
rg

e
ti

n
g

L
ig

a
n

d
T

h
e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

V
it

a
m

in
s

Fo
la

te
Pa

cl
it

ax
el

H
yd

ro
ph

ob
ic

Sh
el

l:
D

PP
C

,
D

SP
E-

PE
G

20
00

-F
ol

at
e

G
as

:O
2

D
ia

m
et

er
:1

.8
1
±

0.
04

μ
m

D
os

e:
un

kn
ow

n

f=
0.

3
M

H
z

I=
1

W
/c

m
2

Ti
m

e
=

3
m

in

M
ou

se
/O

va
ri

an
ca

nc
er

[1
05

]

Fo
la

te
p-

FL
uc

A
m

id
e

El
ec

tr
os

ta
ti

c

Sh
el

l:
D

PP
C

,D
PT

A
P,

D
SP

E-
PE

G
20

00
G

as
:C

3F
8

D
ia

m
et

er
:3

.2
±

0.
1
μ

m
D

os
e:

1.
8
×

10
8

M
Bs

/k
g

or
3.

1
μ

L/
kg

M
V

D

f=
1

M
H

z
PR

F
=

5
H

z
PN

P
=

0.
7

M
Pa

Ti
m

e
=

1
m

in

R
at

/
G

lio
m

a
tu

m
or

[1
29

]

D
PP

C
=

1,
2-

d
ip

al
m

it
oy

l-
sn

-g
ly

ce
ro

-3
-p

ho
sp

ho
ch

ol
in

e;
D

SP
E

-P
E

G
20

00
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

et
ha

no
la

m
in

e-
N

-[
m

et
ho

xy
(p

ol
ye

th
yl

en
e

gl
yc

ol
)

-2
00

0]
;D

P
P

G
=

1,
2-

d
ip

al
m

it
oy

l-
sn

-g
ly

ce
ro

-3
-p

ho
sp

ho
-(

1′
-r

ac
-g

ly
ce

ro
l)

;P
A

=
p

al
m

it
ic

ac
id

;D
SP

C
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

D
P

TA
P

=
1,

2-
d

ip
al

m
it

oy
l-

3-
tr

im
et

hy
la

m
m

on
iu

m
-p

ro
pa

ne
;C

3F
8

=
pe

rfl
u

or
op

ro
pa

ne
;S

F 6
=

su
lf

u
r

he
xa

fl
u

or
id

e,
C

4F
10

=
pe

rfl
u

or
ob

u
ta

ne
;N

2
=

ni
tr

og
en

;O
2

=
ox

yg
en

;
M

V
D

=
M

ic
ro

bu
bb

le
Vo

lu
m

e
D

os
e;

f=
fr

eq
ue

nc
y;

M
I=

m
ec

ha
ni

ca
li

nd
ex

;P
R

F
=

pu
ls

e
re

pe
tit

io
n

fr
eq

ue
nc

y;
I=

in
te

ns
ity

;D
C

=
du

ty
cy

cl
e;

PN
P

=
pe

ak
ne

ga
tiv

e
pr

es
su

re
.

T
a

b
le

4
.

D
ru

g,
ge

ne
,o

r
ce

ll
lo

ad
ed

-M
Bs

ta
rg

et
ed

w
it

h
tw

o
di

ff
er

en
tl

ig
an

ds
.

T
a
rg

e
ti

n
g

L
ig

a
n

d
s

T
h

e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

C
D

9
0

A
b

IC
A

M
-1

A
b

A
di

po
se

-d
er

iv
ed

st
em

ce
lls

A
vi

di
n-

bi
ot

in

Sh
el

l:
D

SP
C

,P
EG

40
S,

D
SP

E-
PE

G
20

00
,-

Bi
ot

in
G

as
:C

4F
10

D
ia

m
et

er
:3

.5
μ

m
D

os
e:

9.
3
×

10
7

M
Bs

/k
g

or
2.

1
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P:
0.

1
M

Pa
PR

F
=

1
kH

z
D

C
=

50
%

Ti
m

e
=

10
m

in

R
at

/M
yo

ca
rd

ia
l

In
fa

rc
ti

on
[1

30
]

C
D

9
0

A
b

IC
A

M
-1

A
b

A
di

po
se

-d
er

iv
ed

st
em

ce
lls

A
vi

di
n-

bi
ot

in

Sh
el

l:
D

SP
C

,P
EG

40
S,

D
SP

E-
PE

G
20

00
,-

Bi
ot

in
G

as
:C

4F
10

D
ia

m
et

er
:3

.5
μ

m
D

os
e:

4.
6
×

10
7

M
Bs

/k
g

or
1
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P:
0.

1
M

Pa
PR

F
=

1
kH

z
D

C
=

50
%

Ti
m

e
=

1
m

in

M
ou

se
/

A
th

er
os

cl
er

os
is

[1
31

]

147



Pharmaceutics 2023, 15, 1625

T
a

b
le

4
.

C
on

t.

T
a
rg

e
ti

n
g

L
ig

a
n

d
s

T
h

e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

C
C

R
2

A
b

iR
G

D
p

e
p

ti
d

e
sh

A
K

T2
A

vi
di

n-
bi

ot
in

,
El

ec
tr

os
ta

ti
c

Sh
el

l:
D

SP
C

,S
te

ar
ic

-P
EI

60
0,

D
SP

E-
PE

G
20

00
-i

R
G

D
-B

io
ti

n
G

as
:C

4F
10

D
ia

m
et

er
:1

.3
2
±

0.
22

μ
m

D
os

e:
5.

3
×

10
9

M
Bs

/k
g

or
6.

3
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P:
1.

2
M

Pa
PR

F
=

1
kH

z
D

C
=

50
%

Ti
m

e
=

10
m

in

M
ou

se
/B

re
as

t
ca

nc
er

[1
32

]

cR
G

D
p

e
p

ti
d

e
F

o
la

te
D

ox
or

ub
ic

in
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

SP
C

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:5
.8
±

2.
1
μ

m
D

os
e:

1.
1
×

10
10

M
Bs

/k
g

or
1.

1
m

L/
kg

M
V

D

f=
10

M
H

z
M

I:
0.

64
Ti

m
e

=
0.

5
m

in

M
ou

se
/B

re
as

t
ca

nc
er

[1
33

]

cR
G

D
a
n

d
cC

L
T

1
p

e
p

ti
d

e
Pa

cl
it

ax
el

A
m

id
e,

H
yd

ro
ph

ob
ic

Sh
el

l:
D

SP
C

,
D

SP
E-

PE
G

20
00

,-
C

O
O

H
G

as
:S

F 6
D

ia
m

et
er

:1
.5

9
±

0.
54

μ
m

D
os

e:
1.

0 ×
10

10
M

Bs
/k

g
or

21
μ

L/
kg

M
V

D

f=
1

M
H

z
M

I=
1.

17
D

C
=

10
%

I=
2.

5
W

/c
m

2

Ti
m

e
=

3
m

in

M
ou

se
/P

an
cr

ea
ti

c
ca

nc
er

[1
34

]

D
SP

C
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

P
E

G
-4

0S
=

P
ol

yo
xy

et
hy

le
ne

(4
0)

st
ea

ra
te

;
D

SP
E

-P
E

G
20

00
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-
ph

os
ph

oe
th

an
ol

am
in

e-
N

-[
m

et
ho

xy
(p

ol
ye

th
yl

en
e

gl
yc

ol
)-

20
00

];
PE

I=
Br

an
ch

ed
Po

ly
et

hy
le

ni
m

in
e;

C
3F

8
=

pe
rfl

uo
ro

pr
op

an
e;

SF
6

=
su

lf
ur

he
xa

flu
or

id
e,

C
4F

10
=

pe
rfl

uo
ro

bu
ta

ne
;M

V
D

=
M

ic
ro

bu
bb

le
Vo

lu
m

e
D

os
e;

f=
fr

eq
ue

nc
y;

M
I=

m
ec

ha
ni

ca
li

nd
ex

;P
R

F
=

pu
ls

e
re

pe
tit

io
n

fr
eq

ue
nc

y;
I=

in
te

ns
ity

;D
C

=
du

ty
cy

cl
e;

PN
P

=
pe

ak
ne

ga
ti

ve
pr

es
su

re
.

T
a

b
le

5
.

M
ic

ro
bu

bb
le

s
co

nj
ug

at
ed

w
it

h
ta

rg
et

ed
dr

ug
-l

oa
de

d
ca

rr
ie

rs
us

ed
fo

r
th

er
ap

y.

C
a

rr
ie

r
T

y
p

e
o

f
T

a
rg

e
ti

n
g

T
h

e
ra

p
e

u
ti

c
M

o
le

cu
le

C
o

n
ju

g
a

ti
o

n
C

h
e

m
is

tr
y

M
ic

ro
b

u
b

b
le

C
o

m
p

o
si

ti
o

n
U

lt
ra

so
u

n
d

P
a

ra
m

e
te

rs
A

n
im

a
l/

D
is

e
a

se
M

o
d

e
l

R
e

fe
re

n
ce

N
a

n
o

p
a

rt
ic

le
s

M
ag

ne
ti

c
5-

flu
or

ou
ra

ci
l

R
os

e
Be

ng
al

A
vi

di
n-

bi
ot

in

Sh
el

l:
D

BP
C

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:O
2

D
ia

m
et

er
:1

–2
μ

m
D

os
e:

7.
0
×

10
9

M
Bs

/k
g

or
12

.3
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P
=

0.
85

M
Pa

D
C

=
30

%
I=

3.
5

W
/c

m
2

PR
F

=
10

0
H

z
Ti

m
e

=
3.

5
m

in

M
ou

se
/P

an
cr

ea
ti

c
tu

m
or

[1
06

]

M
ag

ne
ti

c
D

ox
or

ub
ic

in
A

m
id

e

Sh
el

l:
D

SP
C

,D
SP

G
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:5
.4
±

1.
1
μ

m
D

os
e:

5.
7
×

10
8

M
Bs

/k
g

or
46

.7
μ

L/
kg

M
V

D

f=
1

M
H

z
PN

P
=

0.
3

M
Pa

D
C

=
30

%
I=

3.
5

W
/c

m
2

PR
F

=
1

H
z

Ti
m

e
=

4
m

in

R
at

/G
lio

m
a

tu
m

or
[1

07
]

M
ag

ne
ti

c
G

em
ci

ta
bi

ne
R

os
e

Be
ng

al
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

BP
C

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:O
2

D
ia

m
et

er
:1

.9
±

0.
4
μ

m
D

os
e:

5.
4
×

10
9

M
Bs

/k
g

or
19

.5
μ

L/
kg

M
V

D

f=
1.

17
M

H
z

PN
P

=
0.

7
M

Pa
D

C
=

30
%

Ti
m

e
=

3.
5

m
in

M
ou

se
/P

an
cr

ea
ti

c
tu

m
or

[1
35

]

148



Pharmaceutics 2023, 15, 1625

T
a

b
le

5
.

C
on

t.

C
a

rr
ie

r
T

y
p

e
o

f
T

a
rg

e
ti

n
g

T
h

e
ra

p
e

u
ti

c
M

o
le

cu
le

C
o

n
ju

g
a

ti
o

n
C

h
e

m
is

tr
y

M
ic

ro
b

u
b

b
le

C
o

m
p

o
si

ti
o

n
U

lt
ra

so
u

n
d

P
a

ra
m

e
te

rs
A

n
im

a
l/

D
is

e
a

se
M

o
d

e
l

R
e

fe
re

n
ce

M
ag

ne
ti

c
D

ox
or

ub
ic

in
El

ec
tr

os
ta

ti
c

an
d

hy
dr

op
ho

bi
c

Sh
el

l:
D

SP
C

,D
SP

G
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:1
.0

4
±

0.
01

μ
m

D
os

e:
9.

7
×

10
10

M
Bs

/k
g

or
56

.8
μ

L/
kg

M
V

D

f=
0.

4
M

H
z

PN
P

=
0.

32
5

M
Pa

Po
w

er
=

4
W

PR
F

=
1

H
z

Ti
m

e
=

1.
5

m
in

R
at

/G
lio

m
a

tu
m

or
[1

36
]

M
ag

ne
ti

c
tP

A
El

ec
tr

os
ta

ti
c

Sh
el

l:
SD

S
G

as
:A

ir
D

ia
m

et
er

:5
.3

6
±

1.
44

μ
m

D
os

e:
6.

4
×

10
10

M
Bs

/k
g

or
0.

50
μ

L/
kg

M
V

D

f=
18

M
H

z
D

C
=

10
%

Ti
m

e
=

5
m

in

M
ou

se
/

Th
ro

m
bo

ly
si

s
[1

37
]

M
ag

ne
ti

c/
m

ol
ec

ul
ar

R
G

D
A

m
id

e

Sh
el

l:
PV

A
G

as
:A

ir
D

ia
m

et
er

:1
.3

7
μ

m
D

os
e:

5.
4
×

10
8

M
Bs

/k
g

or
0.

70
μ

L/
kg

M
V

D

f=
30

M
H

z
Ti

m
e

=
10

m
in

M
ou

se
/C

ol
on

ca
nc

er
[1

38
]

L
ip

o
so

m
e

s
M

ag
ne

ti
c

D
ox

or
ub

ic
in

M
al

ei
m

id
e

Sh
el

l:
D

PP
C

,
D

SP
E-

PE
G

20
00

-S
PD

P
G

as
:C

3F
8

D
ia

m
et

er
:4

μ
m

D
os

e:
7.

0
×

10
9

M
Bs

/k
g

or
23

3
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

30
%

I=
2

W
/c

m
2

Ti
m

e
=

2
m

in

M
ou

se
/P

an
cr

ea
ti

c
tu

m
or

[1
39

]

M
ol

ec
ul

ar
:R

G
D

pe
pt

id
e

Pa
cl

it
ax

el
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

SP
C

,
D

SP
E-

PE
G

20
00

,-
Bi

ot
in

G
as

:C
3F

8
D

ia
m

et
er

:1
.5
μ

m
D

os
e:

1.
1
×

10
10

M
Bs

/k
g

or
17

.8
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

1%
PR

F
=

1
H

z
Ti

m
e

=
2

m
in

M
ou

se
/B

re
as

t
ca

nc
er

[1
40

]

M
ol

ec
ul

ar
:

N
G

R
pe

pt
id

e
sh

Bi
rc

5
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

PP
C

,C
ho

le
st

er
ol

D
SP

E-
PE

G
20

00
-B

io
ti

n
G

as
:C

3F
8

D
ia

m
et

er
:2

.9
0
±

0.
38

μ
m

D
os

e:
2.

1
×

10
10

M
Bs

/k
g

or
26

5.
6
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

50
%

Po
w

er
=

1.
84

W
Ti

m
e

=
1–

5
m

in

R
at

/G
lio

m
a

tu
m

or
[1

41
]

M
ol

ec
ul

ar
:

V
EG

FR
2

A
b

Ir
in

ot
ec

an
A

vi
di

n-
bi

ot
in

M
ic

ro
M

ar
ke

r™
Sh

el
l:

Ph
os

ph
ol

ip
id

G
as

:C
4F

10
/N

2
D

ia
m

et
er

:1
.5
μ

m
D

os
e:

4.
7
×

10
9

M
Bs

/k
g

or
8.

2
μ

L/
kg

M
V

D

f=
2.

2
M

H
z

PN
P

=
0.

26
M

Pa
PR

F
=

1
H

z
Ti

m
e

=
4

m
in

M
ou

se
/C

ol
or

ec
ta

l
ca

nc
er

[1
42

]

N
a

n
o

d
ro

p
le

ts
M

ol
ec

ul
ar

:
V

EG
FR

2
A

b
C

om
br

et
as

ta
ti

n
A

4
A

vi
di

n-
bi

ot
in

Sh
el

l:
D

PP
C

,D
SP

E-
PE

G
20

00
-B

io
ti

n
G

as
:C

4F
10

D
ia

m
et

er
:2

.6
±

1.
5
μ

m
D

os
e:

un
kn

ow
n

f=
2.

2
M

H
z

PN
P

=
0.

26
M

Pa
PR

F
=

1
H

z
Ti

m
e

=
5

s

M
ou

se
/C

ol
or

ec
ta

l
ca

nc
er

[1
43

]

D
B

P
C

:1
,2

-d
ib

eh
en

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

D
SP

G
:1

,2
-D

is
te

ar
oy

l-
sn

-g
ly

ce
ro

-3
-p

ho
sp

ho
-r

ac
-g

ly
ce

ro
l;

D
SP

E
-P

E
G

20
00

:
1,

2-
d

is
te

ar
oy

l-
sn

-g
ly

ce
ro

-3
-

p
ho

sp
ho

et
ha

no
la

m
in

e-
N

-[
m

et
ho

xy
(p

ol
ye

th
yl

en
e

gl
yc

ol
)

-2
00

0]
;D

SP
C

:1
,2

-d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

SD
S:

So
d

iu
m

D
od

ec
yl

Su
lf

at
e;

P
V

A
=

Po
ly

(v
in

yl
al

co
ho

l);
D

PP
C

=
1,

2-
di

pa
lm

ito
yl

-s
n-

gl
yc

er
o-

3-
ph

os
ph

oc
ho

lin
e;

C
3F

8
=

pe
rfl

uo
ro

pr
op

an
e;

C
4F

10
=

pe
rfl

uo
ro

bu
ta

ne
;O

2
=

ox
yg

en
;M

V
D

=
M

ic
ro

bu
bb

le
Vo

lu
m

e
D

os
e;

f=
fr

eq
ue

nc
y;

PR
F

=
pu

ls
e

re
pe

ti
ti

on
fr

eq
ue

nc
y;

I=
in

te
ns

it
y;

D
C

=
du

ty
cy

cl
e;

PN
P

=
pe

ak
ne

ga
ti

ve
pr

es
su

re
.

149



Pharmaceutics 2023, 15, 1625

T
a

b
le

6
.

Ta
rg

et
ed

m
ic

ro
bu

bb
le

s
us

ed
fo

r
ca

nc
er

im
m

un
ot

he
ra

py
.

Im
m

u
n

o
th

e
ra

p
y

M
o

d
a
li

ty
T

h
e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

M
o

n
o

cl
o

n
a
l

a
n

ti
b

o
d

y
EG

FR
m

A
b

A
vi

di
n-

bi
ot

in

Ta
rg

es
ta

r™
-S

A
Sh

el
l:

Ph
os

ph
ol

ip
id

G
as

:C
4F

10
D

ia
m

et
er

:2
.5
μ

m
D

os
e:

3.
6
×

10
9

M
Bs

/k
g

or
29

.7
μ

L/
kg

M
V

D

f=
40

0
kH

z
PR

F
=

1
H

z
Po

w
er

=
5

W
Ti

m
e

=
3–

4
m

in

M
ou

se
/G

lio
m

a
tu

m
or

[1
44

]

D
LL

4
m

A
b

A
vi

di
n-

bi
ot

in

Ta
rg

es
ta

r™
-S

A
Sh

el
l:

Ph
os

ph
ol

ip
id

s
G

as
:C

4F
10

D
ia

m
et

er
:2

μ
m

D
os

e:
5.

3
×

10
8

M
Bs

/k
g

or
2.

2
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

50
%

I=
2

W
/c

m
2

Ti
m

e
=

1.
5

m
in

M
ou

se
/G

as
tr

ic
ca

nc
er

[1
45

]

Tr
as

tu
zu

m
ab

m
A

b
N

H
S

Sh
el

l:
D

PS
C

,D
SP

E-
PE

G
-2

00
0-

N
H

S,
C

ho
le

st
er

ol
an

d
py

ro
ph

eo
ph

or
bi

de
G

as
:S

F 6
D

ia
m

et
er

:1
.6

54
±

1.
07

μ
m

D
os

e:
un

kn
ow

n

f=
1

M
H

z
D

C
=

50
%

I=
2

W
/c

m
2

Ti
m

e
=

5
m

in

M
ou

se
/G

as
tr

ic
ca

nc
er

[1
46

]

Im
m

u
n

e
ch

e
ck

p
o

in
t

in
h

ib
it

o
rs

PD
L-

1
m

A
b

N
H

S

Sh
el

l:
D

SP
C

,
D

SP
E-

PE
G

-2
00

0-
N

H
S.

G
as

:S
F 6

D
ia

m
et

er
:1

.0
6
±

0.
31

μ
m

D
os

e:
6.

9
×

10
10

M
Bs

/k
g

or
43

.3
μ

L/
kg

M
V

D

f=
1.

1
M

H
z

D
C

=
5%

PR
F

=
10

0
H

z
Ti

m
e

=
0.

5
m

in

M
ou

se
/C

ol
on

ca
nc

er
[1

47
]

PD
L-

1
m

A
b

an
d

C
is

pl
at

in
A

vi
di

n-
bi

ot
in

U
nb

ou
nd

ed

Sh
el

l:
D

PS
C

,D
SP

E-
PE

G
-2

00
0,

-B
io

ti
n

G
as

:C
3F

8
D

ia
m

et
er

:1
.0

1
±

0.
14

μ
m

D
os

e:
1
×

10
8

M
Bs

/k
g

or
0.

06
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

50
%

I=
1W

/c
m

2

PR
F

=
1

kH
z

Ti
m

e
=

1.
5

m
in

M
ou

se
/C

er
vi

ca
l

ca
nc

er
[1

48
]

PD
L-

1
m

A
b

an
d

m
iR

-3
4a

A
vi

di
n-

bi
ot

in
El

ec
tr

os
ta

ti
c

Sh
el

l:
D

SP
C

,D
SP

E-
PE

G
-2

00
0,

D
SP

E-
PE

G
-2

00
0-

Bi
ot

in
,P

EI
-6

00
G

as
:C

3F
8

D
ia

m
et

er
:0

.9
40

±
0.

08
0
μ

m
D

os
e:

4
×

10
9

M
Bs

/k
g

or
1.

7
μ

L/
kg

M
V

D

f=
18

M
H

z
D

C
=

50
%

I=
1

W
/c

m
2

Ti
m

e
=

1.
5

m
in

M
ou

se
/C

er
vi

ca
l

ca
nc

er
[1

49
]

V
a
cc

in
e

C
D

11
b

m
A

b
an

d
C

G
A

M
P

M
al

ei
m

id
e

Sh
el

l:
D

SP
C

,D
SP

E-
PE

G
-2

00
0,

D
SP

E-
PE

G
-5

00
0-

M
al

ei
m

id
e

G
as

:C
4F

10
D

ia
m

et
er

:2
.6
μ

m
D

os
e:

1.
4
×

10
9

M
Bs

/k
g

or
13

.1
μ

L/
kg

M
V

D

f=
1

M
H

z
D

C
=

50
%

I=
4

W
/c

m
2

Ti
m

e
=

2
m

in

M
ou

se
/B

re
as

tc
an

ce
r

[1
50

]

150



Pharmaceutics 2023, 15, 1625

T
a

b
le

6
.

C
on

t.

Im
m

u
n

o
th

e
ra

p
y

M
o

d
a
li

ty
T

h
e
ra

p
e
u

ti
c

M
o

le
cu

le
C

o
n

ju
g

a
ti

o
n

C
h

e
m

is
tr

y
M

ic
ro

b
u

b
b

le
C

o
m

p
o

si
ti

o
n

U
lt

ra
so

u
n

d
P

a
ra

m
e
te

rs
A

n
im

a
l/

D
is

e
a
se

M
o

d
e
l

R
e
fe

re
n

ce

H
SP

70
-M

A
G

EA
1

El
ec

tr
os

ta
ti

c

Sh
el

l:
Sp

an
60

an
d

Tw
ee

n
80

G
as

:S
F 6

D
ia

m
et

er
:6

μ
m

D
os

e:
1.

3
×

10
9

M
Bs

/k
g

or
14

4.
7
μ

L/
kg

M
V

D

M
I=

0.
75

M
ou

se
/M

el
an

om
a

tu
m

or
[1

51
]

D
en

dr
it

ic
ce

ll
pl

as
m

a
m

em
br

an
e

fr
ag

m
en

ts
H

yd
ro

ph
ob

ic

Sh
el

l:
D

PP
C

,D
PP

A
,D

SP
E-

PE
G

50
00

G
as

:C
3F

8
D

ia
m

et
er

:1
.2

1
±

1.
0
μ

m
D

os
e:

5
×

10
8

M
Bs

/k
g

or
0.

5
μ

L/
kg

M
V

D

f=
18

M
H

z
M

I=
0.

75
Ti

m
e

=
5

m
in

M
ou

se
/B

re
as

tc
an

ce
r

[1
52

]

D
SP

C
=

1,
2-

d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ch
ol

in
e;

D
P

PA
:1

,2
-d

ip
al

m
it

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ha

te
,D

P
P

C
:(

1,
2-

d
ip

al
m

it
oy

l-
sn

-g
ly

ce
ro

-3
-p

ho
sp

ho
ch

ol
in

e)
;

D
SP

E
:

1,
2-

D
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

ry
le

th
an

ol
am

in
e;

P
E

I:
B

ra
nc

he
d

P
ol

ye
th

yl
en

im
in

e;
D

SP
E

-P
E

G
-2

00
0:

(1
,2

-d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-
ph

os
ph

oe
th

an
ol

am
in

e-
N

-m
et

ho
xy

po
ly

et
hy

le
ne

gl
yc

ol
)-

20
00

];
D

SP
E

-P
E

G
-5

00
0:

(1
,2

-d
is

te
ar

oy
l-

sn
-g

ly
ce

ro
-3

-p
ho

sp
ho

et
ha

no
la

m
in

e-
N

-m
et

ho
xy

po
ly

et
hy

le
ne

gl
yc

ol
)-

50
00

];
C

3F
8

=
pe

rfl
uo

ro
pr

op
an

e;
SF

6
=

su
lfu

r
he

xa
flu

or
id

e,
C

4F
10

=
pe

rfl
uo

ro
bu

ta
ne

;M
V

D
=

M
ic

ro
bu

bb
le

Vo
lu

m
e

D
os

e;
f=

fr
eq

ue
nc

y;
D

C
=

du
ty

cy
cl

e;
I

=
in

te
ns

it
y;

PR
F

=
pu

ls
e

re
pe

ti
ti

on
fr

eq
ue

nc
y;

M
I=

m
ec

ha
ni

ca
li

nd
ex

.

151



Pharmaceutics 2023, 15, 1625

Figure 3. Effect of microbubble volume dose (MVD) on microbubble performance. (A) The use
of MVD as a dose metric can maximize US imaging contrast (a) and circulation persistence (b) for
isolated microbubbles (MBs) of different diameters. Adapted with permission from reference [112].
Copyright © 2023 World Federation for Ultrasound in Medicine & Biology. Published by Elsevier Inc.
All rights reserved. (B) The use of MVD results in similar and consistent delivery of Evans blue across
the blood–brain barrier (a) compared to using MB concentration as dose metric (b). The delivery
effect of size distribution and concentration of MBs can be collapsed by using MVD. Best fit trend
lines, determined by linear regression analysis, are represented by black lines for the 2-μm and 6-μm
data sets during the initial 5-minute period of BBB disruption (solid circles; right striatum) and the
subsequent 5-minute period (empty circles; left striatum). * p < 0.0001. Adapted with permission
from reference [116]. (C) In vivo pharmacokinetics of size-isolated MBs demonstrated that MVD
has greater impact on half-life (a) and area-under-the-curve (b) than size. * p < 0.05 and ** p ≤ 0.01.
Adapted with permission from [117]. Copyright © 2023, American Chemical Society. (D) The in vitro
harmonic (a) and broadband (b) cavitation dose (HCD and BCD) versus mechanical index versus gas
volume fraction can be aligned by matching the MVD for 2, 3, and 5 μm diameter and polydisperse
MBs. Adapted with permission from [37]. © 2023 by the authors.

The acoustic response of MBs is significantly affected by their size. Changes in size
can lead to variations in important parameters such as cavitation threshold [153], radiation
force experienced [154,155], and resonance frequency [156,157]. Monodisperse tMB size
distributions, combined with acoustic radiation force, have been suggested as a new ap-
proach to improve MB targeting, promote ligand–receptor interactions and enhance the
sensitivity of US detection in various disease models, including inflammation [158–161],
prostate cancer [162], and fibrosarcoma tumors [67,163]. Our recent results have shown
that monodisperse tMBs, driven near their resonance frequency and at low concentra-
tions, can maximize the adhesion efficiency and specificity of tMB [164]. Thus, the use
of monodisperse tMB formulations and MVD as a dose metric could be advantageous
in future biomedical applications to enhance US-image contrast sensitivity, increase MB
adhesion efficiency, maximize MB interaction with endothelial cells, control cavitation
behavior, and increase drug delivery efficacy at the target site.

2.4. Methods to Control Microbubble Size Distributions

Regulating the size of MBs is critical to control their acoustic response, generate
high contrast and maximize therapeutic efficiency. Therefore, ensuring a narrow size
distribution is desirable for future formulations. Although mechanical agitation is currently
employed to produce clinically approved MB suspensions, the resulting size distributions
are highly polydisperse, which is unsuitable for therapeutic applications. Hence, to engineer
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monodisperse MB suspensions, research has mainly focused on employing differential
centrifugation and microfluidic technologies.

2.4.1. Differential Centrifugation

To obtain stable size-selected MBs with narrow size distributions, our group developed
the differential centrifugation method [165]. This method involves two steps: First, highly
concentrated, polydisperse MB suspensions (109 to 1010 MBs/mL) are rapidly produced by
the sonication method. Second, the MBs are isolated based on their migration in a centrifu-
gal field. The sorting process relies on the application of Stokes’ equation (Equation (2))
which describes the velocity at which a buoyant particle raises relative to the surrounding
fluid under conditions of creeping flow:

ui =
2(ρ2 − ρ1i)

9η2
r2

i g (2)

where i refers to the MB size index desired for isolation, ri is the MB radius, g is the relative
centrifugal force (RCF) required for the MB rise through a column of length L, and η2 is the
effective viscosity.

Size-isolated MB populations obtained by this method can be biochemically targeted
with specific ligands for ultrasound molecular purposes [67–70,164]. Thus, this method
represents a simple way to generate size-isolated tMBs suspensions in high yield that can
be adopted for therapeutic applications.

2.4.2. Microfluidic Devices

Microfluidic devices, such as flow focusing [2,166–168] and T-junctions [169], have
emerged as promising one-step methods to generate stable monodisperse MB suspensions
in the clinical application range. In these geometries, a gas phase is concentrated between
two liquid flows through an orifice. Due to unstable capillary instability, the gas becomes
unstable and pinches off, resulting in the release monodisperse MBs. Moreover, these
devices, offer precise control over the flow rate, viscosity, and interfacial tension, allowing
for the production of MBs with uniform and narrow size distributions at the desired
size [170–173]. However, one must account for a transient Ostwald ripening process when
using microfluidic microbubbles [2,167].

The use of microfluidic devices has been proposed for the in situ production of
monodisperse drug-loaded MBs for delivery applications. The use of US and MB enhances
the drug delivery to ex vivo rat aortic smooth muscle cells, with over 70% of cells internal-
ization under physiological flow and shear stress conditions [174]. Recently, the feasibility
of coating monodisperse MBs with liposomes containing quantum dots and a drug model
via a biotin-streptavidin linkage using microfluidic devices has been demonstrated [175].
This technology allows the production of the liposome-MB complex at clinically relevant
concentrations with high reproducibility. These results suggest the possibility of adapting
this method to simultaneously produce future tMB formulations with homogenous ligand
and therapeutic molecule distribution, high payloads, and deliver therapeutic agents in
real time.

3. Targeted Microbubbles for Therapeutic Applications

MBs can be biochemically targeted by loading their shell with ligands that avidly bind
to specific cell receptors, e.g., those overexpressed during disease states. The ligand can
be linked to the MB shell by covalent or noncovalent coupling [6,176,177]. The covalent
coupling uses PEG-functionalized lipids with thiol-maleimide, disulfide, DBCO-azide, and
folate bonds, whereas noncovalent coupling uses electrostatic interactions and biotin-avidin
bridge interactions (Figure 4A).
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.
Figure 4. Schematic illustration of current strategies to improve the performance of targeted mi-
crobubbles (tMBs) in therapeutic applications. (A) Microbubble targeting can be achieved through
electrostatic interactions or through the use of PEGylated lipids linked with conjugation groups such
as thiol-maleimide, disulfide, DBCO-azide, folate or biotin. (B) Ligand–receptor targeting of drug,
gene or cell-loaded MBs with antibodies, peptides or vitamins can improve delivery at the target
site. (C) Dual targeting of loaded MBs with antibody-antibody, antibody-peptide, peptide-peptide,
or peptide-vitamin conjugation can improve delivery efficiency and spatial targeting. (D) MBs
conjugated with molecular or magnetic targeted carriers, such as nanoparticles, liposomes, and
nanodroplets, can increase drug loading capacity and delivery efficiency at the target site.

To improve the delivery of drugs, genes, and cells in different biomedical applications,
MB targeting can be divided into four strategies: (1) MBs targeted with a therapeutic
ligand; (2) drug or gene loaded-MBs targeted with a ligand; (3) drug, gene, or cell loaded-
MBs targeted with two different ligands; and (4) MBs conjugated with magnetically or
molecularly targeted loaded carriers.

3.1. Microbubbles Targeted with a Therapeutic Ligand

MBs can be loaded with a therapeutic ligand (i.e., where the ligand aids microbub-
ble adhesion and has a therapeutic effect) to improve targeted binding efficiency, spatial
delivery, and facilitate real-time imaging of tissue structure, function, and molecular char-
acteristics in neurodegenerative and cardiovascular diseases (Table 2). Zhu et al. [20]
demonstrated that administering anti-Aβ-tMBs with neural stem cells is a safe and effec-
tive dual delivery approach to accelerate Aβ plaque clearance, increase BDNF expression,
and improve learning and spatial memory function impairment in Alzheimer’s disease.
Similarly, Gao et al. [119] showed that injecting anti-SDF-1-tMBs with mesenchymal stem
cells can simultaneously monitor real-time renal perfusion, promote cell homing, and
repair early diabetic neuropathy kidneys. Using GPVI-tMBs [120] and anti-IL8-tMBs [121]
can aid in diagnosing atherosclerotic lesions, slowing down atheroprogression, reducing
inflammation, and enhancing plaque stability. Additionally, administering nitric oxide-
filled MBs that are targeted with anti-Cd4 can help alleviate cardiac allograft rejection by
suppressing thrombosis and inflammatory cell infiltrates, while prolonging the survival
time two-fold [108].
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3.2. Drug or Gene Loaded-MBs Targeted with a Ligand

Drug- or gene-loaded MB can be targeted with a ligand (here, just to aid microbubble
adhesion) to enable site-specific delivery, enhance therapeutic efficacy, and enable image-
guided treatment (Figure 4B). Antibody/peptide-tMBs loaded with various genes and
chemotherapeutic drugs (Table 3) have been proposed in several studies as successful
treatments for various tumors, including glioma [122,123], hind limb [124], and breast
tumor [127]. Targeted delivery in these therapies acts as both a molecular contrast agent
and a delivery system, improving tumor-specific targeting without harming normal tissues,
and increasing local agent delivery, circulation times, and median survival times in mouse
and rat models.

A recent study has suggested using folate-tMBs loaded with oxygen and paclitaxel as a
dual-targeted system for ovarian tumor cells and tumor-associated macrophages, resulting
in two-fold increase in drug concentration, apoptosis index, and median survival [105].
Similarly, folate-tMB loaded with pFLuc enhanced gene transfection efficiency in the brain
by 1.5-fold higher than MBs without folate conjugation [129].

On the other hand, different studies have demonstrated that RGD-tMBs loaded with
fibrinolytic agents, such as urokinase [125] and tPA [128], can improve arterial blood
flow and reduce thrombus size locally without causing adverse side effects, making it a
promising and safe option for thrombolysis therapy. Furthermore, VCAM-1-tMBs loaded
with mir-126 can serve as a non-invasive and risk-free anti-inflammatory therapy to pre-
vent the growth of abdominal aortic aneurysms and assess the inflammatory state of the
endothelium [126].

3.3. Drug-, Gene- or Cell-Loaded MBs Targeted with Two Different Ligands

Drug-, gene- or cell-loaded MB can be targeted with two different ligands (dual-
tMBs) to achieve higher adhesion efficiency, enhance ultrasound contrast signal, and
have more control over drug delivery at the target site (Figure 4C, Table 4). Adipose-
derived stem cells conjugated with CD90/ICAM-1-tMBs, known as StemBells, have been
proposed as an image-guided treatment for myocardial infarction (MI) [130] and to prevent
atherosclerosis acceleration post-MI [131]. Studies have shown that StemBells can improve
cardiac function, reach the infarct area without complications, increase cap thickness,
decrease intra-plaque macrophage density, and promote the presence of anti-inflammatory
macrophages and chemokines in both the plaque and infarcted myocardium, as well as in
circulating monocytes.

Additionally, dual-tMBs loaded with genes or chemotherapeutic agents have shown
superior performance in treating breast and pancreatic cancer compared to those conjugated
with only one ligand [132–134]. These studies have shown that dual-tMBs had 2–3 times
higher adhesion efficiency, resulting in a 2–4 times greater ultrasound contrast signal for
tumor visualization. Additionally, localized release has improved the accumulation of
molecules in the tumor region, resulting in tumor suppression 1.5–4 times greater. This has
led to reduced side-effects and better drug tolerability.

3.4. MBs Conjugated with Magnetically or Molecularly Targeted Loaded Carriers

MBs can be conjugated with other magnetically [106,107,135–139] or molecularly [140–143]
targeted drug/gene-loaded carriers such as nanoparticles, liposomes, and nanodroplets to
increase drug loading capacity, stability in circulation, and delivery efficiency (Figure 4D,
Table 5). Drug-loaded superparamagnetic iron oxide nanoparticles (SPIONs) conjugated with
MBs have been developed to control drug delivery in brain tumors through magnetic targeting
and enabling direct delivery visualization using magnetic resonance imaging (MRI) [107,136].
This conjugation provided significant superparamagnetic/acoustic properties for imaging,
resulting in a two-fold increase in MB half-life and US contrast signal, as well as 2–4 times more
drug and SPION deposition in the tumor region, leading to enhanced MRI signals.

Recently, a magnetically responsive and ultrasound-sensitive delivery system, called
doxorubicin-loaded magneto-liposome MBs, has been proposed for enhanced therapy of
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pancreatic tumors [139]. This combination resulted in a 1.5-fold improvement in drug
penetration at the tumor site and a 2-fold increase in tumor suppression compared to the
control group without magnetic targeting. Additionally, formulations of drug- or gene-
molecularly targeted liposomes conjugated to MBs have shown the potential to enhance the
cytotoxic effects in breast, glioma, and colorectal cancer treatment [140–142], by increasing
the concentration of encapsulated drug in circulation, promoting drug accumulation in
tumors, and reducing toxicity in normal tissues. Moreover, liposomes conjugated to MBs,
which are molecularly and magnetically responsive, can increase the targeting efficiency to
tumor neovasculature, enhance MRI, enhance US tumor imaging by 2.5-fold, prolong the
MB half-life by 5-times, and decrease the tumor growth by 2-fold [138].

4. Targeted Microbubbles for Immunotherapy Applications

The combination of MBs with US has demonstrated promising potential in modulating
and modifying the tumor microenvironment. This is achieved by promoting the penetration
of immunotherapeutic agents, enhancing blood perfusion, increasing therapeutic delivery,
and inducing tumor cell death [28,30–32]. To further enhance the performance of MBs in
cancer immunotherapy, the use of loaded-tMBs with drugs, genes or cells has emerged
as an attractive strategy. This approach enables precise control of immune stimulation,
and it enhances the delivery and pharmacokinetics of immunomodulatory agents at the
target site. This strategy has been shown for various cancer immunotherapy modalities,
including monoclonal antibodies, immune checkpoint inhibitors, adoptive cell transfer,
cytokine therapy, and vaccines (Table 6).

4.1. Monoclonal Antibody Immunotherapy

Monoclonal antibody immunotherapy aims to induce cell death by targeting specific
antigens, sequences, or epitopes expressed at the disease target site [178]. Therapeu-
tic monoclonal antibodies (mAb) can be administered unconjugated or conjugated with
chemotherapeutic drugs and radioisotopes to target tumors and minimize the toxicity
effects of conventional chemotherapy [179]. Although mAb immunotherapy has poten-
tial therapeutic benefits, poor penetration and heterogenous distribution can impact the
therapeutic effectiveness [178,179]. High concentrations are often required, which can
result in adverse side effects due to the rapid metabolism and clearance rate through the
kidneys [180]. mAb-tMBs + US have been proposed as an image-guided delivery method
to increase targeting, enhance local penetration, and potentiate the therapeutic effect of
mAbs in different cancer therapies (Table 6). Liao et al. [144] improved glioma treatment
by administrating EGFR-tMB + US, resulting in increased tumor vessel permeability and
enhanced tumor-suppressing effect 7 days after treatment, with no tumor regrowth in
the following 10 days. Kang et al. [145] found that combining anti-DLL4-tMBs + US with
DAPT for gastric tumor therapy was more effective than DAPT alone, showing synergistic
antitumor proapoptotic effects. These effects were attributed to the regulation of apoptosis-
related proteins Bcl-2 and BAX, as well as the tumor suppressor protein P53. Recently,
Sun et al. [146] developed a tMB construct that delivers pyropheophorbide sensitizer and
therapeutic trastuzumab mAbs for targeted combination of sonodynamic and antibody
therapies in gastric cancer. The therapy resulted in enhanced antibody accumulation at the
tumor site, increased tumor cell apoptosis and tumor growth inhibition by suppressing
AKT phosphorylation.

4.2. Immune Checkpoint Inhibitor Therapy

Immune checkpoint inhibitors (ICI) are mAbs variants that activate T cells by blocking
immune checkpoint receptors [178]. Approved ICIs for therapy include programmed cell
death protein-1 (PD-1), programmed death ligand-1 (PD-L1), and cytotoxic T-lymphocyte-
associated antigen-4 (CTLA-4) [178,181]. However, systemic ICI therapy is limited by
severe side effects associated with dosage, low treatment response, and overactivation of
the immune response [182]. To address these limitations, a controlled delivery strategy
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called PD-L1 mAb–tMBs + US has been proposed (Table 6). Kim et al. [147] reported
that PD-L1 mAb–tMBs can improve therapeutic efficacy, increase the therapeutic index,
reduce toxicity, and avoid immune responses and fatalities associated with PD-L1 mAb
systemic administration in the treatment of colon cancer. Ma et al. [148] and Liu et al. [149]
both demonstrated that combining PD-L1 mAb–tMBs with chemotherapeutic drugs or
loading PD-L1 mAb–tMBs with genes exhibited strong synergistic effects in inhibiting
cervical tumor growth, improving survival rates, and reducing side effects compared to
using either drug/gene or PD-L1 mAb–tMBs alone. The combination treatment showed
better immunological activity, indicated by increased CD8+ T cell infiltration and cytokine
expression, ultimately resulting in an effective antitumor immune killing effect.

4.3. Adoptive Cell Immunotherapy

Adoptive cell-mediated immunotherapy (ACT) involves the intravenous transfer
in vitro of resident T cells or genetically modified T cells to target tumor antigens and
mediate anti-tumor function. The three types of ACT are tumor-infiltrating lymphocytes
(TIL), T cell receptor (TCR) gene therapy, and chimeric antigen receptor-modified T cells
(CAR-T) [178,183]. However, ACT is limited by the lack of in vivo persistence of transferred
cells, toxicities related to lymphodepletion, immune response, and cytokine release [183].
Preliminary studies using MBs targeted with specific antibodies and retroviruses (CD3,
CD8, CD45RA, CD62L, CD3/CD28, and CD-19CAR) have shown that tMBs represent a
potential method to stimulate [184,185], activate, transduce, and precisely sort specific
phenotypes of CAR-T cells [184]. These stimulations lead to greater in vivo persistence,
decreased toxicity, and improved antitumor response of adoptively transferred CAR-T cells
when compared to CAR-T cells obtained through conventional methods [185].

4.4. Cytokine Immunotherapy

Cytokine-mediated immunotherapy involves the systemic administration of cytokines
to enhance the immune response [178]. Commonly used cytokines for immunotherapy in
clinics and research include Interferon-alpha (IFN-α), Interleukins (ILs), and granulocyte-
macrophage colony-stimulating factor (GM-CSF) [178,186,187]. However, this therapy has
several limitations, including low efficacy, high levels of toxicity, and immune response ac-
tivation [188]. IL-27-tMBs have shown promising results by enhancing cytokine bioactivity,
inhibiting prostate tumor growth, and efficiently improving the recruitment of natural killer
cells (NKT) and CD8+ cells to the tumor compared to untargeted delivery [189]. Addition-
ally, IL-16–tMBs [190] have been introduced to evaluate myocardial ischemia–reperfusion,
detect atherosclerosis, and detect ovarian tumors, respectively.

4.5. Vaccine Immunotherapy

Vaccine-mediated immunotherapy involves administering specific antigens or pro-
tein fragments to stimulate an immune response [178]. Different types of vaccines are
used, including peptide-based vaccines [191], DNA-based vaccines [192], and cell-based
vaccines such as NK cells, dendritic cells (DC), and CAR-T cells [193]. However, the effec-
tiveness of vaccine therapy is limited by tissue-specific antigens, low humoral responses,
and heterogenous immune responses [178,194]. Gene- and protein-loaded MBs targeted
with tumor-specific antigens offer promising image-guided vaccine immunotherapy for
breast and melanoma tumors, as demonstrated by Li et al. [150] and Gao et al. [151]. This
approach can increase delivery efficiency, prolong survival rates, activate systemic anti-
tumor immunity, inhibit and delay tumor growth [150,151], reduce systemic toxicity, and
inhibit cancer metastasis by bridging the innate and adaptive immune responses [150].
Recently, Jungio et al. [152] introduced the first cell-free vaccine in the form of tMBs with
activated DC plasma membranes to enhance breast cancer tumor targeting, reduce tumor
growth, and increase survival rates. Studies also showed tumor growth inhibition and/or
antigen-specific protection through DCs activated by mRNA-loaded MBs [195] or tMBs
conjugated with NK cells to promote the controlled delivery at the target site [196].
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5. Challenges of tMBs in Therapy and Immunotherapy

Tables 2–6 highlight the potential of combining drug-, gene- or cell-loaded tMBs with
US for treating various cancers and cardiovascular diseases. However, before exploring
future clinical applications, it is crucial to address the in vivo safety of tMBs. The diversity
of MB compositions, ligands, therapeutic molecules, and US settings applied pose a sig-
nificant challenge for clinical translation. While the studies report enhanced therapeutic
uptake associated with MB cavitation without side effects, evidence of the latter is lacking.
Depending on the US and MB parameters, cavitation can induce adverse bioeffects, such as
endothelial cell damage, endothelial dysfunction [197,198], vascular rupture [199,200], and
petechial hemorrhages [66,201–203]. Moreover, acoustic cavitation can cause long-term
side effects on the target tissues [35,197]. Therefore, a deeper understanding of how cavita-
tion events interact with cells and tissues, along with the resulting cellular and molecular
responses, can lead to the development of novel design strategies that improve treatment
efficacy while minimizing potential safety concerns.

The MB doses and US parameters used in current studies are based on the reference
dose of clinically approved MBs, but comparing bioeffects among different MB formulations
and animal models is challenging due to the differences in size distribution, dose, shell
composition, gas core, and half-life [66,109,111,113,114,204]. Strategies for approximating
equivalent MB or cavitation doses are necessary to improve understanding of induced
bioeffects. While US and MB doses are critical factors in comparing bioeffects, physiological
variations also significantly impact biological outcomes [22]. Therefore, understanding MB
pharmacokinetics and accounting for physiological variability is essential for developing
safe and consistent treatment protocols.

On the other hand, the reported experimental therapy durations are typically shorter
than those in clinic applications and success is limited to reporting tumor growth sup-
pression, tumor cell apoptosis, and survival time. However, MB cavitation can trigger the
activation of immune cells, cytokine secretion or protein production, which can modulate
and modify the tumor microenvironment to fight against cancer [28,30–32]. These immune
cells, such as T cells, macrophages, neutrophils, fibroblasts, and B cells, participate in
the tumor suppression [205]. Therefore, to explain the molecular mechanisms associated
with tumor suppression in detail, it is desirable to extend the analysis to characterize the
activation and production of these immune components during therapy and immunother-
apy protocols. Moreover, the evaluation of only one or four doses of tMB formulations
is insufficient, and further pharmacological and toxicological experiments are necessary
to identify the optimal dose, administration frequency and protocols, as well as the US
parameters, to increase the delivery and maximize therapeutic effects in future studies.

The majority of experimental studies have used murine-origin monoclonal antibodies
linked to the MB surface via avidin and biotin coupling, which could potentially cause
severe immune responses in human patients [206,207]. To eliminate immunogenic effects,
future studies should consider using humanized antibodies, antibody fragments or peptides
linked by covalent binding.

Finally, the issue of MB dose is oftentimes ambiguous. We have proposed the use
of microbubble volume dose (MVD) as a unifying dose metric that combines MB size
distribution and concentration dose to provide a useful metric for correlating pharmacoki-
netic parameters (e.g., half-life), acoustic response, and the amount of drug delivered to
target tissue (Figure 3) [116]. For approved, commercially available MB ultrasound contrast
agents, the MVD ranges from 6 to 25 μL/kg (Table 1). However, for targeted MBs, the
MVD typically ranges from 1 to 50 μL/kg, although some reports have very low MVD
(<0.1 μL/kg), while others have very high MVD (>100 μL/kg). Note that these MVDs
were calculated by multiplying the dose given to the animal, usually in number of MBs
per animal weight (although sometimes animal weights were not reported, so we had to
use average for the species and age). Importantly, there is often a significant difference
between the number-weighted distribution (Figure 5D) and volume-weighted distribution
(Figure 5E). Note the difference in mean diameters, for example (Figure 5G), even for
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monodisperse size-isolated microbubbles. For example, as a basis of 1010 MB/mL, the
volume fractions estimated by the number and volume distributions are quite different
(208, 350, and 698 μL/kg vs. 406, 699, and 1170 μL/kg for 2, 3, and 5 μm diameter MBs,
respectively). Additionally, the size distribution is often skewed from a normal distribution,
even for monodisperse MBs, owing to Ostwald ripening and other colloidal mechanisms.
Therefore, one should take the area-under-the-curve of the MB volume vs. concentration
plot (Figure 5F) to determine the volume fraction (∅MB), which can then be used to deter-
mine an accurate MVD [117]. Therefore, a major challenge in the field is for researchers
to report an accurate MVD for their tMBs, or at least the combination of dose (number of
MBs/kg body weight) and volume-weighted mean diameter.

Figure 5. Importance of microbubble volume dose (MVD) as a unifying dose metric. Example of size
characteristics for three size-isolated lipid-coated microbubbles: (A–C) microscope images of MBs
from the three different sizes; (D) number-weighted size distributions; (E) volume-weighted size
distributions; (F) MB volume vs. concentration curve used to determine the gas volume fraction by
taking the area-under-the-curve; (G) corresponding size metrics. Adapted with permission from [117].
Copyright © 2023, American Chemical Society.

6. Future Directions

This review is focused on tMB formulations, which include direct bioconjugation of
a ligand, drug, nanoparticle and/or cell onto the MB shell. One may argue that loading
onto the MB is more efficient because the payload is administered at a lower dose and is
co-localized with the cavitation event. However, it is currently thought that the regulatory
burden of approving a specific MB/drug combination for clinical use makes this approach
less financially viable. Additionally, MBs are cleared quickly from circulation (typically
5–10 min) with accumulation primarily in the lung, liver, kidney, and spleen, leading to loss
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and rapid elimination of the therapeutic cargo before it can become available to the target
cells [9,34]. Therefore, current clinical trials favor co-administration of commercial MBs
(Table 1) and free drug, either as a single cocktail bolus or a sequence of injections. This
co-administration without bioconjugation approach is more amenable as a platform, where
a single MB formulation could be used for multiple drug/disease indications. However,
this simplistic approach also limits the creativity and potential benefits of MB engineering,
several examples of which are reviewed here (Tables 2–6). Therefore, it is advantageous to
continue to develop novel targeted microbubble formulations and applications.

As discussed in this review, targeted MBs offer many benefits as innovative agents
for ultrasound image-guided drug, gene, and cell delivery in therapy and immunother-
apy. While research continues on targeted MBs for research purposes in animal models,
more work is necessary to improve their safety, efficacy, and financial viability for clinical
translation. Further research and advancements should be made in the following areas:

1. The design and characterization of tMB formulations to achieve high payload capacity,
stable drug loading, homogenous and reproducible size distributions and colloidal
stability, and strong echogenicity and ultrasound responsiveness.

2. The understanding of tMB pharmacokinetics with the goal of extending circulation
time and improving biodistribution, and determination of minimum effective dose
and maximum tolerated dose for a given drug and US scheme.

3. The evaluation of tMB interactions with cells and tissues, their correlation to short-
and long-term bioeffects in vivo, and molecular description of biological mechanisms
induced by tMB cavitation.

4. The optimization of US protocols with consideration of tMB pharmacokinetics and
bioeffects to ensure treatment safety and efficacy.

5. The establishment of drug, microbubble, and ultrasound dose metrics to compare
therapeutic index between tMB formulations.

Innovations in these areas may help reduce over-reliance on commercially available
ultrasound contrast agents and promote clinical translation of engineered tMBs.

However, to justify investment into the clinical translation of tMBs, researchers must
show a significant improvement in safety and/or efficacy in comparison to currently
approved and commercially available MB formulations (see Table 1). For example, it would
be helpful to show an increase in therapeutic index for delivery of the target payload using
tMBs vs. commercial MBs (vs. systemic administration without MBs). Additionally, it
would be helpful for comparison to report dose optimization in terms of microbubble MVD
and pharmacokinetics, along with ultrasound MI, duty cycle, and sonication time. Such
characterization and reporting would help the community standardize treatments and
optimize passive cavitation monitoring methods.

7. Conclusions

This review highlights recent developments in targeted MB formulations engineered
for drug and cell delivery for therapy and immunotherapy. Basic MB formulations are
described prior to citing some recent innovative designs for targeted MBs and their applica-
tions. The bioconjugation approach has demonstrated promise in enhancing the delivery
of various drugs, genes, and cells to target tissues. Issues for future research are discussed,
including the need to better define tMB pharmacokinetics and bioeffects, as well as the
standardization of MB and US parameters to compare therapeutic index between different
MB formulations.
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Abstract: Targeted delivery of therapeutics to specific tissues is critically important for reducing
systemic toxicity and optimizing therapeutic efficacy, especially in the case of cytotoxic drugs. Many
strategies currently exist for targeting systemically administered drugs, and ultrasound-controlled
targeting is a rapidly advancing strategy for externally-stimulated drug delivery. In this non-invasive
method, ultrasound waves penetrate through tissue and stimulate gas-filled microbubbles, resulting
in bubble rupture and biophysical effects that power delivery of attached cargo to surrounding
cells. Drug delivery capabilities from ultrasound-sensitive microbubbles are greatly expanded when
nanocarrier particles are attached to the bubble surface, and cargo loading is determined by the
physicochemical properties of the nanoparticles. This review serves to highlight and discuss current
microbubble–nanoparticle complex component materials and designs for ultrasound-mediated drug
delivery. Nanocarriers that have been complexed with microbubbles for drug delivery include
lipid-based, polymeric, lipid–polymer hybrid, protein, and inorganic nanoparticles. Several schemes
exist for linking nanoparticles to microbubbles for efficient nanoparticle delivery, including biotin–
avidin bridging, electrostatic bonding, and covalent linkages. When compared to unstimulated
delivery, ultrasound-mediated cargo delivery enables enhanced cell uptake and accumulation of
cargo in target organs and can result in improved therapeutic outcomes. These ultrasound-responsive
delivery complexes can also be designed to facilitate other methods of targeting, including bioactive
targeting ligands and responsivity to light or magnetic fields, and multi-level targeting can enhance
therapeutic efficacy. Microbubble–nanoparticle complexes present a versatile platform for controlled
drug delivery via ultrasound, allowing for enhanced tissue penetration and minimally invasive
therapy. Future perspectives for application of this platform are also discussed in this review.

Keywords: ultrasound; targeted drug delivery; microbubble; cavitation; sonoporation; nanoparticle

1. Introduction

An important design consideration in drug delivery systems is targeting the delivery
to the intended or afflicted tissue. Systemic delivery of drugs is commonly implemented
because it is cost-effective, technically straightforward, and minimally invasive. However,
employing this method without a targeting element commonly results in off-target effects,
sub-optimal delivery to the active site, and high uptake and clearance by the immune
system. Systems for directed delivery to the target tissue protect drugs from environmental
degradation and decrease off-target release, reducing the necessary administered dose for
effective treatment [1,2]. In decreasing off-target delivery, targeted delivery approaches
also minimize adverse effects to healthy tissue, which is particularly critical in cases of
cancer chemotherapy or administration of other cytotoxic therapeutics. Many methods
of targeted delivery exist, including passive, active, and stimulus-activated approaches.
Additionally, targeting strategies may be combined for enhanced targeting precision.

Passive targeting consists of designing the physical properties of the particle to op-
timize its accumulation at the active site [3]. This type of targeting is frequently used for
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cancer drug delivery, where upregulated angiogenic signaling in tumor tissue promotes
rapid formation of immature vasculature. This tumor vasculature is more highly branched
and permeable, or “leaky” than healthy vasculature. Due to the greater permeability of
these vessels, nanoparticles are more capable of extravasating into tumor tissue. Further,
poor lymphatic drainage in tumor tissue permits high nanoparticle accumulation and
retention [4]. This combined effect is known as the enhanced permeability and reten-
tion (EPR) effect, and much effort has been made to design therapeutic vehicle size and
shape for optimal extravasation through the leaky tumor vasculature in passive targeting
approaches [3,5]. Passive targeting alone does not provide tissue specificity.

Alternatively, active targeting entails designing therapeutic vehicles for enhanced de-
livery to a particular target [3]. Functionalization of therapeutic vehicles with targeting moi-
eties (e.g., antibodies, peptides, nucleic acids, carbohydrates) that recognize biomolecules
upregulated in cancerous cells or the extracellular tumor microenvironment is a key area
of development and has shown some clinical success in targeted drug delivery [3,6–9].
Other “smart” delivery vehicles dispense their cargo in response to tumor or inflammatory
tissue-induced environmental stimuli, such as a decrease in pH or increase in enzymatic
activity [3,5,10,11].

Another important method of targeted delivery that affords manual control of both
location and timing of drug delivery is application of an external stimulus that triggers
drug release, such as light, magnetic fields, or ultrasound [11]. Both photo- and magnetic-
mediated delivery have shown utility in triggering targeted cargo delivery [12–14], but
each present specific limitations related to tissue penetration. Focused external magnetic
fields with adequate penetration and precision for guided drug delivery can be technically
difficult to assemble [11], while visible and infrared light can only penetrate ≤ 10 mm into
tissue, which is limiting in terms of clinical application for many pathologies [11,15]. In
contrast, ultrasound-mediated drug delivery is particularly promising because of its techni-
cally facile and noninvasive modulation and its ability to penetrate and be focused precisely
to greater depths within tissues [16]. Thus, substantial research efforts are currently focused
on developing and optimizing drug delivery vehicles for ultrasound-stimulated cargo
release, with a particular interest in complexing nanocarriers with ultrasound-sensitive
microbubbles. Many ultrasound-controlled complexes recently introduced in this grow-
ing field have demonstrated superior targeting over unstimulated vehicles, indicating
great promise for future clinical translation of this targeted therapy strategy. In response
to widespread interest in the growing field, this review functions to survey the state of
the art for ultrasound-responsive microbubble–nanoparticle complexes for cargo delivery.
We provide an in-depth exploration of the design and synthesis of each complex compo-
nent, discussing design selections, complexation and linking strategies (as summarized in
Figure 1), therapeutic outcomes, and areas for future growth.
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Figure 1. Microbubble–nanoparticle complex designs for ultrasound-controlled cargo delivery.
Nanocarriers that have been linked to microbubbles include liposomes, polymer nanoparticles,
lipid–polymer hybrid nanoparticles, protein nanoparticles, and metallic/inorganic nanoparticles.
Schemes for conjugating nanoparticles to microbubbles include avidin–biotin bridge formation,
electrostatic interactions, disulfide bridges, and multiple types of covalent bonds.

2. Ultrasound Stimulation

Ultrasound waves are longitudinal pressure waves of higher frequency than 20 kHz,
which is above the range of human hearing [17–21]. These mechanical pressure waves
cause oscillatory deformation of matter in the surrounding environment. Different tissues
have varying resistance to ultrasound propagation, with more solid tissues reflecting more
ultrasound than fluid tissues; thus, this technology has traditionally been implemented
for diagnostic imaging to evaluate tissue density and morphology [22,23]. Diagnostic
ultrasound imaging has had long-standing success, in large part due to its ability to deeply
penetrate through tissue, allowing visualization of deep tissue morphology [24]. At fre-
quencies around 1 MHz, ultrasound waves are minimally attenuated by tissue, allowing
for significant tissue penetration [24,25]. This advantage, along with the ability to focus
the ultrasound beam to small volumes within the body, has made ultrasound an attrac-
tive method of stimulation for other applications beyond diagnostics, including use for
therapy and drug delivery [26,27]. The intensity of ultrasound waves may also be modu-
lated for different therapeutic applications. High intensity ultrasound (100–10,000 W/cm2)
causes local increases in temperature and tissue damage by thermal ablation, which can
be implemented as cancer therapy, but may cause undesired damage in many applica-
tions [28–30]. Lower intensity ultrasound (e.g., the range of 0.125–3 W/cm2) is capable
of inducing mechanical effects on local tissues and microparticles without causing tem-
perature spiking [28]. Thus, researchers have harnessed this form of energy for local,
on-demand drug delivery by designing micromaterials and complexes to release drugs in
response to ultrasound stimulation.
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Ultrasound Stimulation of Microbubbles

Gas-core microbubble particles are highly mechanically responsive to the oscillating
ultrasound pressure waves. Due to the compressibility of the gas, these microbubbles
undergo volumetric oscillations, shrinking and expanding with the compression and rar-
efaction phases of the ultrasound pulse [31–35]. This oscillation is known as cavitation [36].
Two types of cavitation dynamics can occur in response to ultrasound stimulation: stable
cavitation and inertial cavitation (both depicted in Figure 2A). Microbubble oscillation also
results in strong backscatter of the ultrasound waves, which has enabled their use as highly
effective contrast agents for ultrasound imaging [37].

In the process of stable cavitation, which occurs at lower ultrasound intensities, mi-
crobubbles oscillate in diameter about their equilibrium size at the frequency of the applied
ultrasound wave [38]. At higher acoustic pressures, inertial cavitation can occur, where the
microbubble expands to a large enough size that, upon the next compression phase, a rapid
inward rush of fluid is directed toward the center of the microbubble. This causes a forceful
implosion which collapses the bubble and can free attached or encapsulated cargo. The oscil-
lation response of the microbubble is greatest at its resonant frequency, which is determined
by the physical properties of the bubble itself (e.g., size, composition, coating) [30,39]. The
collapse dynamics can be influenced by proximity to a surface or to other bubbles undergoing
cavitation [40]. Both stable and inertial microbubble cavitation can cause a temporary increase
in permeability of nearby cell membranes known as sonoporation (Figure 2B).

As microbubbles undergo stable cavitation, their rapid expansion and contraction
can have a push and pull effect on adjacent cell membranes (Figure 2B) and can also
generate fluid flow, known as microstreaming (Figure 2C) [41,42]. Microstreaming ex-
erts shear stresses upon nearby cell membranes, causing transient opening of membrane
pores, e.g., sonoporation [43–45]. During inertial cavitation, the forceful collapse of the
microbubble can generate radial shock waves (Figure 2D), as well as directed fluid jets
(Figure 2E), caused by the asymmetric collapse and involution of the bubble, which can
disrupt nearby cell membranes [44,46–49]. Several studies have observed sonoporation-
induced cellular pore sizes ranging from approximately 10 nm to multiple micrometers
in diameter, using scanning electron microscopy (SEM) and atomic force microscopy
(AFM) (Figure 2F) [46–48]. Following the formation of transient pores, evidence of pore
resealing, facilitated by lysosome-mediated exocytosis [50] and extracellular calcium ions
(Ca2+), has been observed [51]. The pore size generated is dependent upon ultrasound
parameters, such as duration, number and localization of ultrasound pulses, bubble–cell
proximity, and geometrical configuration of the microbubbles within the local 3D envi-
ronment [52]. Upon cavitation-induced pore formation, local extracellular species may
enter cells directly through these pores (Figure 2G) [53]. As such, sonoporation caused by
ultrasound-stimulated microbubble cavitation is thought to play a key role in internaliza-
tion of delivered therapeutics, as it creates the most direct route of delivery to cells. Thus,
ultrasound-stimulated sonoporation may be leveraged to overcome challenges in targeted
gene or therapeutic cargo transfer into cells [41].

In addition to promoting cargo delivery across cell membranes, focused ultrasound is
an instrumental method for delivering cargo across the blood–brain barrier (BBB). The BBB
is a neuroprotective barrier of endothelial cells joined by tight junctions impermissible to
molecules larger than 400 Da [54,55]. Focused ultrasound-induced microbubble cavitation
temporarily disrupts the tight junctions of the BBB without causing thermoablation of these
cells, providing localized direct delivery of cargo (as large as 2000 kDa molecular weight)
to brain tissue at the targeted site [55,56]. Focused ultrasound delivery is considered safer
and more precise than other methods of crossing the BBB, including invasive surgeries and
systemically-administered chemically-modified cargo [54,56].
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Figure 2. Microbubble cavitation induces sonoporation of local cell membranes. (A) During the
sinusoidal alternating cycle of compression and rarefaction from the ultrasound pressure waves,
gas-core microbubbles contract and expand in diameter. In stable cavitation (top row), occurring at
lower acoustic pressure amplitudes, microbubbles stably oscillate between expansion and contraction,
whereas at higher acoustic pressures, inertial cavitation can occur (bottom row), in which the mi-
crobubble expands and then implodes, collapsing and fragmenting the bubble. Schematic illustrations
in (A) created with Biorender.com, and based on those from [57], Springer Nature, 2015, and [58],
IvySpring International Publisher, 2012. (B–E) Both stable and inertial cavitation can create local
dynamics which may cause sonoporation. Illustrations are based on those from [42], copyright 2017.
Reproduced by permission of Taylor and Francis Group, LLC, a division of Informa plc. (B) Stable
microbubble cavitation may cause sonoporation by pushing the cell membrane during expansion or
pulling the membrane during contraction. (C) Stable cavitation creates local fluid microstreaming,
which can also cause membrane permeation. (D) During inertial cavitation, resultant shockwaves
from bubble implosion can create pores in cell membranes. (E) Bubble collapse during inertial
cavitation can also cause fluid jet formation which can permeate the cell membrane. (F) Scanning
electron microscopy images show the presence of pores in cell membranes following ultrasound
exposure in the presence of microbubbles. Image reprinted from [46], copyright 2005, with permission
from Elsevier. (G) Ultrasound stimulation in the presence of adjacent microbubbles causes cell membrane
permeability, facilitating rapid cell uptake of local fluorescence marker propidium iodide (red) through
pores created from sonoporation. Images reprinted from [53], Springer Nature, 2018.
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Focused ultrasound-stimulated microbubble cavitation for release of therapeutic cargo
is an attractive biocompatible approach for therapeutic delivery due to the deep tissue
penetration and precise, noninvasive spatiotemporal control of the ultrasound stimulus.
The capability to focus the acoustic energy to small mm3-scale volumes within deep tissue
also makes ultrasound an attractive stimulus to activate drug delivery vehicles. As briefly
mentioned above, microbubble cavitation behavior is largely dictated by bubble physi-
cal properties. Several considerations for design of ultrasound-responsive microbubble
delivery vehicles are shell composition, microbubble size, type of gas in the core, sur-
face functionalization, and cargo loading. Below we discuss these design parameters for
different delivery applications.

3. Ultrasound-Responsive Microbubble Design Parameters

Microbubbles have been designed for different therapeutic applications, including
the delivery of genes or other drugs, due to their unique cavitation behavior. The general
microbubble design consists of an outer protective layer, or shell, and a hydrophobic gas
core. The types of protective layers include phospholipids, that create a monolayer mem-
brane, or layers composed of protein (e.g., albumin) or polymer [59]. The microbubble
monolayer can be comprised of many different lipid types and mixtures and commonly
consists of a phosphatidyl-choline, such as 1,2-dipalmitoyl-sn-glycero-3-phospho-choline
(DPPC) [60–63], or 1,2-distearoyl-sn-glycero-3-phosphocholine (DSPC) [64–67]. These
phospholipids self-arrange into monolayers across the gas/water interface with their hy-
drophobic lipid tails facing inwards toward the gas-filled core and hydrophilic heads facing
outward toward the aqueous environment. To increase microbubble stability, polyethy-
lene glycol (PEG) functionalized, or (PEG)ylated, lipids, such as PEG stearate [64], or
1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-carboxy(polyethylene glycol) (DSPE-
PEG2000), can be incorporated. These hydrophilic PEG brush layers inhibit bubble coa-
lescence and also increase the particle half-life in circulation by shielding the bubble from
immune cell recognition [68]. The incorporation of cholesterol can modify the packing of
phospholipids in the microbubble monolayer, which affects the physical properties of the
lipid monolayer and the microbubble’s interaction with ultrasound [69].

Gases implemented for the microbubble core are generally inert and hydrophobic in
nature to reduce dissolution into the surrounding liquid, thereby increasing microbubble
stability [70,71]. Different types of gases that can be incorporated inside the phospholipid
shell include: octafluoropropane [72], perfluorobutane [60], perfluorohexane [73,74] sulfur
hexafluoride [75], and nitrogen [76]. Other gases may also be incorporated for different
therapeutic strategies, such as oxygen to improve treatment of tumors [77,78].

In order to synthesize lipid coated microbubbles, the phospholipid mixture and gas
components are combined under conditions that favor micelle self-assembly, including
probe sonication, microfluidics, and high shear emulsification [79–83]. Probe sonication
introduces energy into a lipid solution that breaks up lipid micelles while simultaneously
pulling gas from above the liquid surface into the solution, forming microbubbles that are
then coated by the free lipids before they reform micelles. This results in the formation
of a monolayer of the lipid coating and stabilizes the gas core. Standard bulk production
methods utilize ultrasonic emulsification to synthesize high volumes of microbubbles,
but result in a broad size distribution [84]. Conversely, microfluidic production methods
provide tighter size distributions, but operate at a much lower production rate [85]. Hybrid
systems of these methods that achieve high production rate and more uniform size distri-
butions may provide a novel fabrication platform for higher yield production [86]. The
size distribution of the microbubbles is important because the microbubble resonance fre-
quency is dependent on the bubble size [49], with one to ten microns in diameter effectively
oscillating with ultrasound frequencies in the low MHz [87].

While lipid-based microbubbles have been well-established for drug and gene delivery
applications, the capacity of the monolayer shell for housing cargo is low. Though less
common, other macromolecules may be used to form the microbubble shell. Polymer-
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based microbubbles are advantageous for drug delivery due to their ability to form thicker
crosslinked layers which enhance bubble stability. These polymers can achieve thicknesses
of 50–150 nm in comparison to the 3–5 nm thickness of phospholipid-based microbub-
bles [88]. The thicker shell provides a larger space for loading therapeutics, which are
entrapped within the polymer network [89]. However, the thicker membranes can be stiffer
than lipid monolayers, which affects their echogenicity, or responsiveness to ultrasound
stimulation, and is an important consideration for delivery applications. Successful delivery
of molecular payloads across the BBB to brain tumors has been achieved using poly(n-
butyl cyanoacrylate) (PBCA)-based polymer microbubbles incorporating macromolecular
FITC-dextran in the shell [88]. Polymer–surfactant shell hybrids, comprised of multiple
shell layers, also provide greater cargo loading capabilities and have been employed for
different applications, such as dual drug release or protection of DNA cargo from enzymatic
degradation [90–92]. Protein coated microbubbles have also been employed for gene and
drug delivery purposes [93]. Proteins can be covalently crosslinked via disulfide bonds
to form and stabilize a microbubble shell [94]. This design has been used to effectively
deliver both adenoviruses in a rat model [95] and plasmids in vitro [93] in response to
ultrasound stimulation.

Microbubble Customization and Cargo Capabilities

Microbubbles are promising carrier vehicles for gene or other drug delivery, enabling
spatiotemporal control over delivery through the application of a focused ultrasound
trigger. Customization of the microbubble structure is critical for loading different cargos
intended for a wide range of different applications.

Linking payloads to the microbubble surface can be achieved through functionalization
of microbubbles with crosslinking groups or by imparting electrostatic charges on the
surface. Microbubble surface charge can be modified by incorporating cationic or anionic
lipids into the monolayer. This enables complexation with oppositely-charged species via
electrostatic interactions. The cationic lipids 1,2-Dioleoyl-3-trimethylammonium propane
(DOTAP) and N-[1-(2,3-distearoyloxy)propyl]-N,N,N-trimethylammonium methylsulfate
(DSTAP) are commonly used for conferring positive charge to microbubbles, allowing
negatively charged nucleic acid cargo, such as cDNA, siRNA, or mRNA, to attach to the
microbubble surface [60,96,97]. Attaching nucleic acids to microbubbles protects them from
enzymatic degradation in circulation [98]. DNA cargo loaded onto the microbubble surface
can be verified by labeling with SYBR-gold dye and quantification of the fluorescence
signal [99].

Microbubble surfaces can also be chemically functionalized for the attachment of
specific therapeutic cargo types. For example, PD-L1 therapeutic antibodies were conju-
gated to PEG-coated, N-Hydroxysuccinimide (NHS)-functionalized microbubbles using
a covalent amine–NHS linkage, forming an antibody–microbubble conjugate for cancer
immunotherapy applications. This delivery vehicle provided protection for the therapeutic
antibodies from immune recognition due to the microbubble PEG brush layer and partial
blockage of the antibody Fc region by the microbubble conjugation. This design enabled
effective targeted release of the antibody by focused ultrasound [100].

Beyond modifying microbubble membranes for cargo loading, functional groups may
also be used to add targeting capabilities. Microbubbles can be targeted for specific cell
types. For instance, a phospholipid microbubble conjugated (via biotin–actin bridging)
with anti-CD4 was successfully targeted to CD4 positive lymphocytes that carried the
microbubbles to specific regions within the body [101]. Attaching multiple ligands on the
same microbubble may allow for increased specificity to cellular targets, such as to regions
of atherosclerosis through conjugation of anti-VCAM-1 and anti-ICAM-1 antibodies and
synthetic polymeric sialyl Lewis X [102]. Microbubbles can also be modified to leverage
multiple modalities, combining imaging with drug release capabilities. For example, incor-
porating iron oxide nanoparticles with microbubbles allows for dual MRI and ultrasound
imaging and also allows ultrasound-mediated delivery of doxorubicin [92].
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Current methods of cargo-loading directly onto microbubbles have shown success
in delivery, and increasing cargo capacity further can potentially improve therapeutic
outcomes. The addition of cargo-carrying nanoparticles onto the microbubble surface
is a promising area of research for increasing the loading capacity of microbubbles and
expanding the types of payload that can be carried. For example, hydrophilic drugs are
difficult to load directly into the microbubble lipid monolayer, but can be carried inside
liposome or polymeric nanoparticles, which can be easily attached to the microbubble
surface. These attached nanoparticles also increase the loading capacity beyond what can
be achieved by attaching the payload directly to the limited surface area of the microbubble
itself. Here we detail the range of microbubble–nanoparticle complexes that have been
designed to deliver cargo in response to ultrasound stimulation.

4. Nanoparticle Carriers and Microbubble–Nanoparticle Complexes

Combining microbubbles with specialized carriers for cargo retention and controlled
delivery provides greater molecule-loading capabilities than microbubbles, alone and ex-
pands the library of cargo types deliverable by ultrasound stimulation. Cargo vehicles can
confer, or enhance, solubility to hydrophobic or amphiphilic drugs, improving biodistri-
bution and delivery efficiency [103]. These particles improve drug safety and efficacy by
preventing off-target payload release and protecting therapeutic cargo from harsh environ-
ments that may denature the molecules and diminish their therapeutic function [103,104].
Physical and chemical characteristics of carrier particles determine the class of cargo and
mode of delivery, and adding these particles to ultrasound-responsive microbubbles can
provide additional layers of targeting for greater precision of delivery [105].

The size of cargo-carrying delivery particles has been proven critical to both their
function and biodistribution. Nanoparticles, in particular, have been widely employed in
drug delivery due to the advantages of their size. Particles between 10–200 nm in diameter
show minimal renal clearance and immune clearance in vivo [106], resulting in effective
passive targeting of tumor tissue via the EPR effect [103]. To further evade opsonization
and phagocytic clearance, nanoparticles may be surface-modified with a stealth layer,
such as a PEG brush coating. This effectively increases circulation time as required for
enhanced accumulation at the tumor site via the EPR effect [107]. Additionally, due to their
size, nanoscale carriers may be internalized by cells via endocytosis. Particles between
10 and 60 nm present the optimal size for cell uptake in vitro based on size alone, and
surface modifications may enhance uptake as well [106,108]. Nanoparticles have also been
designed to undergo endosomal escape upon cellular uptake [109–111]. Finally, the high
aspect ratio (surface to volume ratio) of nanoparticles can be advantageous for solubility,
cargo loading, and contact-mediated interactions with cells [112,113].

Combining nanocarriers with microbubbles confers many of the unique advantages
of nanoparticles to ultrasound-responsive carriers. In early systems, microbubbles and
nanoparticles were co-administered or delivered to tissues in succession, showing some
success in improved delivery [114,115]. For efficient microbubble cavitation-stimulated
delivery directly to cells, however, the bubbles must be in close proximity to nanoparti-
cles [116]. Accordingly, microbubble–nanoparticle delivery systems have demonstrated
greater delivery efficacy when the two components are linked together [117–119]. Thus, in
recent years, many strategies have been employed for physically and chemically linking
nanoparticles to microbubbles.

A variety of ultrasound-responsive microbubble–nanoparticle complex formulations
exist for different cargo delivery applications, with many recent developments and inno-
vations in design and therapeutic application. Thus, we below describe and discuss the
different existing designs for these linked microbubble–nanoparticle complexes.

First, the type of the nanoparticle component has a critical influence on the cargo and
delivery capabilities. As such, we have divided types of microbubble–nanoparticle com-
plexes by nanoparticle class, which are outlined in Table 1. Second, several schemes exist by
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which the microbubbles and nanoparticles are connected, which vary in design and strength;
thus, we then discuss the linking schema and how they affect the complex formation.

Table 1. Nanoparticles implemented in microbubble–nanoparticle complexes.

Type of Nanoparticle Schematic Notable Characteristics

Liposome

 

Support endocytosis of cargo [120–122], can house multiple cargo types
simultaneously [123], stability influenced by environmental factors [124,125]

Polymer

 

Customizable properties [126], designed for enhanced stability [127],
controlled cargo release [126–130], endosomal escape [109–111,128]

Lipid–polymer hybrid

 

Can house multiple classes of cargo at once and deliver cargos on
different timescales [121,131], high stability, due to multilayer design,
promotes sustained drug release and cellular uptake [121,132,133]

Protein

 

Biologically-derived nanoparticles, inherent biofunctional groups allow
for complexing with microbubbles, loading therapeutics, or targeting
receptors [134–139]

Metallic/Inorganic

 

High stability, facile functionalization [140], can be
light-/magnetic-responsive [105], can have some toxicity issues [105]

4.1. Nanoparticle Classes for Microbubble–Nanoparticle Complexes
4.1.1. Microbubble–Liposome Complexes
Liposomes as Nanocarriers

One nanocarrier class commonly complexed with microbubbles is liposomes. Lipo-
somes, depicted in Table 1, are vesicles composed of phospholipids assembled into an am-
phiphilic bi-layered membrane encircling an aqueous interior, which can hold hydrophilic
cargo [141,142]. Loading molecules into liposomes for delivery provides protection to the
cargo from the biological environment, reduces off-target tissue exposure to the payload,
increases drug circulation time, and facilitates passive delivery via EPR [143].

The organization of the molecules comprising liposomes is uniquely beneficial for cargo
delivery. Their double-layered phospholipid membrane is similar in structure and curvature to
biological membranes, rendering them highly biocompatible and capable of direct interaction
with cells. Upon contact with the cell membrane, liposomes have been shown to fuse with
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cellular plasma membranes for direct delivery of liposomal cargo into the cell [120–122].
Liposome membrane structure also enables simultaneous incorporation of multiple classes of
cargo with different properties. In addition to housing cargo within its hydrophilic interior,
hydrophobic cargo may also be contained in the hydrophobic compartment between lipid
layers of the membrane [123]. Delivering multiple classes of therapeutics in combination is a
promising approach for treatment of therapeutic-resistant cancers. Furthermore, strategies for
loading cargo into liposomes are technically straightforward.

Liposomes may be modified and functionalized [142,144]; while typically phospholipid-
and cholesterol-based [141], liposomes may vary widely in design for different applications.
Unilamellar liposomes for drug delivery can vary in size from ~100 nm to 800 nm in diame-
ter, and are typically designed to be around 100 nm for optimal EPR extravasation from
tumor vasculature [122,144]. Their surface functionalization can be tuned to escape immune
recognition, attach charged cargo, release drug in response to a stimulus, or actively target
biological molecules, which may also promote cellular uptake [122,142].

Liposomes provide excellent delivery of different types of cargo, but do not have
effective echogenicity alone, due to their fluid-filled structure, and are more capable of
US-stimulated delivery when coupled to highly echogenic microbubbles [122,125]. Linking
liposomes with microbubbles confers many of the design advantages of liposomes to
ultrasound-responsive microbubbles.

Microbubble–Liposome Complexes for Cargo Delivery

Many microbubble–liposome complex designs exist. Liposomal cargo housing capabilities
expand the range of therapeutics that can be delivered by microbubbles, as evidenced by the
studies outlined in Figure 3. As both lipid microbubbles and liposomes contain outer phos-
pholipid layers, they are typically linked together by incorporating lipids functionalized with
complementary moieties into their shells. This allows for a variety of conjugation strategies [145].

Early microbubble–liposome complexes were characterized by Kheirolomoom et al.,
who evaluated binding strategies and liposome parameters to maximize liposome loading
efficiency onto each decafluorobutane-filled microbubble [122]. Kheirolomoom additionally
evaluated liposome formulation and size for stability and complexation with microbubbles,
with 5% biotinylation of PEG surface chains and 100 nm liposome diameter were found
to provide efficient stability and microbubble binding. The liposome membranes were
comprised of PEGylated lipids, biotinylated + PEGylated lipids, and 22-(N-(7-Nitrobenz-2-
Oxa-1,3-Diazol-4-yl)Amino)-23,24-Bisnor-5-Cholen-3β-Ol (NBD) fluorescent cholesterol.
These seminal microbubble–liposome complexes were shown to oscillate in response to
ultrasound insonation, and bound liposomes were released upon ultrasound-mediated
bubble oscillation or disruption [122]. Finally, ultrasound-controlled liposome delivery
to PC-3 prostate cancer cells was evaluated in vitro. NBD was internalized by cells when
delivered from the microbubble–liposome complex by ultrasound stimulation, but no
effective transfer into cells was demonstrated by liposomes alone, microbubbles alone, or
complexes without ultrasound treatment [122]. This study established the effectiveness of
microbubble–liposome complexes for targeted delivery applications.

As targeting is critical for safe cancer therapies, microbubble–liposome complexes
have been evaluated for chemotherapeutic delivery. Liposomes loaded with hydrophobic
mitotic inhibitor paclitaxel (PTX) were conjugated to perfluoropropane-filled microbubbles
via biotin–avidin linking. This early study evaluated cell uptake of cargo as a function
of ultrasound parameters, finding that higher intensity and longer stimulation times in-
creased uptake. Administration of this complex under ultrasound stimulus resulted in
significantly reduced cell viability of 4T1 breast tumor cells in vitro in comparison to PTX-
liposomes alone under identical ultrasound parameters. In a 4T1 breast carcinoma flank
mouse model, micro-complex PTX delivery via ultrasound significantly inhibited tumor
growth and showed high PTX accumulation in the tumor and low accumulation in the
liver, indicating effective targeted treatment [146]. The same group later implemented
this complex to deliver cancer therapeutic molecule doxorubicin (DOX) to DOX-resistant
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MCF-7/ADR human breast cancer cells in vitro, ameliorating therapeutic resistance more
effectively than verapamil, a drug currently used to reverse multidrug resistance. DOX
delivery from the microbubble–liposome complex under ultrasound stimulation resulted
in the highest cellular DOX uptake, lowest efflux from cells over time, and largest decrease
in cell viability compared to delivery by complexes without ultrasound, liposomes with
ultrasound, and liposomes plus free verapamil with ultrasound. The higher DOX deliv-
ery corresponded to high intercellular reactive oxygen species (ROS) production, greater
γ-H2AX expression, and more apoptosis [147]. Another class of therapeutics requiring
targeted delivery is that of platinum-based drugs, which are effective in cancer treatment,
but are toxic and highly reactive and can cause damaging off-target effects. In one complex,
iproplatin was loaded into the aqueous cores of azide-tagged liposomes, which were then
covalently linked to DBCO-functionalized sulfur hexafluoride-filled microbubbles. Passive
drug leakage from liposomes was evaluated, finding 19% iproplatin remaining within
the liposomes after six days in solution [148]. When the complexes were administered to
MCF7 breast cancer cells in vitro, ultrasound stimulation enhanced cell uptake of iproplatin
from the microbubble–liposome constructs, while cell uptake of iproplatin from liposomes
alone with applied sonication was negligible [148]. In another covalently-linked complex,
DOX-loaded maleimide-functionalized liposomes were combined with a mixture of lipids,
some of which presented thiol groups. Upon mixing with hydrophobic gas, the lipids
self-assembled into liposome-loaded microbubbles. This covalent maleimide–thiol linkage
withstood buffer and plasma conditions, with liposomes remaining bonded to microbub-
bles in the absence of ultrasound stimulation. When activated by ultrasound in vitro, these
complexes showed highly effective cytotoxicity to melanoma cells, with roughly the same
cell viability at 5.4 μg/mL as DOX-loaded liposomes alone showed at 27 μg/μL (~60% via-
bility). Delivery of free DOX at 0.5 μg/mL resulted in ~90% cell viability, while delivery of
0.5 μg/mL delivered from the carrier complex by ultrasound resulted in ~65% cell viability.
These findings suggest that ultrasound-controlled delivery can enhance therapeutic effi-
ciency and allow for lower administered doses of harsh therapeutic molecules, increasing
overall safety [149]. In all the above studies, complexing liposomes with microbubbles and
stimulating with ultrasound resulted in microbubble cavitation-induced enhancement of
cell uptake and therapeutic efficacy of chemotherapeutic small molecules.

Due to their ability to protect fragile cargo in circulation, microbubble–liposome
complexes have also been implemented in gene delivery. Therapeutic plasmids can be
effective in upregulating pro-healing pathways and repressing pro-tumor or pathological
marker expression in many disease states, but they are highly sensitive to degradation
from free nucleases in circulation and have demonstrated poor accumulation at the target
site due to denaturation [150]. Viral delivery vectors are effective carriers, but they can
cause immune reactions and mutagenesis [151,152]. Liposomal delivery serves as a safer
alternative for delivery of therapeutic nucleic acids.

Nucleic acid delivery from microbubble–liposome complexes has shown particularly
promising results in treatments for liver fibrosis, for which microbubble–cationic–liposome
complexes have been developed for electrostatic linkage of negatively-charged genetic material
to the liposome surfaces. In one study of hepatocyte growth factor (HGF) gene delivery
as a therapy for liver fibrosis, pCDH-HGF plasmid was loaded onto the cationic liposome
surface of microbubble–liposome complexes. Liposome charge was imparted by cationic
cholesterol DC-chol incorporation in the lipid layer, and biotin–avidin–biotin bridges linked
the liposomes to the microbubbles. These complexes were administered intravenously in a
rat bile duct ligation model of liver fibrosis, and ultrasound stimulation was locally applied.
Enhanced echo signals from ultrasound imaging confirmed microbubble–liposome complex
accumulation at the target site. This therapy reversed the fibrotic effects of the ligation as
measured by local hydroxyproline content [151]. A second study targeted another fibrosis-
related gene, connective tissue growth factor (CTGF). Delivery of silencing miCTGF RNA by
cationic microbubble–liposome complexes downregulated CTGF gene expression in HSC-T6
cells in vitro and significantly ameliorated fibrotic factors CTGF, TGFβ1, collagen I, and α-SMA
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expression in the rat liver in a fibrosis model in vivo. This therapy method effectively inhibited
fibrotic progression and prevented development into cirrhosis [153]. Effective gene delivery by
microbubble–liposome complexes in vivo shows promise for targeted genetic therapy.

Liposomes can support the delivery of multiple classes of cargo at once, thus, facilitating
multidrug therapy for improved therapeutic outcomes. Demonstrating the expanded cargo
loading capabilities of the microbubble–liposome complex, one study delivered a known
synergistic combination of hydrophilic and hydrophobic drugs to a BxPC-3 human pancreatic
tumor model in severe combined immunodeficient (SCID) mice. Combinatorial therapies
implemented in pancreatic cancer treatment often cause off-target toxicity and adverse sys-
temic effects, presenting a need for improved targeted therapies. In this design, hydrophobic
drug irinotecan was incorporated into the lipid membrane layer of a perfluorobutane-filled
microbubble, while hydrophilic oxaliplatin was loaded into the aqueous liposome core, and
the two carriers were linked together via the biotin–avidin–biotin bridge (Schematic shown in
Figure 3A). In vivo delivery of this complex under ultrasound exposure significantly impeded
tumor growth in vivo without causing systemic toxicity, resulting in tumors 136% smaller
than those treated with the complex without ultrasound and those treated with free multidrug
therapy (Figure 3B). These results underscore the importance of both the microcarrier complex
and the ultrasound stimulation in effective delivery for efficacious treatment of drug-resistant
pancreatic tumors [154]. In another multi-drug delivery study for breast cancer therapy, DOX
was dissolved in the aqueous liposome core and therapeutic RNA was incorporated in the
lipid layers by including a plasmid–protamine complex in the lipid film during liposome
synthesis. A green fluorescent protein (GFP) tester plasmid was first implemented to evaluate
cell transfection and then was replaced by therapeutic siRNA siSTAT3 (signal transducer
and activator of transcription 3, cell proliferation-promoting transcription factor). Liposomes
were conjugated to microbubbles via a Thiol–pyridyldithiopropionate (PDP) disulfide bond
and surface labeled with anti-HER2 antibodies for targeting HER2+ breast cancer cells (Fig-
ure 3C). Upon ultrasound-stimulated delivery to SkBr3 (breast cancer cells over-expressing
HER2) in vitro, cells expressed GFP (while there was no expression when microcarriers were
delivered without ultrasound) (Figure 3D). In the therapeutic model, ultrasound exposure
enhanced cell internalization of DOX. When complexes loaded with both DOX and siSTAT3
were exposed to ultrasound, the treatment significantly decreased expression of pro-tumor
and pro-mitotic factors STAT3, Cyclin D1, and c-Myc, reduced cell viability, and inhibited
tumor growth (Figure 3E), indicating efficacy for cancer therapy [155].

Finally, one unique model conferred ultrasound responsiveness to liposomes not by
linking the particle surfaces together, but by loading microbubbles within a large, micron-scale
liposome aqueous core, along with the therapeutic cargo. Cavitation of microbubbles caused
liposome rupture, releasing cargo [156]. This method eliminated the need for any linkage
strategies, provided bubble stability, and ensured liposomes and microbubbles were delivered
together. These large liposomes were formed at 5 μm in diameter with 1 μm loaded microbub-
bles and exhibited significantly greater cargo loading efficiency than conventional liposomes.
Interestingly, this group encapsulated large protein molecules (IgG, 150 kD) within the lipo-
somes, which can serve as immunotherapeutic agents. Microbubble-loaded liposomes, but
not unloaded liposomes, underwent forceful rupture under ultrasound stimulation. Without
stimulation, these microcarriers showed stability when incubated in a blood sample [156].

Many microbubble–liposome designs have been explored, and they present key ad-
vantages including facile fabrication and complexation, expanded cargo loading capacity,
enhanced cargo protection, and direct delivery to cells. A key challenge with liposome-based
vehicles, however, is that they have lower stability than some other nanoparticle types, and
membrane destabilization can result in off-target release of cargo. Liposome stability and
lipid layer integrity is controlled by several factors including liposome composition, lipid
tail length and saturation, ether linkages, and cholesterol content [124]. Without cholesterol,
liposome interactions with proteins can cause membrane instability. Lipid stability and lipo-
some permeability are also dictated by environmental temperature, as the lipid membrane
experiences enhanced permeability at the phase transition temperature of the lipids. Instability
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above the transition temperature leads to liquid disorder and can cause leakage [124,125].
Finally, unmodified liposomes are subject to opsonization, where the particles are tagged with
opsonins for clearance by the immune system. Charged liposomes and larger liposomes are
frequently opsonized [123]. Particle uptake and clearance by the reticuloendothelial system
is mitigated but not entirely eliminated by the addition of PEG stealth coatings, and many
liposomal formulations have high accumulation in the liver [157]. Though many design
modifications can improve liposome stability, undesired effects, such as lipid oxidation or
hydrolysis, membrane destabilization, aggregation, liposome fusion, and immune-based
elimination, all still occur [124]. This motivates the implementation of additional classes of
nanocarriers to complex with microbubbles for cavitation-based directed delivery.

4.1.2. Microbubble–Polymer Nanoparticle Complexes
Polymer Nanoparticles as Nanocarriers

Another class of nanoparticle carrier that has been complexed with microbubbles
for ultrasound-controlled delivery is polymer-based nanoparticles, which are illustrated
in Table 1. One of the most common and well-characterized polymer materials used for
nanoparticle delivery systems is poly(lactic-co-glycolic acid) (PLGA). PLGA is stable in
circulation, biocompatible, and biodegradable, resulting in products that are easily me-
tabolized and eliminated by the body [158]. Naturally anionic PLGA nanoparticles can
be loaded with hydrophobic or hydrophilic cargo during particle fabrication by using
emulsion or double emulsion techniques, respectively. In the emulsion process, polymers
and cargo are mixed with water and a surfactant, then sonicated to form nanoparticles [158].
As compared to PEG-coated liposomes, loaded with DOX, PEG-coated DOX-loaded PLGA
nanoparticles have shown reduced off-target cardiotoxicity, while preserving anti-tumor
therapeutic effects [159]. PLGA nanoparticles have been employed to deliver small hy-
drophobic drugs, proteins, and nucleic acids; however, loading efficiency, and in some
cases, burst release of drugs, remain challenges [158].

Another synthetic polymer nanoparticle, the poly(ethylenimine) (PEI) nanocarrier,
is hydrophilic and inherently positively-charged, and, as such, it is considered the gold
standard for non-viral therapeutic gene delivery from polymer nanoparticles [126,160]. The
PEI structure possesses large numbers of protonatable amine groups, which are separated
by short alkyl spacers, resulting in a high positive charge density [160,161]. In addition to
improving gene complexation efficiency, it is suggested that the positive charge of the PEIs
enhances transfection, due to increased cell internalization from electrostatic interactions
with cell membranes and endosomal escape, as described below [162].

Natural polymers commonly used in therapeutic delivery, such as chitosan and
hyaluronic acid, provide biocompatibility and inherent bioactivity [163–165], and complex-
ing naturally-derived polymer nanoparticles with ultrasound microbubbles for ultrasound
targeting could be an area of future interest.
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Figure 3. Microbubble–liposome complexes expand the types of cargo that can be delivered by
ultrasound-induced microbubble cavitation, leading to improved therapeutic efficacy. (A) Microbub-
bles loaded with hydrophobic chemotherapeutic Irinotecan and liposomes loaded with hydrophilic
chemotherapeutic Oxaliplatin were linked together by biotin–avidin bridging for a multi-drug cancer
therapy approach. (B) Implementation of this system (IRMB + OxLipo + US, green) in vivo resulted
in significantly lower tumor growth than delivery without ultrasound (blue), * p < 0.05, *** p < 0.0001.
(A,B) reprinted from [154], copyright 2020, with permission from Elsevier. (C). Both DOX and thera-
peutic siRNA were loaded into liposomes, which were covalently conjugated to microbubbles and
labeled with antibodies for multidrug active targeting. (D) Ultrasound-stimulated delivery (flash)
of this complex promoted cell uptake and gene transfection (bottom row). (E) This therapeutic
microcarrier complex design inhibited tumor growth when stimulated with ultrasound (flash) in vivo
(shown in blue). (C–E) reprinted from [155], copyright 2014, Ivyspring International Publisher.
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While polymer-based nanoparticle carriers provide some of the same advantages as
liposomes, several characteristics of polymers are specifically advantageous to nanocarrier
systems, including physical stability in biological environments, ability to confer solubility
to otherwise insoluble therapeutics via complexation [127], and diversity in properties
and custom design options [126]. Polymer properties vary widely, and cargo loading
and delivery abilities are governed by these physicochemical properties. For example,
PEI properties are influenced by polymer molecular weight and the extent of polymer
branching [162]. While PEI and other cationic polymers, like chitosan, are attractive options
for delivery of anionic nucleic acid cargo, PLGA nanoparticles must be modified with
cationic molecules when implemented for gene delivery [126,158]. Beyond modifying
particle charge for improved cargo loading, multiple polymers are commonly combined in
nanoparticle fabrication to optimize properties for specific applications. Adding PEG and
poly(caprolactone) to PEI counters toxicity effects, and coating PLGA with chitosan and
alginate impacts nanoparticle interaction with the epithelium [126,166–170]. As with other
nanocarriers, PEG chains are often added to polymer nanoparticles to reduce immunogenic-
ity and enhance circulation time [121]. Retention of cargo within polymer nanoparticles
during circulation is also influenced by the degree of polymer crosslinking, and delivery
of cargo is impacted by the type of polymer crosslinking. Noncovalent crosslinking may
allow more pH-sensitive, rapid cargo delivery than covalent polymer crosslinking [127,128].
For many PLGA nanocarriers, the mechanism of therapeutic release is hydrolytic polymer
degradation-mediated diffusion of cargo, which is tuned by altering the molar ratio of
lactic acid to glycolic acid [171].

Many polymer nanoparticle systems have been engineered for targeted drug delivery.
Several designs present either polymer–polymer crosslinks or polymer–cargo linkages
that are labile to environmental stimuli, such as disulfide bonds (glutathione-sensitive),
ester linkages (ROS-labile and esterase-labile), or pH-labile peptide linkers [127,129]. These
stimuli are associated with pathological tissue environments and can facilitate degradation
of polymer linkages and release of entrapped or linkage-attached cargo. Another polymer-
specific method of delivery is network swelling to release the drug from expanded pores.
Swelling may occur in response to an endogenous stimulus, such as pH or temperature,
which also adds a layer of targeting for controlled cargo delivery [128,130]. Stimulus-
responsive swelling behavior is also a critical asset of polymer molecules that enhances
direct delivery in cells. Upon endosomal internalization of nanoparticles by cells, many
polymer-based nanoparticles undergo pH-responsive swelling, or pH buffering, in response to
the acidic endosomal environment, resulting in endosomal swelling and rupture, and, thereby,
releasing the nanoparticles directly into the cell cytoplasm [109–111,128]. This mechanism is
suggested to contribute to improved gene transfection from PEI nanocarriers [111,162].

Polymer nanoparticles are also engineered for active targeting by functionalizing
these carriers with biochemical compounds, such as γ-PGA and RGD, for active target-
ing of tumor-specific or tumor-upregulated markers [127,169]. For remotely-controlled
on-demand delivery, polymer nanoparticles have been designed to release their cargo
in response to light exposure or changes in temperature [13,127,172,173]. While many
existing sophisticated polymer nanoparticles are designed to achieve localized drug de-
livery through targeting or environmentally-responsive strategies, they are not inherently
responsive to ultrasound stimulation. Thus, to confer the design advantages of ultrasound-
mediated therapy to different polymer nanoparticles, the nanoparticles can be complexed
with microbubbles.

Microbubble–Polymer Nanoparticle Complexes for Cargo Delivery

To impart on-demand delivery of DOX from PLGA nanoparticles, DOX-loaded
microbubble–PLGA–nanoparticle complexes were developed. PLGA nanoparticles were
fabricated and loaded with DOX by the double emulsion–solvent evaporation technique.
PLGA polymer COOH end groups were then covalently linked to free-amine-functionalized,
perfluoropropane-filled, microbubbles via amide bonds. When implemented in a rabbit
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liver tumor model, delivery of DOX from this complex, via ultrasound stimulation, resulted
in inhibition of tumor growth, improved survival, and, importantly, limited off-target
effects [174]. In a different study further investigating this same ultrasound-responsive
complex, delivery of DOX-loaded PLGA nanoparticles to rabbit tumor models reduced tu-
mor growth, increasing apoptosis of tumor cells via increased Bax expression and decreased
Bcl-2 expression [175]. The double emulsion–solvent evaporation technique of loading
DOX into the nanoparticles by encapsulating within the polymer structure during nanopar-
ticle formation was very efficient in both of the above cases, with >85% encapsulation
efficiency [174,175].

PEI-based nanoparticles for nucleic acid delivery have also been coupled to microbub-
bles for ultrasound-controlled delivery. One delivery complex incorporating PEI was
designed for multileveled targeting of ovarian cancer stem cells, which are an appropriate
candidate cell type for on-demand targeted delivery because they are not fast replicating
and are. Thus. not as responsive to systemically administered therapies designed for highly
proliferative cell populations. In this design, PEI–PEG-based nanocarriers were fabricated
with disulfide bonds linking the two polymer types together. Polymer nanoparticles were
loaded with plasmid DNA, via electrostatic complexation, and functionalized with biotin
for conjugation to perfluoropropane gas-filled microbubbles via biotin–avidin–biotin link-
age [176]. Conjugating PEG to positively-charged PEI via disulfide bonds provides an
environmentally-sensitive steric shield, which protects the charged nanoparticle from im-
mune responses in circulation, but is cleaved in glutathione-rich and acidic environments,
such as tumors, exposing the cationic nanoparticle for cell uptake. This temporary stealth
coating imparts tumor-specific targeted delivery. Ultrasound delivery of these particles
enhanced the delivery of the DNA payload to the targeted tissues while reducing off-target
delivery [176,177].

Ultrasound-mediated delivery of GFP plasmid (pGFP) from PEI–PEG nanocarriers
to ovarian cancer stem cells in vitro resulted in significantly greater transfection efficiency
than cationic commercial transfection agent lipofectamine. When evaluated in vivo, this
delivery method also resulted in enhanced transfection efficiency, which was confined to
the targeted area, and caused less off-target effects, as compared to lipofectamine treatment
in a mouse ovarian tumor model [176]. Upon application of this system for therapeutic
delivery of antitumorigenic genes (short hairpin RNA for aldehyde dehydrogenase 1) to
ovarian cancer stem cells in vitro, cells showed higher rates of apoptosis than those treated
with lipofectamine. Mechanisms contributing to efficacy included enhanced endocyto-
sis and endosomal escape of the plasmids delivered by ultrasound-stimulated PEG–PEI
nanocarriers [178]. Future directions for this model include evaluation of therapeutic
efficacy in vivo.

PEG has been shown to consistently confer biocompatibility and increased circu-
lation time to nanoparticles by forming a neutral, hydrophilic shield from opsoniza-
tion [179]. When implemented instead as the base of a polymer nanocarrier, PEG can
be modified to optimize other properties for cargo loading and delivery. To form a
carrier for delivering sodium borocaptate (BSH), for targeted boron neutron capture
therapy of glioblastoma multiforme, PEG was complexed with the polymer segment
poly(chloromethylstyrene) (PCMS) to form PEG-b-PCMS. Anionic drug BSH linked to the
chloromethyl groups of the PCMS to form the BSH-loaded polymer nanoparticle–drug
complex PEG-b-poly((closododecaboranyl)thiomethylstyrene) (PEG-b-PMBSH). PEG-b-
PMBSH nanoparticles were electrostatically complexed with cationic microbubbles for
ultrasound-mediated BBB penetration and on-demand tumor targeting. This system was
delivered in a mouse cranial glioblastoma model, where ultrasound-induced microbubble
cavitation caused BBB permeation and rapid boron accumulation in the tumor tissue [180].
This study demonstrated efficient targeted delivery and motivates future work in evaluating
therapeutic efficacy of this complex for clinical translation.

One microbubble–polymer nanoparticle complex combining PLGA and PEI was
designed to treat renal interstitial fibrosis. PLGA nanoparticles were simultaneously
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formed and loaded with therapeutic rosiglitazone (RSG, which is an agonist for the
anti-inflammatory and anti-fibrotic transcription factor PPARγ) via a double emulsion
preparation before complexing with PEI (also via electrostatic linking). As RSG has poor
water solubility, PLGA was an apt choice for forming a water-soluble prodrug for ef-
fective delivery [181]. The blended polymer nanoparticles presented sufficient positive
charge for electrostatic conjugation to commercially available sulfur hexafluoride-filled
anionic SonoVue® microbubbles to impart ultrasound responsiveness. This ultrasound-
sensitive complex is particularly promising for kidney-related diseases, because ultrasound
microbubble destruction has been shown to safely enable renal interstitial capillary per-
meation for therapeutic delivery. As expected, ultrasound sonication in vitro enhanced
nanoparticle uptake in mouse SV40-MES-13 cells. In a rat unilateral ureteral obstruction
(UUO) model, intravenous therapeutic complex delivery via ultrasound stimulation ef-
fectively reversed PPARγ downregulation, and profibrotic TGFβ, αSMA, and Collagen I
expression enhancement caused by UUO. Neither micro-complexes without ultrasound
nor therapeutic nanoparticles with ultrasound but no microbubbles were as effective as the
microbubble–nanoparticle ultrasound condition, which also attenuated fibrotic collagen
deposition [181].

Polymer nanoparticles present many advantages in drug delivery applications and
have been successfully utilized in ultrasound-controlled targeted delivery. Development
toward effective delivery strategies has also motivated design of a new class of nanoparticles
made by combining both lipids and polymers to impart the beneficial properties of both
material classes to the delivery vehicles.

4.1.3. Microbubble-Lipid-Polymer Hybrid Nanoparticle Complexes
Lipid-Polymer–Hybrid Nanoparticles as Nanocarriers

As outlined above, liposomes and polymer-based nanoparticles both have advanta-
geous characteristics resulting from their individual inherent chemical properties. A more
recently developed nanocarrier design combines these structural components into lipid–
polymer–hybrid nanoparticles (LPHNs), depicted in Table 1. Most commonly organized
as a polymer core with a lipid outer layer (Figure 4A), this class of molecule combines
the functionality of polymer nanoparticles and lipid-based nanoparticles for multimodal
delivery [121,131]. Cargo resides within the inner polymer core, and the lipid layer acts as a
barrier to protect and stabilize the core and reduce leakage. An outermost PEG coating may
be added to reduce immune clearance of the hybrid particles [121,131]. Like other nanopar-
ticles, LPHNs may be surface-functionalized with moieties for active tissue targeting or for
ameliorating the complement activation pathway [131,182].

LPHNs are a particularly advantageous class of vehicle for cancer drug delivery. Simul-
taneous combinatorial drug therapy has shown promise in treating therapeutic-resistant
tumors, and LPHNs present several approaches for loading different types of cargo with
varying properties, such as hydrophobic and hydrophilic drugs, charged and uncharged
molecules, etc., depending upon the nanoparticle fabrication method used. Beyond the mul-
tidrug loading capabilities of liposomes alone, these hybrid nanoparticles can be designed
to deliver drugs at different timescales or in response to different stimuli [121].

The fabrication process parameters of LPHNs (including lipid to polymer mass ratio
and the manner and order in which the molecules are combined) determine the nanoparti-
cles’ physical properties, such as size, loading efficiency, and release kinetics. For example,
the outer lipid coating must cover the nanoparticle core completely without gaps to prevent
off-target cargo leakage. This coverage, and resulting release kinetics, are determined by
the nanoparticle fabrication conditions. As such, a major area of research in the current field
of LPHN development for drug delivery is investigating the effects of the preparation and
assembly methods on nanoparticle properties and function [121,131,132]. When compared
to polymer and lipid-only nanoparticles, drug delivery via LPHNs has shown significantly
enhanced sustained drug release and cellular uptake in vitro, and improved delivery to cells
in vivo, which indicates their potential for targeted delivery (Figure 4B,C) [121,131,133].
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These results are likely attributable to increased sustained drug release and greater carrier
stability [133]. Though current studies are limited, localized on-demand delivery of LPHNs
can be improved by complexing these nanoparticles with microbubbles to make them
ultrasound-responsive.

Microbubble-LPHN Complexes for Cargo Delivery

Brain tumors are difficult to treat due to the protective BBB inhibiting drug delivery.
Glioblastoma is resistant to the chemotherapeutic molecule temozolomide (TMZ) by ex-
pression of O6-methylguanine-DNA methyltransferase (MGMT), despite TMZ having BBB-
penetrative properties. This necessitates delivery of additional therapeutics. A promising
approach to increase effectiveness of TMZ treatment is to inhibit MGMT expression via gene
therapy, which must be precisely controlled to prevent off-target effects. The high stability
of the LPHNs makes them an attractive carrier for this application. Yang et al. elegantly
designed a microbubble-LPHN complex with multiple layers of targeting to safely and pre-
cisely control delivery of CRISPR/Cas9 plasmids for gene editing to glioblastoma cells in vivo.
Here, a PLGA nanoparticle core was complexed with the MGMT-targeting CRISPR/Cas9
plasmids, then combined with biotin- and cRGD-functionalized lipids and self-assembled
into LPHNs. The nanoparticles were then bound to perfluoropropane-filled microbubbles
by biotin–avidin linking. Encapsulation within the LPHNs protected plasmids from enzy-
matic degradation and also facilitated sustained plasmid release from the nanoparticles. The
functionalization of cRGD served to target the α5β3 surface receptor upregulated in tumor
tissue and was correlated with higher T98G glioblastoma cell uptake in vitro. In a T98G
orthotopic xenograft model in vivo, focused ultrasound-mediated microbubble cavitation
caused BBB opening, and microbubble–LPHN complexes functionalized with cRGD showed
significantly greater accumulation in the brain than control LPHN–bubble complexes with-
out active targeting components (Figure 4D). When co-administered with TMZ, ultrasound
exposure with microbubble–cRGD–LPHN complexes loaded with Cas9/MGMT plasmids in-
hibited tumor growth and considerably extended survival period than control conditions TMZ
alone, TMZ + cRGD-LPHN–microbubble complexes without ultrasound, and TMZ + LPHN–
microbubble complexes with ultrasound (Figure 4E). In this system, each targeting facet
enhanced precision of delivery. The ultrasound stimulus-controlled nanoparticle transit across
the BBB, the PLGA–core–LPHN facilitated sustained therapeutic release, and the cRGD moiety
provided active molecular targeting to tumor cells. Through effective targeted delivery of gene
inhibitors against glioblastoma therapy resistance, this technology overcame TMZ resistance
to impede tumor growth [183] (Figure 4E).

Another unique design merged properties of LPHNs and microbubbles into a single
carrier. This system combined the echogenicity of lipid microbubbles with the stability
and cargo-loading capabilities of polymers. The complex was made via a water/oil/water
double emulsion process with ammonium bicarbonate, which decomposed to form the
air-filled gas core. The final bubble diameter was 800 nm, with a 30–60 nm thick lipid-PLGA
shell. These microbubbles showed greater echogenicity than PLGA-only microbubbles,
and were shown to be stable at acidic pH but to undergo cavitation under ultrasound
exposure. DOX was loaded into the carriers by dissolving it in ammonium bicarbonate
before microbubble formation (Figure 4F). Ultrasound stimulation of the microbubbles
facilitated controlled DOX delivery, causing reduced 4T1 tumor cell viability in vitro and
targeted accumulation, tumor growth inhibition, and longer survival in a 4T1 tumor model
in vivo, indicating the efficacy of this system (Figure 4G) [184].

While few studies currently exist that have complexed LPHNs with microbubbles for
ultrasound-mediated cargo delivery, the therapeutic outcomes of the above work indicate that this
technology is promising and the field is open for more complex LPHN-based delivery designs.
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Figure 4. Lipid–polymer hybrid nanoparticles (LPHNs) demonstrate advantages in stability and
cargo delivery, and are promising nanocarriers for ultrasound-mediated delivery. (A) LPHN com-
posed of a polymer core which houses cargo and a lipid outer layer. (B) Cargo release magnitude
over time was greater from the LPHNs (DLPC, blue) than from polymer nanoparticles (PVA, red).
(C) Cargo uptake by cells was greater over time when delivered by LPHNs (DLPC, blue) compared
to polymer carriers (PVA, red). (A–C) reprinted from [133], copyright 2010, with permission from
Elsevier. (D) Adding ultrasound-responsiveness to LPHNs via microbubble conjugation improved
biodistribution and targeting in vivo and enhanced cargo accumulation at the target location in the
brain (FUS + MBs-LPHNs-cRGD). (E) Using this complex design for the delivery of temozolomide
was correlated with inhibition of tumor growth and extended survival (purple). (D,E) reprinted
from [183]: International Journal of NanoMedicine 2021:16 185–199’ Originally published by and used
with permission from Dove Medical Press Ltd. (F) Unique model: a microbubble composed of a
lipid–polymer hybrid shell, loaded with DOX. (G) Ultrasound-stimulated cargo delivery from this
system (DOX-Lipid/PLGA + US, green) also resulted in significantly inhibited tumor growth in vivo
and greater survival, * p < 0.05. (F,G) Reprinted or adapted with permission from [184]. Copyright
2019 American Chemical Society.
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4.1.4. Microbubble–Protein Nanoparticle Complexes
Protein Nanoparticles as Nanocarriers

Another type of nanoparticle implemented in ultrasound-responsive complexes is
the protein-based nanoparticle, illustrated in Table 1. As biologically-derived molecules,
albumin nanoparticles have inherent bioactivity which contributes to targeting capabilities.
Other biologically-derived protein nanoparticles do exist, including gelatin, elastin, gliadin,
silk sericin, and others. However, albumin is the most abundant plasma protein, and,
thus, it is widely employed for drug delivery, and albumin-based prodrugs are in clinical
study [134,135]. Protein nanoparticles are fabricated by emulsion techniques, or, more
commonly, desolvation, where the proteins are precipitated out of an organic solution to
form nanoprecipitate particles. The addition of glutaraldehyde after precipitation crosslinks
albumin molecules together, providing stability to the particles. Fabrication parameters,
such as the amount of desolvation solution, pH, and crosslinker concentration, all influence
the final albumin nanoparticle size [185,186].

Like many other nanoparticle carriers, albumin nanoparticles are 50–200 nm in di-
ameter, facilitating extravasation into tumor tissue via the EPR effect, and they can be
functionalized for targeted delivery [186]. However, as natural biological molecules with
protein structure, they differ significantly in other ways. Similar to many polymers, proteins
are biocompatible and biodegradable, and elicit a limited immune reaction. Unlike most
synthetic nanomaterials, however, albumin’s surface innately presents multiple functional
groups, including thiol, amino, and carboxyl groups [134]. This intrinsic property is ad-
vantageous for linking the nanoparticles to microbubbles or active targeting moieties. The
albumin surface site cysteine-34 binds drugs and prodrugs, and free fatty acid binding
sites also exist on the surface [135]. The amphiphilic structure of albumin also promotes
cargo attachment via hydrophobic interactions. Many common therapeutics, including
penicillin and benzodiazepines, bind to the surface of albumin. While active targeting
moieties, such as peptides, antibodies, and aptamers, may be conjugated to these surface
groups, albumin itself has high binding affinity for tumor endothelial cell surface receptor
gp60, resulting in internalization of the nanoparticle [136]. Albumin also binds to several
other surface receptors highly expressed in tumor and inflammatory environments, in-
cluding the glioblastoma-expressed protein SPARC (secreted protein acidic and rich in
cysteine) [137–139]. These inherent binding capabilities promote precision delivery and
accumulation of albumin-based carriers.

Albumin nanoparticles are stable at a range of pH conditions (pH 4–9) and tempera-
tures up to 60 ◦C, and also have a prolonged circulation time, which is critical for effective
EPR-mediated therapy. Albumin has also been shown to accumulate in areas of inflam-
mation, supporting its versatility in therapeutic potential for different pathologies [135].
Albumin nanoparticles can form prodrugs by binding directly to the cargo to impart greater
solubility and to extend circulation time. This complexation is particularly effective for
short therapeutic peptides with short circulation times [134,136]. While native albumin is
nonimmunogenic, modified albumin may trigger immune responses and can be coated
with a stealth PEG layer for improved circulation and biocompatibility [137]. One potential
challenge of utilizing albumin nanoparticles is aggregation of albumin-covered microbub-
ble complexes due to amine–NHS interactions between adjacent particles. This issue has
been ameliorated by adjusting the concentration of drug loaded onto the surface of the
nanoparticles to sterically block these interactions [187].

Microbubble–Protein–Nanoparticle Complexes for Cargo Delivery

In addition to their advantages for active targeting, the functional groups present on
the protein nanoparticle surface are an excellent asset for linking the particles to microbub-
bles to create ultrasound-controlled delivery systems. A common design scheme consists of
covalently linking NHS-functionalized microbubbles to free amine groups on the albumin
surface, forming a strong bond.
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For enhanced BBB permeation and delivery, NHS-functionalized, sulfur hexafluoride
gas-filled lipid microbubbles were covalently linked to albumin nanoparticles by NHS–amine
amide bond formation. To evaluate albumin complex delivery, NHS-functionalized Cy5.5
dye molecules were also bonded to the albumin particles. These microbubble–albumin
complexes were used to evaluate ultrasound stimulation parameters for safe BBB perme-
ation and delivery of the particles. At optimized settings, ultrasound stimulation resulted
in 1.5× greater nanoparticle accumulation in the brain than that of complexes administered
without ultrasound [188].

Another approach for cargo loading of therapeutic microbubble–albumin complexes
involved linking DOX to the albumin nanoparticle surface via electrostatic interactions,
resulting in sustained release of DOX from the nanoparticles over an extended time period.
This loading strategy was pH-dependent with higher release profiles at acidic pH, which
may add another targeting capability to nanoparticles for greater cargo release in tumor
environments. Sulfur hexafluoride gas-filled NHS-microbubbles were again linked to
the albumin surface via covalent amide bonds, and it was demonstrated that addition
of the albumin nanoparticles did not adversely affect echogenicity of the microbubbles.
In a VX2 liver tumor rabbit model, more tumor growth inhibition was observed with
ultrasound-controlled delivery of these therapeutic particles, using both intra-vascular and
more invasive intra-arterial injections, than with intra-arterial delivery of free DOX with
ultrasound [187].

While several designs have loaded DOX via electrostatic interactions, one group in-
stead thiolated the nanoparticles during desolvation fabrication for DOX attachment. The
nanoparticles were then linked to NHS-functionalized perfluoropropane-filled microbub-
bles via amide linkages. The complexes were dispersed in Lipiodol (oil phase) to form
an emulsion. This emulsion was then delivered to a VX2 rabbit liver carcinoma model,
serving as an improved ultrasound-targeted delivery method for trans-arterial chemoem-
bolization (TACE) compared to a conventional TACE formulation of DOX in Lipiodol. This
ultrasound-based delivery had a greater inhibitory effect on tumor growth than traditional
therapeutic methods [189].

4.1.5. Microbubble–Metallic–Nanoparticle Complexes and Inorganic Nanoparticle Complexes
Metallic and Inorganic Nanoparticles in Therapeutic Delivery

One class of nanoparticles that is in early stages of complexation with microbubbles for
delivery is inorganic and metallic nanoparticles. This class, illustrated in Table 1, includes
gold, iron oxide, and silica-based nanoparticles, among others, and, like polymer nanopar-
ticles, they can be designed with a range of properties for specific applications. In addition
to drug delivery purposes, these particles themselves can serve as therapeutic, theranostic,
or targeting agents. Some metallic nanoparticles are inherently responsive to external
stimuli. Gold nanoparticles (AuNPs) are responsive to light stimulation and iron oxide
nanoparticle accumulation can be directed by magnetic fields [105]. Metallic nanoparticles
are favorable drug delivery agents because they are stable and can be easily functional-
ized for biochemical interactions [140]. While effective, inorganic nanoparticles present
some toxicity and solubility issues, making them excellent candidates for microbubble
complexation for ultrasound-targeted delivery [105]. Current systems combining metallic
nanoparticles with microbubbles for delivery vary widely in both design and application.

Microbubble–Metallic–Nanoparticle Complexes and Inorganic Nanoparticle Complexes
for Therapeutic Targeting

A few systems exist in which AuNPs are delivered in combination with microbub-
bles, though many do not complex these components together into a single microparticle,
instead administering the nanoparticles and microbubbles independently. In each of
these approaches, ultrasound-mediated microbubble cavitation has promoted delivery
of nanoparticles to specified regions. An example of this is copper-alloyed-gold nan-
ocluster delivery to the brainstem. The nanoclusters were delivered intranasally and the
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microbubbles were administered systemically. Focused ultrasound was applied to the
brainstem, resulting in enhanced cluster accumulation in the targeted region [190]. In
another study, microbubble cavitation enhanced chitosan-coated AuNP delivery to the
inner ear by inducing permeability of the round window membrane within the ear [140].
Similarly, microbubble-assisted BBB permeation enhanced the passage of silica-coated
gold nanorods into the brain [191]. These results all indicate the potential for targeted
drug delivery and future enhanced therapeutic efficiency of therapeutic AuNPs. For all
of these approaches, delivery may be enhanced with complexation of the AuNPs to the
microbubbles for ensured proximity during bubble cavitation.

In many current systems, inorganic nanoparticles delivered by microbubbles serve solely
as imaging contrast agents, particularly in the case of iron oxide nanoparticles [192–195].
However, some metallic nanoparticle properties allow them to perform therapeutic roles
as well. Inorganic nanoparticles have been implemented as delivery devices for antibiotic
agents. Gold and silver nanoparticles promote antibiotic molecule interaction with bacterial
cell walls, while some inorganic particles themselves bear antibacterial or antimicrobial
properties [196–198]. Additionally, metallic nanoparticles, particularly AuNP, have unique
optical properties and can convert light to heat for targeted thermoablation therapy. Finally,
the facile functionalization of metallic nanoparticles, along with their stability, provides the
capability to serve as drug delivery vehicles.

In recent studies where metallic nanoparticles were complexed to microbubbles, the
complexation tended to differ from that of other nanoparticle classes. AuNPs have been
incorporated into the microbubble shell itself, while mesoporous silica nanoparticles were
either incorporated into the shell or encapsulated within the hydrophobic gas core [199–203].
In one recent study, gold nanorods were incorporated within the microbubble shell, and
a PEI-therapeutic DNA prodrug was complexed to the shell. Ultrasound stimulation en-
hanced accumulation of the nanoparticles and gene therapy payloads at the target site
in a hepatoma xenograft mouse model. This gene therapy was combined with colocal-
ized laser-induced photothermal ablation therapy, implemented by the stimulated gold
nanorods, resulting in a significant reduction in tumor growth [200]. Similarly, AuNPs
incorporated into bovine serum albumin-coated microbubble surfaces accumulated within
the ultrasound-targeted region of a U-87 MG xenograft mouse model. Laser irradiation of
the delivered AuNPs caused targeted photothermal inhibition of tumor growth [201].

Mesoporous silica nanoparticles (MSNs) are promising drug delivery vehicles, due
to their porosity and capacity for loading therapeutic genes via hydrophobic interactions.
When MSNs were loaded with a reporter plasmid, complexed with PEI, and then incorpo-
rated into a microbubble phospholipid layer, they showed enhanced cell uptake and gene
transfection, as well as targeted accumulation in a mouse ovarian tumor model, in response
to focused ultrasound stimulation [203]. MSNs may also be modified for additional layers
of targeting. In one design, MSNs loaded with the chemotherapeutic tanshinone IIA were
functionalized with folate to actively target folate receptor-overexpressing cancer cells, then
encapsulated within the hydrophobic core of a microbubble for ultrasound delivery. This
complex induced cell apoptosis in vitro. When administered in a mouse H22 tumor model
under ultrasound exposure, this complex effectively inhibited tumor growth [202].

Ultrasound-controlled delivery of microbubble–metallic nanoparticle complexes has
shown enhanced targeting and efficacy in tumor treatment, and this technology can be
further expanded for targeted antibacterial treatment applications.

4.2. Multi-Stimulus-Controlled Cargo Delivery from Microbubble–Nanoparticle Complexes

High precision delivery is particularly important for very aggressive treatment regi-
mens, which can be necessary in cases of highly malignant, accelerated, or late-diagnosed
cancers, such as pancreatic cancer. Many of the ultrasound-sensitive complexes dis-
cussed thus far have incorporated design components for additional passive, bio-active,
or environmentally-stimulated targeting. However, recent approaches have combined
multiple external on-demand stimuli for increased precision of targeting with minimal in-
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vasiveness. Multi-stimulus microcarriers span multiple classes of nanoparticle components,
and they promote precise targeted delivery and high efficacy (Figure 5).

Towards delivering efficacious therapeutics for pancreatic cancer, a magnetic microbubble–
liposome complex was developed to enable magnetic field-influenced accumulation of
these therapeutic carriers at a designated location with ultrasound-mediated cavitation to
induce targeted delivery. Magnetic liposomes were prepared by rehydrating a lipid thin
film layer with an aqueous solution of citric acid-stabilized iron oxide nanoparticles, upon
which the magnetic metal particles became housed in the liposome aqueous core. These
maleimide-functionalized liposomes were loaded with DOX and covalently conjugated
to the thiol-functionalized surfaces of perfluorocarbon-filled microbubbles (Figure 5A).
Under ultrasound treatment in vitro, these novel microcarriers caused efficient cellular
uptake of DOX by pancreatic tumor cells, resulting in significantly reduced cell viability.
In a pancreatic tumor xenograft mouse model, a magnetic field was applied to the tumor
region, and tumor growth inhibition was significantly improved when both magnetic and
ultrasound stimuli were applied, demonstrating that magnetic-facilitated particle accumu-
lation can enhance efficacy of ultrasound-controlled therapeutic delivery (Figure 5B). These
results correlated with the biodistribution of magnetic + ultrasound-controlled delivery of
fluorophore as a model drug in healthy mice, where the fluorophore signal was precisely
concentrated to one site with magnetic accumulation of liposomes only, but fluorescence
intensity was enhanced when microbubbles and ultrasound stimulation were added [204].

Another aggressive form of combinatorial cancer therapy which leverages external
stimulation is chemo-photodynamic therapy (PDT). PDT is the chemical excitation of pho-
tosensitizer dye molecules by a light stimulus, resulting in local ROS production [205]. ROS
cause cell death by oxidative stress, establishing an effective method for killing tumor cells
and tumor vasculature. Combining this method with small molecule chemotherapy presents
multiple mechanisms of cell death simultaneously for enhanced efficacy. Light stimulation
provides spatial control of PDT; however, photosensitizer distribution can be improved by
ultrasound-mediated delivery, in part because ultrasound is less scattered by tissue than light.

One elegant system imparted ultrasound targeting to combine photo- and chemical-
mediated therapy for improving the safety and efficacy of this already multi-pronged
therapeutic approach. The hydrophobic photosensitizer chlorin e6 (Ce6) was loaded
onto the tails of the lipid monolayer of perfluoropropane gas-filled, NHS-functionalized
microbubbles. To simultaneously load chemotherapeutic agents, human serum albumin
(HSA) nanoparticles were formed by disulfide bond crosslinking between thiol groups
on albumin molecule surfaces and loaded with DOX. The loaded nanoparticles were then
covalently linked to the microbubbles by amine–NHS covalent conjugation (Figure 5C).

Ultrasound stimulation enhanced cell uptake of both DOX and Ce6 from this complex
in vitro, and intracellular Ce6 distribution suggested ultrasound caused delivery through
efficient sonoporation, while non-stimulated Ce6 uptake was inferred to be by endocytosis.
Laser stimulation of the complex enhanced intracellular ROS production in vitro. When
stimuli were combined, cell viability in vitro was significantly decreased (Figure 5D). In a
mouse pancreas tumor model, these multitherapeutic complexes inhibited tumor growth
significantly more effectively with both ultrasound and laser together than with either
stimulus alone (Figure 5E) [206].

While the ultrasound sensitive micro-complex effectively improved chemical–PDT
outcomes, potential adverse downstream effects can result from the generation of ROS
in PDT. The effective cell death resulting from ROS may cause feedback effects, such as
increasing tumor angiogenic signals that enhance growth, requiring an additional form
of therapy to combat these effects, often gene therapy to attenuate VEGF upregulation.
Further, ROS impede gene therapy efficacy, so delivery of the PDT photosensitizer and
genetic material together necessitates a system for both delivery and nucleic acid protection.
Current nanocarrier systems incorporating photosensitizers with VEGF inhibitors do not
yet successfully undergo targeted delivery, with only 0.7% delivery of administered ther-
apeutic molecules reaching the tumor. As such, the same research group later improved
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upon their ultrasound-controlled chemo–PDT by complexing the Ce6-loaded microbubble
for PDT with a different nanoparticle carrier designed for optimal delivery and protection
of genetic therapeutics (siRNA) to combat the unfavorable ROS effects from PDT.

The perfluoropropane microbubbles were loaded with hydrophobic photosensitizer
Ce6 as before, while the therapeutic nanoparticles in this design consisted of siRNA hydro-
gels loaded with DOX and coated with PEI and HA polymers for protection. To synthesize
these particles, anti-VEGF siRNA hydrogel nanoparticles were loaded with DOX before
reacting with positively-charged PEI and HA–amine via electrostatic interactions to form a
protective coating to prevent RNA denaturation. These amine-presenting nanoparticles
were then covalently conjugated to Ce6-loaded, NHS-functionalized microbubbles via an
amide linkage (Figure 5F). Physical separation of therapeutic components proved critical,
as the siRNA was only effective in blocking the Ce6-induced increase in VEGF expression
when delivered from within the separate, polymer-protected nanoparticle.

As before, ultrasound stimulation enhanced breast cancer cell uptake of DOX, Ce6, and
siVEGF, and resulted in downregulation of VEGF expression and significantly decreased
cell viability in vitro. In a rat cancer model, ultrasound treatment enhanced Ce6 and siRNA
accumulation in tumor tissue, and siRNA reduced VEGF upregulation resulting from
Ce6 + Laser (PDT) treatment, resulting in greater decreases in tumor growth in comparison
to chemotherapy alone or chemo + PDT without siRNA for VEGF reduction (Figure 5G).
Importantly, the combined therapy significantly attenuated upregulation of angiogenesis
caused by chemo–PDT as evaluated by local blood vessel area. This combined therapy also did
not cause major losses in body weight, indicating limited off-target effects. Here, ultrasound
stimulation localized microbubble cavitation and rupture of the complexes to just the tumor
site, successfully delivering the necessary components for DOX therapy, PDT, and angiogenesis
suppression all at the designated location for highly effective therapy [207].

The above multi-stimulus systems show improved targeting and treatment efficacy in
comparison to individual stimuli, and their results indicate that combining ultrasound with other
on-demand stimuli is a promising future direction for ultrasound-mediated targeted delivery.

4.3. Microbubble–Nanoparticle Complex Linking Strategies

As described above, microbubbles and nanoparticles must be situated in close prox-
imity for microbubble cavitation to cause delivery of nanoparticles to cells, and physi-
cally or chemically attaching nanoparticles to the microbubbles ensures this close inter-
action. As such, microbubble–nanoparticle conjugation is a critical design consideration
for ultrasound-controlled nanocarrier delivery, and many linkage types have been em-
ployed, as summarized in Table 2. Linkages differ in affinity, and different conjugation
strategies are influenced by the inherent properties and chemical groups present on both
the microbubbles and nanoparticles themselves.

194



Pharmaceutics 2022, 14, 2396

A

D

F G

C E

B

DSPE-PEG2000-SPDP

DSPE-PEG2000-MAL

DPPC

Fe3O4 Nanoparticle

C3F4 Gas

DOX Solution

Figure 5. Combined external stimuli enhances cargo delivery from microbubble–nanoparticle com-
plexes. (A). Magnetically-responsive iron oxide nanoparticle-containing liposomes were loaded with
DOX and covalently linked to microbubbles. (B) Dual micro-complex stimulation by both magnetic
field and ultrasound (DOX-ML-MB + US + Mg, green) had a greater inhibitory effect on tumor
growth than either stimulus alone, ‡ p < 0.05, # p < 0.001. (A,B) Adapted with permission from [204],
copyright 2020 American Chemical Society. (C) DOX-loaded albumin nanoparticles were linked to
Ce6 photosensitizer-loaded microbubbles. (D) Combining ultrasound-mediated delivery of the DOX
and Ce6 photosensitizer with PDT significantly improved treatment efficacy in vitro (DOX-NPs/Ce6-
MBs + US + Laser) and (E) inhibition of tumor growth in vivo, * p < 0.05. (C–E) reprinted from [206],
copyright 2018, with permission from Elsevier. (F) Polymer nanoparticles loaded with DOX and
therapeutic siRNA were covalently linked to the Ce6-containing microbubbles. (G) The combination
of chemotherapy, gene therapy, and photodynamic therapy with ultrasound targeting (green line)
significantly inhibited tumor growth, * p < 0.05, *** p < 0.001. (F,G) reprinted from [207], copyright
2020, with permission from Elsevier.

195



Pharmaceutics 2022, 14, 2396

A commonly-used method for particle linking harnesses the natural non-covalent
binding reactions between biotin molecules and protein avidin [122]. This method is
straightforward and well established. Both nanoparticles and microbubbles are function-
alized with biotin, which does not affect the particle biochemical properties. The biotin
groups are then linked together with soluble avidin. Avidin–biotin secondary binding, a
naturally occurring reaction utilized for many lab assays, is the strongest non-covalent inter-
action, though its effectiveness is context-dependent [208]. It should be noted that, due to
steric effects from the surface coatings of microbubbles and nanoparticles, a higher soluble
avidin concentration is necessary for particle linking than for free biotin binding reactions.
Additionally, avidin molecules are charged at biological pH and are, thus, highly repulsive
of other avidin molecules, impeding the formation of adjacent biotin–avidin linkages. For
improved binding efficiency, avidin may be replaced with neutravidin, a smaller molecule
with a lower isoelectric point. Due to the size and lower repulsion between molecules, neu-
travidin has shown a three-fold higher binding efficiency to biotin than avidin [122,209,210].
One challenge of employing this scheme for linking nanoparticles to microbubbles is that
it is a time-consuming process that requires several washing steps, which may result in
decreased yield. Additionally, these particles can cause immunogenic responses and some
off-target binding, due to endogenous free avidin [149,208]. While employed in some
recent complexes, this method was most widely used in early microbubble–nanoparticle
complex designs, particularly microbubble-liposomes, perhaps due to the convenience of
commercially available lipid–PEG–biotin molecules.

Electrostatic interactions have been implemented to directly link nanoparticles to
microbubbles without a biotin–avidin bridge. This scheme is attractive for gene delivery
complexes, as anionic nucleic acids may be complexed with cationic nanoparticles, often
inherently charged polymers, for delivery. These nanoparticles bind to microbubbles with
a negative surface charge (such as commercially available SonoVue® microbubbles) via
electrostatic interactions [181]. Alternatively, anionic polymer nanoparticle prodrugs have
been efficiently bound to cationic microbubbles, which were synthesized by incorporating
cationic lipids into the microbubble lipid membrane. This secondary binding scheme
works for microbubble–nanoparticle complexation, but binding stability can depend on
physiological conditions. Covalent linkages are the strongest and most robust to environ-
mental factors, making covalent bonding an appealing option for ensuring codelivery of
microbubbles and nanoparticles as intact microbubble–nanoparticle complexes.

An early assessment of covalently linked microbubble–liposome complexes evaluated
liposome binding efficiency and linkage stability. It was shown that liposomes attach to
microbubbles via non-specific chain entanglement; however, significantly greater num-
bers of liposomes were loaded onto the microbubbles using covalent thiol–maleimide
bonding [149]. Thiol–maleimide is an efficient Michael-type reaction that occurs very
rapidly [211–213]. These covalent linkages were stable when exposed to blood plasma,
suggesting their stability in circulation when injected intravenously [149]. When exposed to
thiol compounds in biological environments, however, the thiol–maleimide bond may be-
come unstable [213,214]. Similarly, disulfide bonds implemented in microbubble–liposome
linkages are stable in circulation but are subject to degradation in reducing environ-
ments, which can cause microbubble–nanoparticle separation. In contrast, another “click-
chemistry” reaction, used to link liposomes and microbubbles, was the strain-promoted
azide–alkyne (SPAAC) DBCO–azide reaction, a relatively rapid reaction that occurs under
physiological conditions and does not produce toxic byproducts. Though its reaction rate is
slower than that of maleimide–thiol, it may provide greater stability in a range of biological
conditions [148]. It can be seen in Table 2 that microbubble–liposome complexes can be
bound via a variety of chemistries, as PEG-coated liposomes may be chemically function-
alized with different reactive linking groups. Other nanoparticles, such as polymer and
lipid–polymer hybrid nanoparticles, may also be modified in order to link to microbubbles.
Some nanoparticles, however, inherently present chemical moieties capable of forming
covalent bonds.
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Two methods take advantage of existing NHS-reactive functional groups on nanopar-
ticles. PLGA-based nanoparticle polymer chain ends contain carboxylic acid groups, which
can be activated to undergo carbodiimide chemistry (COOH + NHS reaction), forming
a covalent amide bond with NHS-functionalized microbubbles [208]. Similarly, albumin
nanoparticles present primary amine groups, which again can form covalent bonds with
NHS-functionalized microbubbles. This method of linkage was employed for all albumin
nanoparticle-based complexes surveyed in this review [187–189,206,215].

Alternative complex designs implement relative spatial arrangements to combine
particles with microbubbles instead of linking their surfaces together. In one design,
ultrasound stimulation of microbubbles encapsulated within liposomes resulted in internal
bubble fragmentation causing the liposome membrane to rupture and release the housed
payload [156]. Polymer nanoparticles that self-arrange into microbubbles can be created
through high-speed mixing of gas, nanoparticle solution, and a protein. These nanoparticles
can be successfully delivered across the BBB and can effectively deliver drugs to specified
sites [216–218]. Metallic or inorganic nanoparticles can instead be incorporated within the
microbubble lipid layer, and these complexes have also demonstrated effective targeted
delivery under ultrasound-induced microbubble cavitation [199–203].

Table 2. Microbubble–nanoparticle (NP) linking strategies.

Type of Linkage Schematic Notable Characteristics References

Avidin–biotin
bridging

 

Strong interactions between
biotin and avidin, very
commonly used, binding
efficiency increased with
neutravidin. Synthesis is time
consuming and results in
material waste. Can stimulate
immunogenic reactions

Liposomes:
[122,146,147,151,153,154]
Polymer NP [176,178]
LPHN: [183]

Electrostatic bonds

Appropriate for charged
nanoparticles, used for cationic
polymer nanoparticles for
nonviral gene delivery.
SonoVue® microbubbles
designed for this linking
method

Polymer NP: [180,181]

Disulfide bonds Covalent bonds that can be
reversible Liposomes: [155]

Maleimide–thiol
bonds

Rapid, biocompatible reaction.
Cysteines in proteins have thiol
groups on sidechains which
may cause non-specific binding,
also may cleave at physiological
conditions

Liposomes: [155,204,219]

DBCO–azide
SPAAC (strain-promoted

alkyne–azide cycloaddition)

Rapid, nontoxic biorthogonal
reaction forms covalent bonds
that are stable under biological
conditions

Liposomes: [148]
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Table 2. Cont.

Type of Linkage Schematic Notable Characteristics References

Peptide bonds

 

Amide bond formation between
Amine and NHS or COOH
requires chemical activation,
forms stabile covalent linkage.
Commonly implemented with
albumin nanoparticles which
possess surface amines

NHS: Protein NPs:
[187–189,206,215]
NHS: Polymer NP: [207]
COOH: Polymer NP: [174,175]

Other complexation
strategies

 

Multiple nanoparticles can be
arranged around a gas
compartment or embedded in
the microbubble shell

Polymer NP:
[216–218]
Metallic/Inorganic NP: [199–203]

5. Conclusions and Future Perspectives

Due to limited efficacy of systemic drug delivery and potentially harmful off-target
effects of various therapeutics, methods to target drug delivery vehicles directly to diseased
tissues remain a clinically-relevant area of active development. On-demand external
stimulation of cargo release provides advantageous spatiotemporal control over drug
delivery. Ultrasound-stimulated targeted delivery can facilitate controlled delivery through
use of applied pressure waves that cause echogenic microbubble cavitation, resulting in
the release of attached nanoparticle payload. This attractive option is biocompatible and
noninvasive, and the ultrasound can focus to greater penetration depths in tissues compared
to other user-controlled targeting stimuli, such as light [15,16]. Ultrasound-mediated
drug delivery is enhanced when ultrasound-sensitive bubbles and drug nanocarriers are
combined into one complex, and many material options are available for both components.

In this article, we reviewed current designs for microbubble–nanoparticle complexes,
as well as the different schemes for linking particles and microbubbles together. In de-
signing these complexes, the class of nanoparticle used may be selected for particular
applications, including fragile or highly toxic cargo, hydrophobicity or charge of cargo, or
incorporation of other targeting design elements. Though variation exists within classes,
properties relate to nanoparticle type. Liposomes boast facile fabrication and the ability
to house both hydrophilic and hydrophobic cargo, but are less stable than other carrier
types. Polymer-based nanoparticles are robust in circulation and allow customization.
Lipid–polymer hybrid nanoparticles combine the advantages of both molecule types to
provide protection and stability to cargo and can deliver multiple cargo types with differ-
ent properties simultaneously or at different timescales. Protein nanoparticles are stable
across a broad pH and temperature range and inherently present functional groups for
loading cargo, linking to microbubbles, and for bioactive targeting. Metallic nanoparti-
cles are stable and provide additional targeting layers for thermal ablation therapy or
magnetic accumulation.

Like nanoparticle types and properties, microbubble–nanoparticle linkage strategies
vary in technical complexity, biocompatibility, and strength. The linkage strategy depends
on the application and inherent properties of each component, though both microbubbles
and nanoparticles may be modified with different functional groups for specific linkages.
Finally, a few systems have successfully combined the nanocarriers and ultrasound sensitive
species in unique ways, such as nesting bubbles within nanocarriers [156], or forming
microbubbles from assembled spheres of nanoparticles [216–218].

Across different complexation designs, nanoparticle classes, and linkages, ultrasound
exposure consistently enhanced targeted delivery via increased in vitro cell uptake of cargo.
These results may be largely attributed to local sonoporation, transient formation of pores
in cell membranes caused by microbubble cavitation that facilitates direct cellular uptake
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of released cargo. Ultrasound stimulation was also correlated to improved biodistribution
in animal models, showing accumulation of cargo at targeted locations and diminished
off-target release and side effects. This was frequently linked to improved therapeutic func-
tional outcomes. Other targeting components, such as nanoparticle size, active targeting
moieties, pH-responsive elements, and additional external stimuli, further increased the
targeting efficiency of ultrasound-responsive drug delivery complexes. These results are
highly promising, and there are many avenues for further advancement of this technology.

As supported by the results described in Section 4.2, a potential future direction for
optimized targeting of ultrasound-responsive nanocarrier complexes is the combination of
ultrasound with other targeting elements for synergistic targeting precision. Adding ultra-
sound responsiveness to nanoparticles designed for passive or active targeting has shown
improved spatial targeting and efficacy across many studies, and more recent experiments
combining ultrasound with light or magnetic external stimuli further improved delivery
efficiency and therapeutic efficacy [204,206,207]. Additional combinations of targeting
elements, particularly user-controlled stimuli, can enhance precision of targeting, improv-
ing therapeutic efficacy [129]. Another future prospect is to expand the range of different
nanoparticle types that can be complexed with microbubbles, as well as the amount of
cargo that can be carried by these complexes. New nanoparticles, such as supramolecular
structures, may improve cargo loading efficiency, leading to greater therapeutic effects, and
expand the types of therapy that can be administered with targeted ultrasound [220,221].
Metallic nanoparticles, comprised of gold or iron oxide, have been incorporated within
microbubbles to enhance imaging contrast [192–195]. Direct delivery of metallic nanopar-
ticles by ultrasound from microbubble–nanoparticle complexes for targeted therapy is
in early development [199]. These nanoparticles are excellent candidates for ultrasound-
targeted delivery, due to presenting solubility and in vivo toxicity complications as free
particles [105]. Microbubble–nanoparticle complexes may also be implemented to deliver
therapeutic gases to targeted tissues, or to deliver other molecules to specific tissue en-
vironments to alter the local extracellular matrix via crosslinking or degradation, rather
than targeting resident cells directly. The results outlined in this review highlight the
potential of this targeting strategy and motivate future work in translational applications
towards clinical trials and clinical implementation. Currently, microbubbles are clinically
approved for use as contrast agents [222,223] and some nanoparticles (liposomes, PLGA
nanoparticles) have been implemented in the clinic [120,224]. A few studies have tested
microbubbles co-delivered with free nanoparticles or free drug for cargo delivery in large
animal studies and clinical trials, finding limited adverse effects and some therapeutic effi-
cacy [225–230], but linked microbubble–nanoparticle complexes have not yet been widely
tested as drug carriers in large animal models or clinical trials. In vitro results suggest
that complexed microbubble–nanoparticle platforms can enhance therapeutic delivery
efficacy over component co-delivery [117–119]. A small number of large animal studies of
liposome–microbubble complexes show effective circulation, but therapeutic efficacy was
not evaluated [231]. Thus, long term future work consists of moving ultrasound-responsive
microbubble–nanoparticle complexes into additional large animal biosafety and efficacy
studies before use in clinical trials. One consideration that should be noted for clinical
implementation is the limited circulation time for the microbubble–nanoparticle complexes,
due to their micron-scale size, which is in the order of <10 min and affects the window
during which the complexes can be activated [232,233]. Activation of these particles neces-
sitates training of skilled ultrasound operators to successfully aim and precisely stimulate
the targeted tissue. Tailored protocols with adjusted ultrasound parameters must be de-
veloped for ultrasound stimulation for this specific application [234]. A major economic
feasibility advantage of these drug delivery systems is that they use ultrasound technology
and equipment that is already present in many clinics. Overall, ultrasound-directed drug
delivery by microbubble–nanoparticle complexes is a valuable advancing technology that
has the potential to enhance therapeutic efficacy and improve patient clinical outcomes.
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Abstract: Despite recent advancements in ultrasound-mediated drug delivery and the remarkable
success observed in pre-clinical studies, no delivery platform utilizing ultrasound contrast agents has
yet received FDA approval. The sonoporation effect was a game-changing discovery with a promising
future in clinical settings. Various clinical trials are underway to assess sonoporation’s efficacy in
treating solid tumors; however, there are disagreements on its applicability to the broader population
due to long-term safety issues. In this review, we first discuss how acoustic targeting of drugs
gained importance in cancer pharmaceutics. Then, we discuss ultrasound-targeting strategies that
have been less explored yet hold a promising future. We aim to shed light on recent innovations in
ultrasound-based drug delivery including newer designs of ultrasound-sensitive particles specifically
tailored for pharmaceutical usage.

Keywords: ultrasound; ultrasound targeting; ultrasound drug delivery; sonoporation; microbubbles;
acoustic droplet vaporization

1. Introduction

Modern drug-based cancer therapy is rooted in early revolutionary research carried out
by physicians in the late 1800s and early 1900s. Drug targeting, a central concept in modern
drug delivery, was introduced in the early 1900s by Paul Ehrlich, a German physician
and a Nobel Prize winner [1]. He established the basic principles of precision medicine
by defining successful drug delivery as a “magic bullet” that removes pathogens without
causing deleterious side effects [2,3]. His research primarily focused on the chemical
modification of drugs to enhance their binding affinity to specific pathogens, leading to
their effective elimination. Ehrlich is known as the father of chemotherapy, as his search for
the magic bullet led to the discovery of arsenic acid derivatives used for treating syphilis
and cancer [4,5]. Despite his success in developing successful drug compounds, variable
dosing and uncontrolled side effects remained ever-present issues. Thus, Ehrlich advised
against intravenous injections of his formidable discoveries [2]. Although substantial
progress has been made in reducing drug toxicity in healthy tissues since the start of the
twentieth century, harmful side effects from systemic delivery remain a major concern
today. To address this issue, various approaches have been proposed to create the ideal
drug-delivery platform that dispenses the appropriate dosage of a drug in a controlled
manner to the necessary tissue for an extended period. Encapsulation of active agents
into nanomedicines is rapidly becoming a popular approach to constructing such an ideal
system. The focus of this review is on the recent development of ultrasonic methods to
more effectively deliver nanomedicine cargo to the target tissue.

2. Drug Encapsulation and Nanomedicine

The encapsulation of drugs has been around for well over a century, dating back to
when gelatin capsules were developed. Encapsulation is the process of encasing medicines
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within a protective shell to withstand certain hostile surroundings and prevent premature
release of drug content before arriving at the target site [6]. Drug encapsulation led
to the development of drug carriers that have evolved tremendously in the past few
decades [7]. Drug carriers gradually became a tool to improve the pharmacokinetics of
drugs by controlling their water solubility, stability, or delivery rates [8]. While earlier
works focused mainly on drug encapsulation for oral intake (typically on the macro scale),
newer strategies are developed to improve drug delivery using nanomedicines introduced
systemically.

The remarkable discovery of enhanced permeability and retention (EPR) by Maeda
et al. revolutionized the creation of nanomedicines, specifically for targeting tumors. EPR
targeting is a method that employs abnormal tumor structure to deliver drugs solely to
tumor tissue [9,10]. Although preclinical data were promising, utilizing the EPR effect
in clinics was only partially successful. The reasons behind EPR clinical challenges have
been studied extensively in the literature. It is mainly related to the exaggeration of the
EPR effect in preclinical tumor models and the heterogeneous nature of this effect [11,12].
Relying solely on EPR targeting has proved insufficient in clinical practice [13,14].

While nanomedicine alone did not emerge as a comprehensive remedy for cancer, it
has achieved significant milestones. Firstly, it made pharmaceutical scientists look more
carefully at cancer biology and better identify and circumvent the biological barriers against
drug delivery [15–18]. Second, nanomedicine paved the way for designing many drug
carrier formulations that successfully encapsulate bioactive agents [19,20]. These particles
provided a platform for novel targeting and delivery techniques. Many scientists are further
manipulating successful drug carriers developed in the nanomedicine era to improve drug
delivery to a target tissue. One good example is designing the lipid nanoparticle formula-
tion used in FDA-approved COVID-19 vaccines [21–23]. It is important to note that classic
nanomedicine is still an active area of research and novel nanoparticle designs are still being
investigated or modified to overcome clinical limitations. A few articles have reviewed
recent advances in nanomedicine and particle designs [24,25]. However, nanomedicine has
branched into major categories as various strategies have been explored to account for EPR
targeting limitations. One of these promising strategies is pharmacological and physical
co-treatment, which is the focus of this review. In the following, we delve deeper into solid
tumor drug delivery after the EPR era. This review thoroughly explores the promising field
of pharmacological and physical co-treatment using ultrasound (US) techniques.

2.1. Nanomedicine beyond the EPR Effect

Combination therapies, localized enhancement of vascular permeability, and ligand
targeting are some approaches that have been examined in depth to minimize the re-
quirements for the EPR effect. These strategies have been well documented in many
studies [26–31]. In this review, our focus is on tumor-selective drug release using acoustic
methods. This field of research is still in its infancy and has yet to be tested in clinical
trials. Drug carriers can be made sensitive to endogenous stimuli specific to tumor tis-
sues or exogenous energies to release their payload locally in tumors. Intrinsic stimuli
targeting uses tumor anomalies, such as lower PH, hypoxia, or abnormal enzyme activ-
ities, to trigger drug release from carriers [32–34]. In contrast, external targeting applies
physical stimuli such as heat, magnetism, electricity, or ultrasound locally to tumor tissue
and triggers drug release from a stimuli-sensitive carrier [35–37]. Heat-sensitive particles,
such as temperature-sensitive liposomes (TSLs) Thermodox®, are being explored for this
purpose [38–40] and have reached clinical trials [41]. Thermosensitive drug vehicles have
delivered positive results, but they have faced their own set of challenges, which include
low heat resolution, the potential of energy dispersion, and difficulties with administer-
ing hyperthermia within clinical settings [42]. Although this drug-delivery approach is
quite promising, better options for targeting deep tissue have been devised by altering
the external stimulus, such as radiofrequency ablation or ultrasound [43]. The advent of
active targeting using external stimuli led to the development of a more comprehensive
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drug delivery strategy called image-guided drug delivery (IGDD). IGDD is an umbrella
term for using an imaging modality to guide drug vehicles to the target tissue, trigger the
drug release, and visualize the location and the amount of drug release [44]. IGDD could
give physicians a platform to rigorously control drug release and adjust the amount of
drug unloading by manipulating the external energy source. Heat-triggered drug release
cannot constitute an IGDD platform due to the lack of a feedback system. Various imag-
ing modalities were studied to build a real-time IGDD platform to trigger and measure
drug release. Among different medical imaging modalities, ultrasound is famous for its
cost-effectiveness, high penetration depth, and spatiotemporal precision.

2.2. Improving Delivery by Drug Uncaging

Through investigation, it became clear that one of the key concerns early on in
nanomedicine was a lack of drug release from carriers [45]. This posed a problem for
liposomal doxorubicin and cisplatin liposomes, two treatments whose efficacy showed
only minor improvement compared to their free counterparts [46–48]. One of the reasons
for this failure was the lack of a release mechanism from the liposomes to make the drugs
bioavailable [49,50]. To combat this issue and increase success rates, researchers sought
innovative ways to trigger drug unloading upon a stimulus, thus opening up an entirely
new field dubbed “drug uncaging” [45,51,52]. Drug uncaging, on-demand drug release,
or triggering drug release all refer to the same concept: drug unloading upon excitement
with a stimulus. For the rest of this review, we use the term drug uncaging for consistency.
Utilizing external energies such as light, heat, or ultrasound to destabilize drug carriers
is widely used for drug uncaging [53]. Despite its precision in applications, the role of
ultrasound has yet to be fully explored. In this article, we delve into how therapeutic drugs
are transported within tumors and evaluate the potential benefits that could arise from
using ultrasound as an effective means of uncaging medicine.

3. Drug Transport in Tumor Tissue

3.1. Convection and Diffusion

The two main transport mechanisms for drug delivery to tumors are convection
and diffusion [54]. Convection is the process by which fluids move from one area to
another due to differences in pressure or temperature. It is often used in drug-delivery
systems as it can direct a drug toward its intended target with greater accuracy than
diffusion alone. Diffusion, on the other hand, refers to the process by which molecules
move from an area of higher chemical potential (partial molar Gibbs free energy) to an
area of lower chemical potential [55]. In drug delivery, the concentration gradient of a
molecule influences the chemical potential, and typically, active molecules transport from
an area of low concentration to an area of high concentration across tissues. This process
occurs naturally throughout our bodies but can be enhanced with certain techniques such
as ultrasound. Diffusion and convection always coexist in vivo. However, drug and
tissue properties dictate which mechanism is the dominant form of transformation. There
is a dimensionless number called the Péclet number (Pe), named after a physicist, that
predicts which transport mechanism is the primary form. The Péclet number is the ratio
of the convective flux to the diffusive flux, in which for Pe > 1, the primary transport
mechanism is convection, and for Pe < 1, it is diffusion [55,56]. A drug’s molecular weight
(MW) significantly impacts its rate and type of transport [57]. Convective flux is directly
related to the MW through the retardation coefficient. Diffusion coefficients are inversely
proportional to the hydrodynamic size, demonstrating that smaller molecules have an
easier time diffusing. Therefore, larger drugs primarily move through convection, while
small drugs typically move by diffusion (Figure 1). As the MW increases, the Pe number
also increases, which can affect how drugs interact with cell membranes and ultimately
how they are transported. Thus, it is critical to consider the MW when attempting to
understand the transport process of a drug [57].
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Figure 1. Two major drug transport mechanisms in blood vessels. (A) Small therapeutic agents are
subjected to stronger diffusive forces than larger ones. (B) Molecular weight is directly related to
convection and inversely with diffusion.

3.2. Small Molecule Chemotherapy Delivery

Chemotherapeutic molecules have the difficult task of penetrating tumors to reach
and destroy the source of cancer. The vascular endothelium is the main barrier that
chemotherapeutics must cross to mount an effective attack on tumor tissue. Fickian
diffusion is one of the primary means by which drugs diffuse past the vascular endothelium
into tumor tissue. Because diffusion is not particularly efficient due to its concentration-
gradient-based nature, it requires high drug concentrations in the plasma. Furthermore, the
lack of tissue specificity of small molecule chemotherapeutics poses a significant challenge
to drug development. Off-target toxicity is a significant concern due to the potential for
unwanted side effects that translates into a limitation in dosage in clinical settings.

3.3. Drug Encapsulation: Advantages and Challenges with Nanoparticle Drug Delivery

Encapsulated drugs in nano or micron-size carriers have a Pe number higher than
1 (Pe >> 1), indicating that their transportation is reliant on convective forces and very
low in diffusion [58]. However, free drugs usually have Péclet numbers lower than or
close to 1 (Pe << 1) and are higher in diffusion. This is one of the primary reasons for the
necessity of drug encapsulation. Free forms are drugs rapidly diffuse into the tissue at the
injection site before reaching the target. Moreover, most drugs have high lipid solubilities
and are inclined to escape from the bloodstream into the tissue, leading to a low circulation
half-life. Drug encapsulation drastically improves lipid-soluble drugs’ circulation time by
increasing solubility in aqueous solutions [59]. Despite the numerous advantages of drug
encapsulation, it can reduce drug bioavailability in target cells and tissues, especially solid
tumors. This is because convective forces inside a solid tumor are minimal due to its dense
microenvironment, high interstitial pressures, and poor lymphatic drainage, rendering
bulk flow negligible [60–62]. Consequently, most encapsulated drugs stay on the periphery
of the tumor and cannot penetrate deep into the tumor bulk [15]. Solid tumor physiological
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abnormalities and their effects on drug delivery have been thoroughly characterized in the
literature [16,63].

Slow convection flow is an established barrier to drug delivery, especially at the center
of the tumor. Manual convective flow increase is one solution to this problem and has been
explored extensively [64,65]. One of the key ideas to increase the convective flow in the
vessels is to use ultrasound waves to open the endothelial cells to enhance the transport of
the encapsulated drug (sonoporation effect) [66]. Sound waves can also affect therapeutic
molecules. It was found that therapeutic molecules can be dislocated in the direction of
ultrasound wave propagation. This effect, coined acoustic streaming, can potentially be
used to externally control and guide drug molecules for precise spatial delivery to a target
tissue or manually enforce drug penetration in solid tumors [67,68].

Another key area of focus for circumventing slow convection is drug uncaging, a
promising solution for overcoming large molecule transport obstacles. This approach was
initially examined with thermosensitive liposomes [69,70]. Fast drug release creates an
intense concentration gradient of small molecule bioavailable drugs, thus changing the
dominant mode of transport to diffusive forces. This concept was demonstrated by Manzoor
et al., who showed intravascular drug discharge stimulated from temperature-sensitive
liposomes in vivo [71], resulting in enhanced uptake levels. The results of the study
indicated that intravascular drug uncaging led to a 2-fold increase in penetration depth and
increased the duration of contact between drugs and tumor cells by 11–17 fold. This was
explained as being due to slower wash-out rates resulting from deeper drug penetration.
Other research has likewise proved this idea further, demonstrating a diminished washout
rate when employing intravascular drug uncaging [72].

Despite the successful attempt to improve drug internalization, controling thermal
drug uncaging can be difficult, especially at greater tissue depths where heat dissipation is a
significant problem [42,73]. Additionally, the quick release of drugs can be difficult to man-
age due to the conflict between the speedy release of particles in vivo and shelf-life stability.
An optimal system should be able to instantly unlock its contents yet retain constancy when
stored at room temperature. The following section focuses on fresh explorations of using
ultrasound to uncage drugs from nanoparticles—a method that resolves some troubles that
arise from thermal unpacking. Here, we define ultrasound-mediated drug delivery as any
pharmaceutic system that uses ultrasound to enhance the delivery of active molecules to
diseased tissue. In this review, we focus on ultrasound-mediated drug delivery that uses
ultrasound-sensitive particles, namely microbubbles (MBs) and phase-shift contrast agents
(PCAs). These two types of ultrasound-sensitive particles have evolved as ultrasound
contrast agents and have been extensively characterized in the literature and used for drug
release purposes [74–76]. In the following section, we briefly explain ultrasound-sensitive
particles, their behavior in the US field, and their application in drug-delivery systems.

4. Ultrasound and Its Contrast Agents

Ultrasound, which consists of inaudibly high-frequency sound waves, has been used for
medical imaging for many years. It is primarily used for echocardiography, obstetrics, and
abdominal imaging [77,78]. Ultrasound is a safe and cost-effective imaging technique suitable
for visualizing the anatomy of deep tissues [79] and blood flow using Doppler imaging [80].
Although ultrasound biomedical research has historically revolved around imaging, the
discovery of ultrasound contrast agents has opened new research avenues [81–83]. The first
ultrasound contrast agent (UCA) was serendipitously discovered in the 1960s when two
physicians accidentally imaged bubbles in the bloodstream via a US machine. Gramiak
and Shah observed a bright ultrasound signal at the injection site while administering
saline to a patient. This group discovered that the intense signal was due to the formation
of gas bubbles while shaking the saline solution, suggesting that small gas bubbles serve
as ultrasound contrast agents [84]. This discovery subsequently led to the development
of surfactant-stabilized microbubbles (MBs) for contrast-enhanced imaging. Ultrasound
contrast agents have seen a surge in popularity since the 1990s when the Food and Drug

215



Pharmaceutics 2023, 15, 1705

Administration (FDA) first approved their use in contrast-enhanced ultrasound imaging.
This approval opened up a wide range of possibilities for drug delivery, enabling targeted
and localized treatment of diseases by a technique known as “sonopermeation” [85,86],
which is discussed in a subsequent section. In more recent studies, UCAs are being used as
efficient drug carriers, enabling researchers to deliver the payload directly to the source of
disease in an enhanced and controlled manner [87,88]. Currently, two main types of UCAs,
MBs and phase-shift contrast agents (PCAs), are extensively studied for pharmaceutical
applications. MBs and UCAs can be loaded with drugs and release their cargo upon
ultrasound excitation due to the mechanical cavitation effect. Recent review studies have
explored the use of MBs or droplets alone as drug carriers [89–91].

Microbubbles and Phase-Shift Contrast Agents

Microbubbles (MBs) are gas spheres stabilized within a phospholipid, protein, or poly-
meric shell. MBs go through volumetric oscillation in an ultrasound field (Figure 2). This
oscillation displaces the liquid medium surrounding the microbubble and produces a sec-
ondary ultrasound field that can disrupt surrounding particles or membranes [92,93].
Thus, MBs are US point scatterers used extensively as contrast agents for US imag-
ing [94]. The response of US contrast agents in an ultrasound field has been thoroughly
studied [95–97]. Microbubbles are available commercially in several formulations. The
first microbubble formulation approved by the FDA was Albunex, consisting of an air
bubble entrapped in an albumin shell [98]. Subsequent generations of microbubbles were
designed using lipid shells to improve elasticity and fluorocarbon gases for enhanced
stability [99]. From several available microbubble formulations widely used in the clinic,
one can mention Definity® (Waterloo, ON, USA), Sonovue® (Milan, Italy), and Optison®

(St. Louis, MO, USA).

 

Figure 2. Microbubbles and phase-shift contrast agents’ structure. (A) Ultrasound-sensitive agents
are encapsulated in a shell for improved stability (B) Microbubbles expand and contract in an
ultrasound field. (C) Phase-shift droplets go through vaporization when excited with ultrasound.
They overexpand past their final resting bubble size and then relax at a smaller resting size, where
they oscillate as a microbubble.

Phase-shift contrast agents (PCA) are a relatively newer class of particles made of
superheated perfluorocarbon liquids. The perfluorocarbons remain in the liquid phase due
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to the surface tension of the polymer or phospholipid shell and can be vaporized upon
US excitation or ambient temperature changes [100]. This phenomenon is called acoustic
droplet vaporization (ADV). Upon vaporization, the droplet overexpands (nearly five
times) past its final bubble size and then relaxes at a smaller resting size, where it oscillates
as an MB [101–103] (Figure 2). This vaporization event dislocates the liquid medium and
induces high levels of shear force on nearby boundaries or surrounding particles [104–106].
Phase-shift droplets have been used for US imaging and US-mediated drug delivery [107].
Following this short introductory section, we delve deeper into ultrasound contrast agents
and their most significant accomplishments in drug delivery. We further focus on novel
strategies for future endeavors in the field.

5. Ultrasound-Mediated Drug Delivery

To fully understand the benefits of ultrasound agents in drug delivery, it is critical to
determine the biological effects of microbubble oscillation and droplet vaporization in the
body. Kooiman et al. recently conducted a review to describe and classify the physical and
chemical impacts of ultrasound reactive particles on biological tissue [108]. Ultrasound
activation of particles can cause various thermal, chemical, and physical changes. How-
ever, ultrasound pharmaceutical research is mainly focused on sonoporation (also called
‘sonopermeation’), which has proven highly advantageous.

Sonoporation is the most well-known phenomenon in ultrasound drug delivery and
consists of “sono” and “poration”, which means inducing gaps using sound energy. Sonopo-
ration in biology means inducing small pores in endothelial cells by ultrasound waves [96]
(Figure 3). The sonoporation effect was classically proposed to improve the EPR effect
locally in the tumor by generating capillary gaps. Numerous studies have established that
MB cavitation or droplet vaporization can improve intracellular drug uptake [106,109,110].
Following the success of sonoporation in preclinical research, studies were conducted to
explore the biological mechanisms involved [111,112]. Further studies discovered that
sonoporation could induce gaps between confluent cells or the cellular membrane [113],
and it became increasingly favored in brain delivery applications due to its potential to
open theblood–brain barrier (BBB) [114,115]. Brain sonoporation reached clinical trials and
is currently being evaluated as a therapy method for various diseases, such as amyotrophic
lateral sclerosis (ALS), Alzheimer’s disease, and glioblastoma (ClinicalTrials.gov Identi-
fiers: NCT04118764, NCT02343991, NCT05615623) [116–118]. Sonoporation has also been
utilized to enhance the effectiveness of standard chemotherapeutics for treating inoperable
pancreatic ductal adenocarcinoma (PDAC) patients in clinical trials (ClinicalTrials.gov Iden-
tifier: NCT04821284). Although sonoporation has been successful in preliminary studies
and showed positive results in clinical trials, the long-term consequences of this technique
are still largely unknown [119]. A few studies have demonstrated the disruption in cell
homeostasis as a consequence of sonoporation [120], suggesting that further investigation
is essential to completely comprehend the potential adverse effects of sonoporation. A
particular study showed adverse effects from opening a specific brain site in rats [121], and
a few review papers have warned about ubiquitous clinical BBB opening before studying
long-term consequences [122,123]. As Przystupski et al. explored in a recent review, sono-
proration provokes various biological responses that are not limited to the cell membrane
and include intracellular and intercellular activities. Sonoporation alters the structural and
physical integrity of affected cells. It is imperative that it also alters the cell’s function,
either temporarily or, at high doses, permanently, an issue that is more critical in the brain.
The BBB is one of the most sophisticated and crucial parts of the brain’s evolution history
that prevents the brain’s exposure to toxins. Even temporary disruption in the integrity of
the BBB might prove detrimental by exposing the most vulnerable part of the human body
to pre-existing toxins, such as viruses or bacteria [124,125].
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Figure 3. Comparison between drug uncaging and sonoporation strategies (A) Sonoporation induces
small gaps between endothelial cells to enhance drug convection through diseased tissue. (B) Drug
uncaging is designed to release drugs rapidly in the bloodstream and create a diffusion gradient for
drug transport across the endothelial membrane.

Furthermore, there are arguments in the scientific community that inertial cavitation
from microbubbles might enhance metastasis possibilities [126,127]. Concerns about the safety
of the sonoporation effect gave rise to an attempt to pursue alternative ultrasound delivery
approaches in which the integrity of blood vessels stays intact. Following the tumor vascular
normalization idea for cancer therapy, first introduced by Rakesh Jain [128,129], drug delivery
to endothelial cells gained popularity. Consequently, ultrasound-mediated drug delivery
branched into various techniques to deliver therapeutics without the sonoporation effect.
This idea was especially paramount in brain drug delivery as sonoporation is probably most
practiced for opening the BBB [115,130,131].

Materials for Ultrasonic Drug Uncaging

Ultrasonic drug uncaging is only achievable when drugs are embedded in microbub-
bles/droplets, either on their surface, within the outer shell, or inside the core. The drug
loaded onto ultrasound contrast agents (UCAs) rapidly releases after the shell material
destabilizes upon ultrasound excitation. The mechanisms by which drug release is trig-
gered depend on ultrasound parameters, and multiple mechanisms have been proposed in
the literature, which are not necessarily mutually exclusive. Three major mechanisms are
cavitation (which applies high shear forces to the surrounding particles and membranes),
thermal ultrasonic effects, and acoustic streaming, resulting in increased frequency and
intensity of particle collisions that eventually lead to drug release. The primary mechanism
of release is still debated [74]. All the drug vehicles discussed here are designed to utilize
these ultrasonic effects to destabilize their structures and release their cargo, in contrast to
conventional ultrasonic drug vehicles (such as MBs or PCAs) that directly use ultrasound
cavitation as a release mechanism (Figure 3).

One of the primary challenges associated with drug loading solely on MBs or PCAs
is the restricted surface area for loading. To enhance payload and target tissue speci-
ficity, numerous studies have aimed to develop high-capacity drug-loaded ultrasound
contrast agents [132–134]. One approach to address the drug capacity issue is to use
polymeric microbubbles with thick shells [135]. El-Sherif et al. were the first to develop
a polymeric MB formulation [136]. Later, the feasibility of loading high payloads of
chemotherapeutics on polymer-based MBs and triggering drug release upon US expo-
sure was demonstrated [137–140]. More recently, more accessible methods for generating
polymeric MBs with potential drug-release applications have been proposed [141,142].
Another approach to improving drug loading on MBs is linking drugs/nanoparticles to
the bubbles’ surface (see Chapla et al. [143] for a comprehensive account of drug-loaded
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microbubble–nanoparticle complexes). The first attempt in this front was conjugating
MBs to liposomes, conducted by Kheirolomoom et al. [144] and Lentacker et al. [145].
Other groups showed the feasibility of drug release upon ultrasound excitation using
MB–liposome constructs [146–148], and they further used it for drug delivery in preclinical
tumor models [149–153]. Another novel approach to improving loading capacity is using
phase-change droplets with a liquid perfluorocarbon core for loading drugs. Rapoport
et al. were the first group to uncage drugs using PCAs after co-loading chemotherapeutics
and perfluorocarbons in micelles [154]. This group used drug-loaded (doxorubicin and
paclitaxel) polymer nanodroplets to target tumors passively via the EPR effect and triggered
drug release upon ultrasound exposure [155,156]. Droplets became a successful alternative
for MBs in drug-delivery applications, and many groups showed successful drug delivery
to target tissues in preclinical models [157–161]. One of the limitations of PCAs as drug
carriers is the limited solubility of drugs in the perfluorocarbon core. To address this issue,
our group conjugated droplets to liposomes for the first time to improve droplets’ loading
capabilities and demonstrated drug uncaging upon ultrasound application in vitro and
in vivo [162].

6. Emerging Areas with Ultrasonic Drug Uncaging

Research on the development of drug-loaded ultrasound contrast agents typically
serves to augment sonoporation rather than supplant it. However, this area of ultrasonic
drug delivery is starting to branch out and develop in new directions. In recent years, a new
field has emerged to deliver drugs directly into target sites without harming the vascular
tissue, particularly applicable when treating brain diseases where even short-term BBB
opening may be considered unsafe or undesired during therapeutic intervention. Airan
et al. first introduced and investigated this idea when they uncaged propofol in a rat’s
brain [163]. Delivery was carried out by propofol uncaging from polymeric PCAs and was
confirmed by monitoring the brain activity via EEG measurements. Intact BBB integrity
was confirmed by MRI and histology evaluations. This work was the first attempt to
maintain blood vessel integrity after drug uncaging [164]. More recently, Lea-Banks et al.
efficiently delivered a barbiturate anesthetic to the mouse brain by vaporizing lipid PCAs
with no collateral damage to the BBB, confirmed by MRI and histology [165], and they also
showed sub-millimeter precision in the delivery [166].

Microbubbles have also been used for non-invasive drug uncaging. In a recent
study, Ozdas et al. demonstrated that low-intensity ultrasound applied to a liposome–
microbubbles construct improves localized delivery of an encapsulated GABAA receptor
agonist (muscimol) without compromising blood-brain barrier integrity [167]. In another
study, Gorick et al. successfully transfected plasmids to endothelial cells in a mouse brain
using low-intensity ultrasound and plasmid-loaded MBs [168]. This study showed no BBB
opening after US exposure using MRI measurements. Ultrasound-mediated brain drug
uncaging without affecting BBB integrity is becoming increasingly popular, especially for
gene delivery.

6.1. Incorporating Cavitation Nuclei in Drug-Delivery Vehicles

As discussed earlier, one of the primary limitations of using conventional US contrast
agents as a drug carrier is the low drug capacity. One of the key ideas to address this issue
is incorporating ultrasound-sensitive agents inside conventional drug carriers to sensitize
them to US waves (Figure 4).
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Figure 4. Ultrasound-sensitive particles designed for drug-release applications. Combining ultra-
sound contrast agents with various drug carriers results in novel ultrasound-sensitive drug vehicles
that trigger release upon ultrasound radiation.

6.2. Microbubble-Nested Drug Carriers

One of the first attempts on this front was encapsulating lipid-shelled microbubbles
inside polymeric microcapsules by Wrenn et al. [169]. Although the motivation for this
study was primarily to give lipid shell MBs a longer circulation time and shelf stability [170],
this group showed some advantages in drug delivery [169]. This group also encapsulated
PCAs in microcapsules for potential drug-delivery applications but mainly investigated
their imaging applications [171]. Encapsulating bubbles inside liposomes by the same
group was the first attempt to nest cavitation nuclei in conventional drug carriers solely
for drug-delivery applications. This group reported surrogate drug release in vitro from
bubble-nested liposomes upon ultrasound excitation and bubble cavitation [172]. Ibsen et al.
also entrapped lipid-shelled microbubbles in liposomes for drug-delivery applications [173].
More recently, Batchelor et al. nested nanobubbles in liposomes to reduce the construct’s
size in the submicron range. This group demonstrated drug uncaging upon activation by
high-intensity focused ultrasound (HIFU). It is worth noting that this study reports nested
nanobubbles to be a mixture of perfluorocarbon gas and droplet [174].

6.3. Droplet-Nested Drug Carriers

An alternative approach for sensitizing liposomes to US was nesting PCAs inside
them. A few groups encapsulated perfluorocarbon droplets in liposomes and demonstrated
successful drug uncaging in vitro [175,176]. The limitation of the abovementioned studies
is the lack of in vivo evidence for the feasibility of drug uncaging upon US excitation from
ultrasound-sensitive particles nested in drug carriers. Further studies need to address
this issue.

6.4. Nesting Cavitation Nuclei in Solid Drug Carriers

Embedding cavitation nuclei in dug vehicles was also pursued in solid drug vehicles.
Solid particles can stabilize or nucleate gas within pores or crevices on their surface or man-
tle to produce acoustically active agents [177]. This phenomenon has been used for drug
delivery applications, mainly by entrapping gas bubbles in silica particles (mesoporous
silica) and polymeric particles [178]. Mesoporous silica particles have been widely used
for drug uncaging [179,180]. Kim et al. did one of the first studies on this front when they
delivered ibuprofen from mesoporous silica upon ultrasound activation in vitro [181]. This
strategy was further proven helpful in preclinical tumor models [182].

The first approach to embed cavitation nuclei in polymeric particles was developing
cup-shaped polymers that can entrap small gas bubbles in their structure. Kwan et al.
developed nano-sized polymeric cups to entrap gas bubbles and further demonstrated
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their ultrasound activity and drug-release capabilities [183]. In another attempt, the same
group developed porous PLGA microparticles to trap gas bubbles and potential ultrasound-
mediated drug-delivery applications [184]. More recently, our group has developed a
facile method to nucleate bubbles inside polymeric microcapsules to produce ultrasound-
sensitive drug carriers. We successfully nucleated bubbles in polylactic acid microcapsules
by resuspending them in a propylene glycol/glycerol solution. We characterized the
formulated particles and demonstrated surrogate drug loading on them. This method can
drastically reduce the time and energy of conventional methods [141]. A recent paper by
Sabuncu et al. reviewed gas-stabilizing solid particles for pharmaceutic applications [185].

7. Materials for Ultrasound-Sensitive Drug Carriers

In the previous sections, we discussed various structures scientists developed to trigger
drug release upon ultrasound excitation. In this section, we provide a brief summary of
different materials used to create these structures and compare their advantages and
disadvantages (Table 1).

Table 1. Materials used in ultrasound-sensitive drug carrier designs.

Structure Materials Pro Con

UCA nested particles

Nested UCA
Shell

Material

Phospholipid
(DSPC, DPPC)

1. High drug-loading
capacity

2. Long circulation time
3. Suitable for

encapsulating both
hydrophobic and

hydrophilic agents

1. Typically micro-size
range

2. Limited ultrasound
sensitivity

No shell

Encapsulation material

Polymer
(PLGA, PLA, PBCA)

Phospholipid
(DSPC, DPPC, DMPC)

UCA-Particle complex

UCA Phospholipid (DSPC,
DPPC)

1. Improved ultrasound
sensitivity

2. Improved drug
release

Limited circulation
time compared to

polymersDrug
carrier

Phospholipid
(various PCs)

Polymer (PLA, PLGA,
PEG)

Miscellaneous material
(metallic particles,

proteins, etc.)

Coned shape particles Air-entrapped polymer (PLA, PLGA)
1. Biocompatible

2. Long circulation time
3. Biodegradability

1. Large size
2. Limited ultrasound

sensitivity

Mesoporous particles Air-entrapped silica 1. Long circulation time
2. Biocompatible

Limited ultrasound
sensitivity

7.1. Lipids

Phospholipids are commonly used for designing drug carriers and have shown great
success in clinical applications, making them one of the primary choices for drug carrier
design [186]. In the field of nanomedicine, phospholipids have evolved to be biocompatible
and effective in encapsulating active molecules. Phosphatidylcholines (PCs), a class of
phospholipids, have been widely used for this purpose [187]. In many of the newer carrier
structures discussed in this paper, phospholipids are the predominant material. They are
extensively employed in producing complexes of UCAs with nanoparticles [143]. Phos-
pholipid bilayers are also used to encapsulate UCAs, providing stability and increased
drug-loading capacity by generating nested UCAs [172,173]. Phospholipids mimic cel-
lular bilayers and possess desirable biocompatibility. Additionally, their elasticity make
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UCAs from phospholipids respond well to ultrasound signals. However, the drug-loading
capacity of phospholipid particles can be limited [188].

7.2. Polymers

Polymers are another primary class of materials used in ultrasound-mediated drug
delivery. They offer chemical flexibility to drug carriers, allowing modification of their
mechanical and physical properties to suit specific biological environments. This chemical
flexibility is particularly advantageous in microbubble design, as altering the mechanical
properties of the microbubble shell enables control of their response to ultrasound [189].
Polymers also provide the carrier with the unique ability to be biodegradable [190].

Among various polymer formulations, polyesters are attractive polymers extensively
used in drug delivery due to their biocompatibility and biodegradability. Poly(lactic-
co-glycolic acid) (PLGA), a copolymer of two polyesters, poly(lactic acid) (PLA) and
poly(glycolic acid) (PGA), is one of the primary polymers used for generating microbub-
bles [191]. Another desirable polymer for microbubble production is poly(butyl cyanoacry-
late) (PBCA), which is well tolerated by the body and is degradable [139,140,192]. Several
groups, including ours, have pursued encapsulating ultrasound contrast agents in a poly-
meric shell for drug delivery or imaging applications [162,189]. In addition to chemical
flexibility and degradability, polymers can offer in vivo stability to a drug carrier. Polymers
are rigid structures capable of circulating in the bloodstream for days to months. Due to
their entangled structure, they can provide better drug-loading capacity than phospholipids
by offering a thicker shell material. However, one drawback of polymers is their reduced
reactivity to ultrasound signals due to the lack of elasticity compared to lipids [193].

It is worth noting that proteins are also a class of materials used for designing
ultrasound-sensitive particles (particularly MBs) in the past but have been a less pop-
ular choice for designing UCAs recently [194].

8. The Role of Ultrasound Parameters in Drug Vehicle Design

One major consideration for developing ultrasound drug delivery carriers is safety.
Ultrasound exposure safety involves two aspects: the bioeffects of ultrasound energy that
activates the drug carriers and the bioeffects of cavitation after carrier activation.

The initial designs for acoustic drug delivery with drug carriers utilized the inertial
cavitation of bubbles to destabilize the carriers. The first attempt involved co-injecting MBs
and drug carriers [195]. Later, MBs were bound to drug carriers to enhance drug release by
increasing their proximity [143]. However, this method requires high levels of ultrasound
energy, and inertial cavitation itself can be harmful to the tissue due to the strong ultrasound
field or shock waves it produces. Concerns about the safety of inertial cavitation led to
the use of stable cavitation as a delivery mode. However, the sonoporation effect soon
overshadowed this approach, and fewer attempts were made to solely destabilize drug
carriers through stable cavitation [196]. Concerns about the sonoporation effect have been
extensively discussed in previous sections. The exact ultrasound parameters used in studies
utilizing inertial or stable cavitation of MBs to enhance drug release and delivery vary
due to different experimental conditions. For more information on ultrasound parameters,
please refer to the review paper by Kooiman et al. [197].

Another approach to reduce the ultrasound energy is to use perfluorocarbon-based
PCAs instead of MBs. The activation threshold of PCAs can be controlled by adjusting the
boiling point of the PFC core. Theoretically, one can design a PCA that can be activated at
different ultrasound energy levels by altering the chemistry of the fluorocarbon core [100,198].
However, concerns regarding the bioeffects of vaporization effects still exist.

An alternative approach to reducing the side effects of cavitation is to encapsulate the
cavitation effect within a vesicle. This concept led to the nesting of cavitation nuclei within
drug carriers. By placing the cavitation nuclei in a vehicle and enclosing the UCAs, the
effects of cavitation can be localized and directed solely to the carrier structure, thereby
reducing the bioeffects. However, concerns remain regarding the activation threshold of
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UCAs when embedded in a membrane-bound vesicle. Wrenn et al. observed an increase
in cavitation thresholds when MBs were nested within liposomes [199]. This concern
can potentially be addressed by utilizing low-boiling-point PCAs with low activation
thresholds.

More recently, attention has been given to alternative approaches for ultrasound
targeting and delivery that are less invasive and can be used with low-intensity ultrasound.
Other targeting modes, such as acoustic streaming or primary acoustic radiation forces, have
gained attention as valuable methods for ultrasound-mediated drug delivery. The following
section briefly covers recent advances in pharmaceutical uses of acoustic radiation forces.

9. Acoustic Radiation Forces in Drug Delivery

Before concluding this paper, we want to briefly define the application of acoustic
radiation forces in pharmaceutics and discuss recent advances in this field. Ultrasound can
offer a different targeting strategy by spatially controlling and dislocating acoustic-sensitive
agents. It is known that MBs can be displaced in a liquid medium using low-pressure
acoustic waves due to the absorption of the sound wave momentum. This phenomenon
is known as primary acoustic radiation force and is particularly advantageous in drug-
delivery applications using low-intensity US waves [200,201]. Radiation forces are one
of the less explored concepts in drug delivery despite its promising potential [202]. The
concept was first explored in vivo by Dayton et al., where they displaced commercially
available microbubbles to the wall of a blood vessel in the mouse cremaster muscle [200].
Later, Lum et al. demonstrated the feasibility of particle deposition on a tube using acoustic
radiation [203].

One of the novel methods for ultrasound targeting is utilizing radiation forces to
remotely implant sensitive acoustic particles in diseased tissue [142]. In a recent paper, Su
et al. successfully implanted multi-cavity PLGA microparticles in a foam-cell spheroid
model by ultrasound exposure [204]. The implanted particle can slowly release its cargo
to the diseased tissue. Our group is trying a strategy to use acoustic radiation forces to
deposit liposomes on endothelial cells, similar to the sonoprinting approach first described
by Cock et al. [205]. Liposomes (or any desired drug vehicle) slowly release their cargo
to the tumor tissue or the endothelial cell over time. This method uses safe, low-intensity
ultrasound waves and the integrity of the endothelial cells is intact as per our hypothesis.
We have shown successful lipid deposition onto neuroblastoma tumor cells in vivo.

10. Conclusions

Nanomedicine has provided hope in delivering drugs systemically, but it has only
been partially successful clinically. Recent studies have shown that combination therapies,
localized enhancement of vascular permeability, ligand targeting, and image-guided drug
delivery hold significant promise for improved therapy. Additionally, ultrasound as an
option for intravascular drug release has emerged as a cost-effective and precise technique
due to its high penetration depth and spatiotemporal precision. The future of drug targeting
is exciting, with more technological advancements on the horizon. We can expect to see
even more precise therapies and treatments with fewer side effects in the coming years,
resulting in better patient health outcomes.
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Abstract: The promotion of anti-tumour immune responses can be an effective route to the complete
remission of primary and metastatic tumours in a small proportion of patients. Hence, researchers
are currently investigating various methods to further characterise and enhance such responses to
achieve a beneficial impact across a wider range of patients. Due to its non-invasive, non-ionising,
and targetable nature, the application of ultrasound-mediated cavitation has proven to be a popular
method to enhance the delivery and activity of immune checkpoint inhibitors. However, to optimise
this approach, it is important to understand the biological and physical mechanisms by which
cavitation may promote anti-tumour immune responses. Here, the published literature relating to
the role that cavitation may play in modulating anti-tumour immunity is therefore assessed.

Keywords: ultrasound; cavitation; cancer; immunotherapy; checkpoint inhibitor

1. Cancer Immunology

The interplay between tumours and the immune system was suggested in the mid-
19th century when Rudolf Virchow hypothesised that cancers arise at sites of chronic
inflammation [1]. A few decades later, Paul Ehrlich proposed that the immune system
plays a critical role in protecting the host from cancer development [2]. Indeed, it is now
clear that the immune system plays a dual role in cancer progression [3]. Thus, to best
harness the immune system’s anti-tumour role it is essential to understand how a tumour-
specific immune response may arise, how the tumour evades it, and how therapeutic
intervention can most effectively overcome such evasion.

1.1. Cancer-Immunity Cycle

Chen and Mellman described the cancer-immunity cycle—events necessary for an
anti-tumour immune response to lead to effective killing of cancer cells [4]. Firstly, Tumour-
associated antigens (TAAs) or Tumour-specific antigens (TSAs) need to be released and
captured by tissue-resident Antigen-presenting cells (APCs) such as Dendritic cells (DCs).
The phagocytosed antigens are processed into small peptides and presented on Major
histocompatibility complex (MHC) I or II [5]. Additionally, immunogenic signals such
as proinflammatory cytokines released by dying tumour cells are essential to induce DC
maturation and turn them into potent APCs. Activated DCs increase their synthesis of
MHC molecules and begin to express the co-stimulatory molecules CD80 and CD86 on
their surface [4].

Next, DCs migrate to lymph nodes, along with their cargo, to activate an adaptive
immune response. DCs present the captured antigen on MHC I or II to naive CD8+ or
CD4+ T cells, respectively [6]. Exogenous antigens are presented on MHC II molecules but
also on MHC I molecules via a process called cross-presentation. The cross-presentation of
exogenous antigens is critical for anti-tumour immunity [7]. Binding to the peptide/MHC
complex and co-stimulatory molecules on the DC surface stimulates the priming and
activation of effector and memory T cell responses against the antigen. The activation
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of CD8+ T cells with specificity for TAAs or TSAs leads to cytotoxic reactions that cause
tumour cell death, while activated CD4+ T cells produce cytokines. Activated effector
T cells traffic to and infiltrate the tumour. Here, they bind to cancer cells via the T cell
receptor presented on T cells and the antigen bound to the MHC molecule on cancer cells,
and eventually kill the cancer cells. This releases additional TAAs or TSAs, and the cycle is
repeated and amplified, leading to effective clearance of the primary site, potential abscopal
effects against other deposits, and a durable defence against recurrence [4].

Each step in the cancer-immunity cycle is an important contributor to effective killing
of cancer cells. Hence, when one or more of these steps are blocked it may lead to an
insufficient anti-tumour immune response.

1.2. Evading Immune Recognition

In cancer patients, the cancer-immunity cycle does not perform optimally. Indeed,
the progression of tumour growth is dependent on an escape from anti-tumour immune
responses. Such an escape is achieved by hiding from immune cells, excluding them, or
down-regulating their activity.

Tumour cells can hide from immune cells by altering their surface molecule expression.
This may be achieved by down-regulating the expression of MHC molecules on tumour
cells, particularly MHC I. This limits the ability of Cytotoxic T lymphocytes (CTLs) to
recognise tumour cells and initiate apoptosis [8]. However, the absence of MHC molecules
often leads to Natural killer (NK) cell activation, but these innate immune cells have no
immunological memory and will therefore not provide a sustained anti-tumour immune
response [9]. Furthermore, the tumours that have normal expression of MHC molecules
often lack co-stimulatory molecules such as CD80 or CD86, which abrogates the activation
of T lymphocytes. Lastly, cancer cells are often unrecognised by CTLs because tumour
variants with low TAA or TSA production have been selected [10].

The irregular tumour vasculature, elevated interstitial fluid pressure, and dense extra-
cellular matrix combine to restrict the movement of immune cells into and throughout the
tumour [11]. Indeed, the abnormal blood and lymphatic vasculature in tumours function
as both physical and functional barriers: compressed blood vessels limit the tumour infil-
tration of cytotoxic immune cells, whereas dysfunctional lymphatic vessels hinder APCs
from migrating to lymph nodes and activating T cells [12].

Tumour cells also deploy multiple mechanisms to remodel the Tumour microenviron-
ment (TME) into an immunosuppressive phenotype. Firstly, the TME contains different
immune suppressive cells such as Myeloid-derived suppressor cells (MDSCs) and Regu-
latory T (Treg) cells. MDSCs migrate from the tumour to the lymph nodes, spleen, and
peripheral vessels, where they inhibit activation of tumour-specific T lymphocytes [13].
Treg lymphocytes suppress CD4+ and CD8+ T cells by producing specific cytokines such
as Interleukin (IL)-10, IL-4, and IL-13. Moreover, Treg cells can inhibit subpopulations of
B lymphocytes and NK cells [10]. Another mechanism involves cancer cells modulating
immune checkpoint pathways to evade attack by immune cells [14,15]. Immune check-
point pathways are important for maintaining self-tolerance by modulating T cell function
and protecting surrounding tissue by suppressing immune responses, thereby preventing
auto-immunity in healthy individuals. Many immune checkpoints are initiated by lig-
and–receptor interactions; thus, tumour cells can alter this interaction to their benefit. There
is an array of different types of immune checkpoint pathways and mediators, in which the
most well characterised are Programmed cell death protein 1 (PD-1), Programmed death
ligand 1 (PD-L1), and Cytotoxic T lymphocyte-associated protein 4 (CTLA-4). PD-1 is a
cell surface receptor presented on T cells that binds to PD-L1 and PD-L2. The interaction of
PD-1 with PD-L1 blocks T cell responses to prevent excessive T cell activation [14]. Hence,
tumours expressing PD-L1 or PD-L2 ligands can suppress the T cell-mediated anti-tumour
immune response. CTLA-4 is important in the early stages of the immune response. This
molecule is expressed on tumour cells and competes with CD28 in binding to CD80 and
CD86 ligands on APCs. Consequently, further T cell activation is inhibited [15].
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In summary, tumours have multiple methods to evade immune recognition. Con-
sequently, there are several ways in which an anti-tumour immune response may be
reactivated. Indeed, immunotherapy is a modality that includes a range of treatment
methods, including (1) cancer vaccines, which aim to activate CTLs [16]; (2) CAR T cells,
which are patient-derived T cells with a chimeric antigen receptor that are engineered to
recognise and bind specific antigens on the surface of cancer cells [17]; and (3) Immune
checkpoint inhibitors (ICIs), which interact with immune checkpoints, thereby prevent-
ing immune tolerance [18]. The effectiveness of these treatments has been proven in a
range of cancers [19–21]. In fact, the use of ICIs demonstrated that 12 out of 12 patients
with rectal cancer had a clinical complete response [22]. However, it is notable that the
greatest ICI successes have come in patient populations that have been carefully selected
for an immune “hot” rather than “cold” phenotype [22]. For more widespread impact,
methods to optimise such approaches are needed, and driving tumours towards a “hot”
phenotype is thought to be an effective way of achieving this. Recent research suggests
that Ultrasound (US)-mediated cavitation can result in the immunomodulation of the TME,
thus partly reversing tumour immune evasion. Hence, this may be a promising strategy to
promote tumour-specific immune responses and enhance the efficacy of ICIs.

2. Cavitation-Mediated Immunomodulation

Several studies have served to demonstrate that radiation or mechanically induced
tumour cell damage can be used in combination with cancer immunotherapies to provide
improved outcomes [23–25]. Indeed, the approach of combining non-ionising sources, such
as US, to thermally ablate tumour tissue has garnered recent attention [26–28]. However,
tumour antigens released from thermally ablated tumours are often denatured and may
not be effectively presented to the immune system [29]. Additionally, thermal diffusion can
damage surrounding healthy tissue, causing adverse effects [30].

US can also be used to induce non-ablative mechanical effects in tumours. Acoustic
cavitation is used to describe the expansion and collapse of gas bubbles in response to the
alternating compressional and rarefactional US wave. Notably, providing agents to nucleate
such acoustic cavitation, i.e., by adding pre-existing gas bubbles—referred to henceforth as
Cavitation agents (CAs), can lower the pressure amplitude required to achieve cavitation
and consequently reduce the energy deposition within tissue. The volumetric changes
can lead to various mechanical phenomena that can impact the surroundings. First, the
gentle oscillation of CAs will cause momentum transfer from the bubble to the surrounding
liquid, called microstreaming [31]. This can result in shear stresses impacting on cell
membranes [32]. More violent oscillation and the collapse of CAs near a surface can produce
shock waves and microjets, leading to cellular injury and tissue destruction [31,32]. The
scale of the membrane disruption and damage, and the underlying mutations to apoptotic
pathways within the cells, will determine the consequent route to death (apoptosis or
necrosis) and the resulting immune response. Hence, due to its potential, studies have
investigated the immunological effects of acoustic cavitation, which are summarised in
Figure 1. Figure 1 highlights that cavitation events may modulate tumour immunity in
three ways by the destructive release of TSAs, TAAs, and Damage-associated molecular
patterns (DAMPs), by vascular modification, and lastly by altering the cellular activity of
cells important for immune responses.

This review therefore focuses on how acoustic cavitation, used without the intention
of causing heating, may promote anti-tumour immune responses. The evidence regarding
the role that cavitation may play in the immune outputs, identified in Figure 1, is assessed.
Details of the treatment protocols and US parameters of the papers mentioned in this
section can be found in Table 1.

235



Pharmaceutics 2023, 15, 2110

Figure 1. Schematic overview of how ultrasound-mediated cavitation may affect different parts of the
tumour. It has been proposed that cavitation can cause cell damage and stress, which consequently
releases Damage-associated molecular patterns (DAMPs) and tumour antigens. Moreover, it has
been suggested that depending on the type, duration, and intensity of cavitation, tumour perfusion
can either be increased [33] or blood flow can be shut down [34,35]. Either situation may lead
to increased anti-tumour immunity as a result of improved migration and infiltration of immune
effector molecules and cells or due to increased tissue necrosis and Damage-associated molecular
pattern (DAMP) release. Lastly, ultrasound-mediated cavitation has been shown to transform M2
macrophages to M1 macrophages [36] and additionally induce dendritic cell maturation by altering
expression of Vascular endothelial growth factor (VEGF) [37]. Figure created with BioRender.

2.1. Release of Tumour-Associated Antigens and Damage-Associated Molecular Patterns

The release of TAAs, TSAs, and DAMPs is an important part of activating an anti-tumour
immune response. DAMP molecules, including High-mobility-group box 1 (HMGB1), Heat
shock proteins (HSPs), calreticulin, and Adenosine triphosphate (ATP), are danger signals
that are often released when cells are exposed to stress. These danger signals can promote
an immune response by initiating various mechanisms such as stimulating neutrophils
or monocytes to produce and secrete proinflammatory cytokines and chemokines, and
up-regulate co-stimulatory molecules [38]. In regards to anti-tumour immune responses,
cancer cells undergoing immunogenic cell death may expose DAMPs on their surface,
which helps DCs engulf the cancer cells. This then leads to the presentation of tumour
antigens followed by CTL responses [39]. Thus, the release of DAMPs ultimately leads to
the activation of anti-tumour immunity. Researchers have therefore sought to characterise
how cavitation may cause the release of DAMPs and tumour antigens, and subsequent
immune responses in tumours.

Liu et al. investigated immunological changes induced by US+CA in a colon tumour
(CT26) murine model [40]. Immune cell populations were studied at days 1, 3, and 18
after treatment and compared to untreated tumours. The analyses revealed a significant
(p < 0.05) increase in percentage of CD8+ T cells among CD45+ leukocyte cells across
all three days; however, the percentage of CD4+Foxp3+ cells (Tregs) relative to CD45+
leukocytes remained stable. The authors confirmed, by immunohistochemical staining,
that US+CA triggered the production of HSP60, although the level was not quantified.
A link was therefore suggested between the release of this DAMP and the increased
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CTL infiltration observed. Additionally, these authors measured temperature in a tissue-
mimicking phantom using similar conditions as in vivo, and no increase was observed upon
US+CA treatment, indicating that the release of HSP60 was most likely due to mechanical
stress and not heating [40].

In a similar study carried out by Joiner et al., pancreatic tumours (KPC) were ei-
ther untreated or treated with US+CA and excised 2 or 15 days after treatment [41]. A
non-significant (p = 0.053) 1.6-fold increase of the HMGB1 level, as measured by immunohis-
tochemistry, was detected 2 days after US+CA treatment compared to untreated tumours.
However, no significant difference in cell death marker cleaved caspase-3 or HSP70 was
observed between the two groups. Furthermore, tumour draining lymph nodes exhibited
a significant (p < 0.05, p < 0.005, and p < 0.005, respectively) increase in the number of
F4/80+CD11b+ cells (macrophages), CD8+ cells (CTLs), and CD4+ cells (T helper cells)
2 days after treatment. It was concluded that this was a transient immune response due to
the majority of these effects subsiding 15 days post-treatment. Notably, US-only or CA-only
controls were not included in this study [41].

Furthermore, Hu et al. assessed the release of both TAAs and DAMPs after US+CA,
US-only, or CA-only treatment, as well as no treatment [42]. RM1-OVA cells were used to
permit measurement of the release of Ovalbumin (OVA) and DAMPs in vitro. At both 0
and 4 h after US+CA treatment, HMGB1, calreticulin, and HSPA2 levels were increased
compared to the other treatment groups, though the scale of this increase was not quantified.
ATP release was significantly (p = 0.004) higher for the US+CA-treated cells. This DAMP
release was attributed to the increase in tumour cell necrosis observed both in vitro and in
vivo in the US+CA group. The RNAseq data of the RM1 tumour models confirmed that the
TME exhibited a high level of pathways related to ’acute inflammation response’ and ’cell
death’, suggesting that US+CA can cause tumour cell injury. Hu et al. also investigated and
compared the immune microenvironment in vivo after US+CA versus no treatment. They
showed a significant (p < 0.05, p < 0.005, p < 0.005, p < 0.005, and p < 0.005, respectively)
increase in CD45+ cells (leukocytes), CD11c+ cells (DCs), CD11b+ (monocytes), 49b+ cells
(NK cells), and CD68+ cells (macrophages) both 1 day and 4 days after treatment with
US+CA. Further, it was concluded that CD8+ T cells were the main contributors to the
US+CA treatment effects. This was due to the fact that the tumour volume after treatment
with US+CA with the addition of CD4+ and CD8+ T cell-depleting antibodies was similar
to tumours treated with US+CA plus only CD8+ T cell-depleting antibodies, but both
groups had a 3-fold higher tumour volume than US+CA-treated tumours that did not
receive T cell depleting antibodies [42].

Wu et al. divided breast tumours (4T1) into the following treatment groups: un-
treated, US-only, CA-only, and US+CA [43]. They detected a significantly (p < 0.05) higher
(1.2–1.5-fold) expression of HMGB1 and a significantly (p < 0.05) lower ATP level in vitro
after US+CA treatment compared to the three other groups and reported an increase in
calreticulin expression in the US+CA group in vivo, indicative of DAMP release. A sig-
nificant (p < 0.01 and p < 0.05, respectively) increase in IL-12 and Tumour necrosis factor
alpha (TNF-α) levels was also reported [43].

In contrast to the other studies, Huang et al. treated lung (LL/2) or colon (CT26)
tumour cells with CA only or US+CA and detected no difference in levels of calreticulin,
HMGB1, or ATP in vitro 4 h after treatment [44]. There was no significant difference in the
percentage of CD80+CD86+ cells (mature DCs) or Interferon gamma (IFN-γ)-secretion in
mature DCs after mature DCs were incubated with supernatants from tumour cells treated
with US+CA or CA [44].

Overall, several papers confirmed that US+CA can cause DAMP release as well as
TAA release. The type of DAMP and amount of DAMP release detected seem to vary
between experiments, but this could be due to both different US parameters and treatment
protocols. As a consequence of TAA, TSA, and DAMP release, leukocytes may be recruited
to tumours and exert their anti-tumour effect [45]. Neither Liu et al. nor Joiner et al.
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investigated the mechanism underlying DAMP release; however, Hu et al. suggested it
was due to tumour cell necrosis, which they observed after treatment.

2.2. Modulation of Tumour Vasculature and Perfusion

Tumour vasculature, and the level of perfusion it provides, is important for the
presentation of TAAs and TSAs by APCs, and the migration of immune cells such as CTLs
into and throughout the tumour [46]. Hence, the impact of US+CA on tumour vasculature
and the corresponding immune cell infiltration has been probed in recent papers [33–35].

Bulner et al. showed that anti-vascular US-stimulated CAs decreased colon tumour
(CT26) growth compared to tumours receiving CAs alone and, perhaps as a consequence of
restricted perfusion, observed no significant increase in T cell infiltration [34]. A significant
(p < 0.05) shutdown of blood flow in tumours followed by necrosis was observed by
contrast-enhanced US imaging. Specifically, the peak enhancement intensity was reduced
by 88 ± 3.6% relative to CA with no US treatment. Flow cytometry analysis examined the
change in CD45+ cells (leukocytes), CD45+CD8+ cells (CTLs), CD45+CD4+ cells (T helper
cells), and CD45+CD4+Foxp3+ cells (Tregs) in tumours both 3 and 7 days after the initial
treatment day. There was no significant difference between the US+CA group and the CA
group. Nonetheless, there was a significant (p < 0.05) increase (1.5-fold) in the number of
cells in tumour-draining lymph nodes in mice with US+CA-treated tumours 3 days after
the initial treatment day, indicating some immune response was established [34].

Contrarily to Bulner et al., Hunt et al. observed an increase in intratumoural immune
cells 24 h after anti-vascular US+CA treatment of melanoma tumours (K1735) compared
to tumours treated with US-only [35]. Hunt et al. observed a 70% reduction of blood
perfusion accompanied by subsequent necrosis. Histopathological analysis suggested that
there was a significant (p < 0.01) increase in CD45+ cells (leukocytes). More specifically, the
number of CD45+ cells per High power field (HPF) was 50 ± 7 in US+CA-treated tumours
and 15 ± 1 in US-treated tumours. Likewise, there was a significant (p < 0.01) increase in
CD3+ cells (T cells) with 60 ± 7 cells/HPF and 11 ± 1 cells/HPF in US+CA-treated and
US-treated tumours, respectively. However, there was no difference in B220+ cells (B cells)
between the two groups [35].

Similarly, Wu et al. used contrast enhanced US imaging to report significantly (p < 0.05)
decreased blood perfusion that was not recovered 24 h later [43]. A significant (p < 0.01)
upregulation of the CD11c+CD80+CD86+ cell (matured DC) proportion in tumour drain-
ing lymph nodes was detected after US+CA treatment compared to untreated tumours
(26.40 ± 3.70% vs. 13.03 ± 2.03%). In addition, there was a significant (p < 0.01) increase in
infiltration of CD3+CD8+ cells (CTLs) in tumours after US+CA treatment as measured by
flow cytometry [43].

Li et al. looked at the effect of US+CA on tumour blood perfusion and the corre-
sponding immune responses in a preclinical model of colon cancer (MC38) [33]. Mice were
injected with CAs and tumours were exposed to a Peak negativepressure (PNP) of either
0.8 MPa or 2.4 MPa. Vasodilation of tumour microvessels and consequently enhanced blood
perfusion, as measured by contrast enhanced US, was observed for the 0.8 MPa-treated
tumours, while poor blood perfusion, microvascular damage, and hemorrhage in tumour
tissues were present in those treated with 2.4 MPa. Further, the percentage of infiltrating
CD8+ T cells in tumours 24 h after treatment was 32.35% or 19.43% of the total number of
lymphocytes for 0.8 MPa or 2.4 MPa, respectively.

All four studies by Bulner, Hunt, Wu, and Li reported worse blood perfusion after
US+CA, although for Li et al. this was only the case for the highest pressure treatment
(2.4 MPa). Both Bulner et al. and Hunt et al. assessed and confirmed necrosis—a type
of immunogenic cell death that can activate an inflammatory response [47]. Despite this,
Bulner et al. did not observe increased tumour infiltration of immune cells. On the other
hand, both Hunt et al. and Wu et al. confirmed immune cell infiltration. The use of different
US parameters and CAs between studies makes it difficult to compare the reported results,
particularly considering that Hunt et al. suggested that thermal changes could play a
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role. Yet, none of the studies looked into temperature elevation, which could provide
valuable information.

Moreover, it has previously been shown that different US parameters promote different
anti-vascular effects [48], which could explain the difference in detected immune response.
Indeed, tumour perfusion recovery after a 30 min treatment with a PNP of 2.6 MPa and
CA has been reported, but with US+CA at a PNP of 4.8 MPa the perfusion was reduced
even after 24 h [48]. Hence, it could be that the US parameters used by Hunt et al. and
Wu et al. allowed for anti-vascular effects to be reversed within their set time frame, thus
explaining the enhanced immune response observed in these tumours despite the initial
damage imparted. In contrast, in the studies by Bulner et al. and Li et al., tumour perfusion
may not have been restored within their time frame, which may have hindered immune
cell trafficking [12]. To gain a better understanding of the presence of tumour-infiltrating
immune cells or the lack thereof, it would be valuable for future studies to determine blood
perfusion before excising the tumours.

2.3. Cellular Effects of Cavitation

US-mediated cavitation may also have a direct or indirect effect on cells important for
anti-tumour immunity. These can either be immune cells [36,37] or cells that can suppress
immune responses [49].

Lin et al. showed that US+CA could redirect Tumour-associated macrophage (TAM)
polarisation and investigated its role in vessel normalisation in a pancreatic tumour model
(SW1990) [36]. There are two types of TAMs: M1, which is associated with promoting
inflammation and anti-tumour activity, and M2, which typically enhances tumour progres-
sion [50]. Lin et al. measured changes in F4/80+ cells (macrophages) by imaging stained
tissue (immunohistochemistry) and calculating the percentage of positive F4/80+ area
over the total image area. There was a significant (p < 0.05) increase in the F4/80+ area
after US+CA treatment compared to untreated tumours (29.87 ± 1.16% vs. 20.87 ± 1.17%).
Moreover, there was a significant (p < 0.001) 2-fold increase in F4/80+CD86+ cells (M1
macrophages) among F4/80+ cells in US+CA-treated tumours compared to untreated
tumours, suggesting a shift in TAM polarisation after treatment.

It has previously been demonstrated that shifting from the M2 to the M1 phenotype can
normalise tumour vessels and enhance anti-tumour immunity [51]. Indeed, Lin et al. observed,
by contrast-enhanced US imaging, a 1.5 fold higher perfusion intensity in the US+CA group
than that of the untreated group. To examine the relationship between vessel normalisation
and TAM polarisation, they treated tumours with clodronate liposomes to remove TAMs.
Firstly, TAM depletion reduced tumour growth in the untreated group, indicating that TAMs
were predominantly M2 macrophages. Moreover, the vessel perfusion was improved in TAM-
depleted tumours, but there was no significant difference between the untreated and treated
group. Thus, it was concluded that the induction of vessel normalisation primarily relied on
converting M2-type macrophages to M1-type macrophages [36].

Moreover, Zhang et al. looked at how US+CA may affect VEGF expression and
the following immune activation [37]. VEGF can interfere with immune cell migration
indirectly by promoting a vascular immune barrier, and more directly by interacting
with Vascular endothelial growth factor receptor (VEGFR) on effector T cells, Tregs, DCs,
and MDSCs; it can also affect the immune cell phenotype and function [52,53]. Zhang
et al. observed that the murine prostate cancer cells (RM-1) exposed to US+CA had
significantly (p < 0.05) lower VEGF expression, as assessed by western blotting, than those
exposed to US-only, CA-only, or untreated cells (32.7 ± 4.9% vs. 47.9 ± 5.9%, 71.7 ± 6.6%,
and 74.2 ± 4.7%, respectively). These cells were then co-cultured with CD11c+ DCs and
CD8a+ T lymphocytes, and it was demonstrated that there were slight but significant
(p < 0.05) increases in the amounts of CD11c+ cells (22.2 ± 0.9% vs. 18.1 ± 0.4%) and
CD8a+ T cells (34.0 ± 1.5% vs. 31.5 ± 0.8%) when co-cultured with US+CA-treated RM-
1 cells than untreated RM-1 cells. Thus, it was concluded that the inhibition of VEGF
expression in RM-1 cells caused by US+CA can promote DC and CTL proliferation [37].
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In another study, Tan et al. exposed spleens rather than tumours to US+CA in a
lewis lung cancer model [49]. The reason for this was that immature red blood cells called
CD71+ erythroid progenitor cells (CECs), which expand in the spleen, suppress immune
responses [54,55]. Immunosuppression can induce tumour immune evasion to promote
tumour growth. Additionally, CECs also modulate T cells via the PD-L1/PD-1 pathway
and express genes encoding immune checkpoint molecules [56]. Thus, by targeting and
consequently reducing the CECs residing in the spleen, the anti-tumour immune response
might be enhanced. Indeed, Tan et al. detected a significant (p = 0.006) decrease in
CD71+TER119+ cells in the spleen, and the percentage of CD8+ T cells was significantly
(p = 0.003) increased after US+CA treatment compared to untreated spleens. However,
there was no difference in tumour growth between these two groups. Likewise, there
was no difference in the number of CD11b+Gr1+ cells (MDSCs), CD11b+CD11c+ cells
(DCs), CD11b+F4/80+ cells (macrophages), or B220+ cells (B cells) in the spleen [49]. It
is unclear how US+CA would impact specifically on the intended cell targets within the
spleen without also disrupting the general immune cell profile.

Altogether, US-mediated cavitation can contribute to the immunomodulation of tu-
mours through a variety of mechanisms: releasing DAMPs and TAAs, altering tumour
perfusion, and modifying cellular activity. These changes to the tumour immune microen-
vironment might produce a TME more favourable for ICI therapies.

3. Cavitation-Enhanced Checkpoint Inhibitor Therapy

In addition to the mounting evidence that US-mediated cavitation can promote an
anti-tumour immune response without drug addition, there is also gathering evidence
that combining US+CA with immunotherapeutic drugs may provide an additional benefit
to the treatment. Cancer immunotherapy, particularly the use of ICIs, is considered to
be one of the most promising strategies to treat cancer [57], and thus combining US-
mediated cavitation with ICIs could be a powerful treatment strategy. Cavitation has the
potential to both improve the drug delivery of ICIs and, as previously discussed, engage
the immune system.

3.1. Improved Delivery

A drawback of ICIs is their relatively large size (∼150 kDa), which limits their in-
tratumoural delivery [58] and consequently their therapeutic efficacy [59]. US-mediated
cavitation has been shown to improve the intratumoural delivery of drugs [60]. In fact,
Grundy et al. observed a 2.1–3.6-fold increase in cetuximab concentration in murine tu-
mours targeted with US+CA compared to CA-treated tumours [61]. Moreover, Li et al.
reported a significant (p < 0.0001) 1.37-fold increase in concentration of the aPD-L1 antibody
in the tumour when co-administered with US+CA compared to aPD-L1 monotherapy [33].
In addition, Kim et al. measured a significant (p < 0.01) increased intratumoural staining of
aPD-L1 after administering aPD-L1-coated CA and exposing to US compared to aPD-L1-
coated CA without US, free aPD-L1 monotherapy, or US+aPD-L1 without CA [62]. Thus,
there are data showing that US+CA can increase the tumour uptake of therapeutic antibod-
ies. Even though the poor response to ICI in some patients might be due to poor delivery,
the heterogeneous tumour immune environment is also an important consideration for
ICI efficacy.

3.2. Favourable Tumour Immune Microenvironment

It has been reported that having a sufficient CD8+ T cell presence within the TME
favours tumour susceptibility to PD-1-based therapy [63]. In other words, “hot” tumours,
defined as highly T cell-infiltrated tumours, are associated with a better treatment response.
In contrast, “cold” tumours that typically have poor T cell infiltration limit the efficacy
of ICIs [64]. Converting a “cold” tumour into a “hot” tumour and successfully activating
T cells could be essential for sufficient therapeutic effect. As discussed in Section 2, US-
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mediated cavitation can contribute to making the tumour immune microenvironment more
favourable for ICIs.

Indeed, Li et al. observed a significant (p < 0.05 and p < 0.001, respectively) increase
in tumour growth inhibition when treated with US+CA+aPD-L1 compared to US+CA or
aPD-L1 alone. There was a significant (p < 0.05) increase in the percentage of CD8+ T cells,
as well as a significant (p < 0.01) increase in IFN-γ and granzyme B secretion in tumours
receiving US+CA+aPD-L1 [33]. Similarly, Hu et al. reported substantial tumour growth in-
hibition in three different tumour models when tumours were treated with US+CA+aPD-1
compared to US+CA or aPD-1 alone [42]. All tumour models were characteristically “cold”
tumours, but after US+CA+aPD-1 treatment they observed significantly (p < 0.05) more
CD44+CD8+ cells and the presence of T cell effector functions compared to monotherapies.
The US+CA+aPD-1 group also exhibited a high expression of genes related to ‘immune
response’, ‘T cell activation’, and ‘antigen processing and presentation’ [42]. Wu et al.
reported greater tumour growth inhibiton in US+CA+aPD-L1-treated tumours than in the
US+CA group and aPD-L1 group, and the combination therapy resulted in a substantial
increase in activated CD8+ T cell infiltration [43].

Tan et al. treated spleens with US+CA+aPD-L1 and showed that tumour volume was
significantly (p < 0.001) reduced compared to tumours in the US+CA, aPD-L1 alone, or
untreated groups [49]. The results demonstrated that the number of IFN-γ-producing CD8+
T cells and CD4+ T cells significantly (p = 0.0134 and p = 0.0082, respectively) increased in
US+CA+aPD-L1-treated spleens compared to untreated spleens. Tan et al. hypothesised
that US+CA prevented CECs from inhibiting CD8+ T cell proliferation in the spleen, so
more cytotoxic T cells in the peripheral circulation system could benefit from aPD-L1 [49].
Notably, although the spleen was located by a small animal US system, cavitation was not
mapped or quantified to ensure that cavitation was confined to the spleen alone.

Bulner et al. also observed enhanced tumour growth inhibition for mice with tumours
treated with US+CA+aPD-1 compared to both the US+CA group and aPD-1-only group,
but a clear T cell-dependent mechanism was not detected [34]. However, there was a
significant (p < 0.05) increase in the number of cells in the tumour draining lymph node
7 days after US+CA+aPD-L1 treatment compared to US+CA treatment but not aPD-1
treatment. The cells within the lymph node were not characterised. Additionally, one
mouse that exhibited complete regression was subjected to a re-challenge experiment
with the same tumour cell line, and no tumour was present on US imaging after 90 days,
suggesting an adaptive immune response prevented tumour growth upon re-challenge.
Hence, a potential contribution of anti-tumour immune responses should not be excluded.

3.3. Reduced Adverse Effects

Lastly, US and CAs may limit the impact of drug in non-target tissue as well as
reducing Immune-related adverse effects (irAEs). An increasing number of studies on
irAEs are being reported with approximately 10–20% of patients treated with aPD-L1
showing irAEs [62,65]. Kim et al. showed that US and CAs coated with aPD-L1 significantly
(p < 0.05) reduced tumour volume compared to US+aPD-L1 without CA, aPD-L1-coated
CA without US, or free aPD-L1. Moreover, it was reported that 18/20 mice that received
the aPD-L1-coated CA without US survived 15 days post-treatment, whereas 9/20 mice
survived after administration of free aPD-L1 [62]. Hence, incorporating ICIs into CAs may
minimise ICI toxicities.

There are multiple ways in which US-mediated cavitation can improve ICI therapy.
Although US+CA has the potential to improve the delivery of ICIs, the efficacy of ICIs is not
necessarily improved. Similarly, though reducing the adverse effects of ICIs is important,
enhancing the therapeutic efficacy is still desirable. Thus, if the aim is to enhance the
anti-tumour effect of ICIs, converting “cold” tumours into “hot” tumours by US-mediated
cavitation is an attractive strategy.
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4. Discussion

It is clear from the reported data that US-mediated cavitation can affect anti-tumour
immunity in several ways, even without the administration of additional therapeutics,
although the responses are mostly transient. Furthermore, evidence suggests that cavitation
can contribute to enhancing the efficacy of ICIs. However, gaining a better understanding
of how cavitation increases the therapeutic effect of ICIs is essential for both improving
upon and developing new treatment approaches.

With the sparse data available, there are likely still multiple immunological effects
of cavitation that remain undefined. Thus, to achieve the most optimal effect of US-
mediated cavitation in combination with ICIs, it would be valuable to further explore
what immunological effects cavitation may induce. Previous studies have begun to profile
the negative and positive effects of cytokines and chemokines on prognosis following
ICI treatment [66,67], and there are some studies indicating that cavitation can affect
cytokine presence [43]. Defining the impact of the type and duration of cavitation on
the release of chemokines and cytokines could help link cavitation outputs to potential
ICI efficacy. Similarly, assessing the effect of cavitation on cancer-associated fibroblasts
or NK cells could be interesting since they both have important roles in anti-tumour
immunity [68,69].

More importantly, whether there is a direct relationship between the oscillation regime
and the biological and immunological effects remains to be elucidated. It is currently
unclear whether the gentle oscillation or violent collapse of bubbles is more favourable
to achieve certain immunological effects like DAMP release, immune cell migration, and
change in cellular activity such as TAM polarisation. It is suggested that the microjets
that arise from the violent collapse of bubbles can cause irreversible cell damage and
necrotic cell death [70], which would consequently result in the release of DAMPs and
TAAs. However, stressed cells are also known to release DAMPs [71], and thus shear stress
generated by microstreaming from oscillating bubbles can also explain the observed DAMP
release. Furthermore, Matsuura reported the detection of broadband noise while observing
a reduction in perfusion [72], suggesting that violent collapse might be responsible for the
shutdown of blood flow. However, the type of oscillation regime has not been confirmed
for the enhanced tumour perfusion observed by Li et al. [33].

In regards to tumour vasculature, there are advantages and disadvantages to both
vascular effects caused by cavitation. First, anti-vascular effects can cause tissue necrosis to
activate immune responses and produce numerous antigens to induce APC maturation [73].
However, vascular disruption will also restrict the access of immune cells and therapeutic
drugs. Thus, it is important for future studies to determine the long-term vascular effects
of cavitation and assess blood flow immediately before tumour excision. Additionally, it is
important to consider the sequencing and timing of US exposure and drug administration.
On the other hand, cavitation that causes enhanced perfusion has the disadvantage of
potentially not eliciting a strong immune response due to lack of DAMP and TAA release.
In these situations, it is useful to know which bubble behaviour causes which vascular
effect to ensure that the desired effect is achieved.

Notably, bubble behaviour is not only dependent on US parameters such as frequency,
PNP, pulse repetition frequency, and sonication duration but also the characteristics of the
CAs, such as their size, composition, and concentration [74]. Additionally, the tumour type,
location, and environment will affect the bubble oscillation and the subsequent physical
mechanisms. Thus, passive cavitation detection, i.e., monitoring cavitation behaviour, is an
essential tool in terms of uncovering which bubble behaviour is dominant and desirable
for certain biological and immunological effects [32,75–77]. Yet, only one paper in Section 2
assessed cavitation levels, allowing Bulner et al. to report which acoustic emissions were
dominant [34], although Joiner et al. confirmed the presence of CAs in tumours after
treatment by contrast enhanced imaging. Thus, it would be beneficial if future studies
included passive cavitation detection to provide more details about the oscillation regime.
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Moreover, a better understanding of the level, type, and intratumoural location of
cavitation events will not only be of vital importance in optimising the efficacy of this
approach but also its safety as it progresses to the clinic. Indeed, technology that allows a
clinician to verify and map the level and type of cavitation taking place during treatment
of a patient with US+CA+ICI will be of huge benefit. However, it is noteworthy that
the recorded frequency content should be interpreted with care: although the violent
oscillation of bubbles (inertial cavitation) emits broadband signals, the range of bubble sizes
is continually changing, and this can also produce acoustic emissions with a wide range
of frequencies [78]. Moreover, harmonic frequencies may be produced both by non-linear
propagation and oscillating bubbles [79].

5. Conclusions

This review attempts to give an overview of some of the biological effects that cavi-
tation may induce to promote an anti-tumour immune response and how cavitation may
be combined with checkpoint inhibitors. The aforementioned papers suggest different
ways US-mediated cavitation can enhance immune cell presence and activity in tumours,
including DAMP and tumour antigen release, vascular modification, and the alteration
of cellular activity. However, due to the limited number of studies and each of them
either using different tumour models and tumour stages, treatment protocol, immune cell
markers, or US parameters, it is difficult to draw any specific conclusions on how cavitation
may reverse immune escape.

Compiling additional reproducible studies would be beneficial and improve the
understanding of cavitation-mediated immunomodulation. Moreover, most studies do
not report which oscillation regime is dominant or fully define the level and location of
cavitation. By gaining a better understanding of which physical mechanisms trigger the
desired anti-tumour immune responses, it may be easier to choose US parameters that ICIs
and other immunotherapeutic drugs will benefit from the most and help achieve consistent
results. A particular emphasis on how cavitation may turn “cold” tumours “hot” and
thereby widen the clinical response to ICIs will be key.
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Abbreviations

ATP Adenosine triphosphate
APC Antigen-presenting cell
aPD-L1 Anti-programmed death ligand 1
aPD-1 Anti-programmed cell death protein 1
CA Cavitation agent
CEC CD71+ erythroid progenitor cell
CTL Cytotoxic T lymphocyte
CTLA-4 Cytotoxic T lymphocyte-associated protein 4
DAMP Damage-associated molecular pattern
DC Dendritic cell
HSP Heat shock protein
HMGB1 High-mobility-group box 1
HPF High power field
ICI Immune checkpoint inhibitor
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irAE Immune-related adverse effect
IFN-γ Interferon gamma
IL Interleukin
MHC Major histocompatibility complex
MB Microbubble
MDSC Myeloid-derived suppressor cell
NK Natural killer
OVA Ovalbumin
PNP Peak negativepressure
PD-L1 Programmed death ligand 1
PD-1 Programmed cell death protein 1
Treg Regulatory T
TNF-β Transforming growth factor beta
TAA Tumour-associated antigen
TAM Tumour-associated macrophage
TME Tumour microenvironment
TNF-α Tumour necrosis factor alpha
TSA Tumour-specific antigen
US Ultrasound
VEGF Vascular endothelial growth factor
VEGFR Vascular endothelial growth factor receptor
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