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Abstract 

Nanoparticles have proven promising as cancer theranostic tools. Nanoparticles are selective 

in nature, have reduced toxicity, and controllable drug release patterns making them ideal 

carriers for anticancer drugs. Numerous nanocarriers have been designed to combat 

malignancies, including liposomes, micelles, dendrimers, and, more recently, metal organic 

frameworks. The temporal and spatial release of therapeutic agents from these nanostructures 

can be controlled using internal and external triggers, including pH, enzymes, redox, 

temperature, magnetic and electromagnetic waves, and ultrasound. Ultrasound is an attractive 

modality because it is non-invasive, can be focused on the diseased site, and has a synergistic 

effect with anticancer drugs.  This review will focus on the use of ultrasound-mediated 

liposomes and polymeric micelles in cancer therapy. 

Keywords: Nanomedicine, liposomes, polymeric micelles, drug delivery, ultrasound, cancer 

therapy. 

1. Introduction

Cancer, one of the leading causes of mortality globally, is characterized by an abnormal 

and uncontrollable growth of cells, forming tumors (1, 2). Treatment options depend on the 

stage of cancer development. In its early stages, surgery and radiation are often used to 

eradicate local tumors (3). However, these methods are ineffective for late-stage cancers, 

especially when metastasis has occurred. In advanced cancers, chemotherapy is the primary 

choice of treatment (4–9). Chemotherapy uses powerful chemicals to kill fast-growing cells. It 

is given to patients with a curative intent or to prolong life and/or reduce symptoms(10, 11). 
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The main limitation of chemotherapy is its lack of selectivity, as it affects healthy and 

malignant cells indiscriminately. As a result, chemotherapy has many undesirable and often 

severe side effects such as fatigue, hair loss, anemia, nausea, fertility problems, and other side 

effects that significantly reduce the quality of life of cancer patients  (12–15). Nanoscale (10-

200 nm) smart drug delivery systems can be utilized to minimize the chemotherapeutic side 

effects while enhancing the efficacy of the treatment (16–21). Nanocarriers include liposomes, 

micelles, shelled vesicles, solid lipid particles, quantum dots (QDs), carbon nanotubes (CNTs), 

metal organic frameworks (MOFs), etc. Loading anticancer drugs into nanocarriers can reduce 

their toxicity and associated side effects, increase their stability, extend their blood circulation 

time, and allow for controlled drug release. Moreover, their nanoscale size allows them to 

accumulate at the tumor site due to the  irregular nature of tumor endothelia, a phenomenon 

known as the enhanced permeability and retention (EPR) effect (22–25).  

In this article, we will review key advances in liposomes and polymeric micelles, and their 

role in ultrasound-mediated drug delivery to cancerous tissues. 

1.1. Ultrasound mediated drug delivery 

Ultrasound (US) waves are mechanical waves with frequencies higher than the audible 

range (>20 kHz). Due to its nonionizing and non-invasive nature, US found numerous 

applications in the medical field, e.g., imaging, lithotripsy, focused US surgery, and tumor 

ablation. US has also shown great promise in the field of targeted drug delivery, particularly 

cancer (26, 27).  US is advantageous in drug delivery because it (28, 29):  

1. Amplifies the release of the drug: US or acoustically-activated drug delivery utilizes 

the thermal (hyperthermia) and mechanical properties of US (cavitation and micro-

streaming) to amplify/enhance/trigger drug release (30) (31). One of chemotherapy’s 

primary limitations is its nonspecific therapeutic effect resulting in damage to healthy 

and cancerous cells. To overcome this shortcoming, US-mediated drug delivery 
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specifically focuses acoustic power on the targeted diseased area, thus enhancing drug 

release and specificity (32). 

2. Facilitates specific drug accumulation at the targeted site: Multidrug resistance (MDR) 

is a major challenge in cancer treatment, which can limit the effectiveness of 

chemotherapy and is responsible for the overall low efficacy of drug therapies. Several 

mechanisms contribute to MDR including, membrane efflux pumps (namely ATP-

binding cassette (ABC) transporter proteins), mutations of oncogenes rendering them 

resistant to chemotherapeutic treatments, the ability of cancer cells to adapt and 

manipulate their microenvironment such that it supports their growth, survived cancer 

stem cells (CSCs) that resist conventional therapies, and activated cell growth factors 

(33, 34). Recently, the use of nanoparticles (NPs) as drug delivery systems has been 

investigated to overcome the MDR phenomenon in solid tumors. Studies have shown 

that the US enhances the permeability of tumor tissues and mediates the disruption of 

NPs, hence releasing the drug and exposing cancer cells to these anti-neoplastic agents 

(35) (31). 

3. Enhances the permeability of NPs, hence aiding in the release of their therapeutic 

contents: The most significant limitation in nanoparticle-mediated chemotherapy is 

insufficient and uneven uptake of nanocarriers into tumor tissues (36).  US-induced 

hyperthermia can help increase the uptake of nanocarriers by increasing the 

permeability of tissues and vessels in the tumor. In addition, shock waves and micro-

jets caused by the collapse of cavitation bubbles, i.e., sonoporation, can generate pores 

in the tumor vasculature, which enhance the extravasation of nanocarriers and 

subsequent delivery of therapeutics to the tumor site (27, 34). 

1.2. Ultrasound-sensitive nanoparticles 

The use of US as a triggering mechanism for NPs shows promise in cancer treatment 

applications because it is non-invasive, and facilitates the specific delivery of 



4 
 

chemotherapeutics to tumor sites thus minimizing the adverse systemic side effects on healthy 

tissues, refer to Figure 1. Release from US-responsive nanocarriers can be due to the thermal 

effects of US, mechanical effects of US, or a combination of both (26).   Several studies have 

reported how US and NP interactions can trigger various cellular pathways, which can be 

therapeutically exploited. The following discussion presents examples of the research work 

focused on US-responsive nanocarriers in cancer therapy, with a special focus on US-triggered 

micelles and liposomes (19, 21, 37–41). 

 

 

Figure 1. Types of nanocarriers 

1.2.1. Ultrasound-responsive dendrimers  

Dendrimers are hyperbranched, nanosized molecules consisting of a core from which 

dendrons (branches of other atoms) are projected through various chemical reactions (42). 

Drugs, and other materials can be incorporated into dendrimers through several methods such 

as encapsulation, conjugation, or complexation. Drug-dendrimer complexes have shown drug 

delivery capabilities because of their high solubility, reduced systemic toxicity, and selective 

accumulation in solid tumors [18].  In a study by Huang et al. (43), a polyamidoamine 
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dendrimer coupled with sonophoresis was used to improve the transdermal absorption of 

diclofenac (DF). The DF permeation study results showed that the developed system has the 

potential to enhance the permeation of DF through the skin.  The cumulative drug permeated 

through the skin was  56.69 µg/cm2 for the DF gel alone, 257.3 µg/cm2 for the DF-dendrimer 

complex without sonophoresis, and 935.21 µg/cm2 for the DF-dendrimer system with 

sonophoresis after 24 hours. Manikkath et al. (44) demonstrated enhanced transdermal 

permeation of PAMAM dendrimers delivering ketoprofen with low-frequency ultrasound 

(LFUS).  

1.2.2. Ultrasound-responsive gold nanoparticles 

Gold nanoparticles (Au NPs) are nanosized gold particles that have been widely employed 

in bio-nanotechnology applications. Due to their biocompatibility, ability to permeate through 

skin, and capacity to generate heat with laser excitation, Au NPs have shown great promise as 

drug delivery vehicles (45). A study by Kang et al. (46) utilized Au NPs coupled with DNA, 

aptamers, and doxorubicin (DOX) for US-mediated targeted drug delivery. Enhanced cellular 

uptake of DOX was observed with the treatment of high-intensity focused ultrasound (HIFU). 

Another study by Brazzale et al. (47) investigated the use of Au NPs coated with PEG and folic 

acid (FA-PEG-GNP) to target two cancer cell lines (KB and HCT-116), followed by exposure 

to US at 1.866 MHz for 5 min. The in vitro studies showed significantly reduced cell growth 

and proliferation together with the significant generation of reactive oxygen species (ROS).  

1.2.3. Ultrasound-responsive metal organic frameworks 

Metal organic frameworks (MOFs) are self-assembling metal ions surrounded by organic 

‘linker’ molecules. MOFs have high loading capacities and are biocompatible and hence are 

candidates for drug delivery applications. Ibrahim et al. (48) synthesized a new MOF using 

iron nitrate and 2,6-naphthalenedicarboxylic acid using two methods, microwave irradiation 

(Fe-NDC-M) and solvothermally using a conventional electric oven (Fe-NDC-O). The results 

of the characterization tests indicated that the synthesized Fe-NDC-MOFs are within the size 
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range to take advantage of the EPR effect, and hence could be useful as a drug carrier system. 

A study by Pan et al. (49) utilized porphyrin-like metal centers (PMCS) to increase the 

sonosensitivity of a MOF-derived carbon nanostructure. The occurrence of acoustic cavitation 

was caught by high-speed camera and was attributed to cavitation bubbles and microjets. The 

MOF and US treatment resulted in an 85% tumor inhibition efficiency, creating a promising 

mode of cancer therapy. 

1.2.4. Ultrasound-responsive microbubbles 

US and gas-encapsulated microbubbles can be utilized to temporarily form pores and 

enhance the permeability across biological barriers such as vessel walls, cell membranes,  and 

the blood brain barrier (BBB), in a process known as sonoporation (50). Treat et al. (51) 

exhibited reduced tumor growth and prolonged survival times in US-mediated microbubble 

treatment with DOX in a mouse brain tumor model. Ting et al. (52) validated the results of 

Treat et al. (51); his study reported minimized systemic drug toxicity. Despite promising in 

vivo results, the specific mechanism of sonication and microbubble drug delivery have yet to 

be applied clinically.  

1.2.5. Ultrasound-responsive micelles 

Micelles are unilamellar vesicles made of amphiphilic polymeric molecules with a 

hydrophobic core hidden inside the structure and a hydrophilic shell directed outwards with a 

size range of 10-100 nm (53, 54). Drugs can be loaded into micelles either through chemical 

covalent bonding or through physical encapsulation. (55–57). Micelles have many advantages 

as drug delivery carriers, including ease of preparation, stability under physiological 

conditions, prolonged shelf-life, extended circulation time in blood and biological fluids, 

increased bioavailability, and enhanced pharmacokinetics and biodistribution properties. 

Polymeric micelles (PMs) spontaneously form from amphiphilic copolymers when dispersed 

in aqueous media and have been extensively researched for the delivery of hydrophobic drugs 

(58–62). PMs have several advantages over surfactant micelles, such as enhanced stability, 
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longer retention times, and  controlled drug release. Block copolymer micelles are a promising 

class of MPs formed by conjugating a homopolymer to one or more homopolymers. In 

addition, PMs composed of Pluronic® block copolymers have gained special attention in cancer 

drug delivery because they can inhibit P-glycoprotein (Pgp)-mediated efflux, a process 

associated with MDR. Examples of PMs formed using Pluronic® block copolymers include 

triblock copolymers of poly (ethylene oxide) (PEO) and poly (propylene oxide) (PPO), often 

denoted by PEO-PPO-PEO (63). 

To enhance the interactions between PMs and tumor cells, a wide variety of targeting 

molecules can be used to functionalize their surfaces. Targeting molecules include proteins 

(e.g., transferrin, albumin, and affibodies), peptides (e.g., F3 peptide, RGD, sKLWVLPK, and 

aptides), antibodies and antibody fragments (F(ab)/2, F(ab/), and scFv), small molecules (e.g., 

folic acid),  and nucleic acid-based ligands such as the A10 and A9 CGA aptamers (55).  

1.2.6. Ultrasound-responsive exosomes 

Exosomes are small (with a size range of 40–160 nm) extracellular vesicles involved in 

various biological processes (64). Exosomes are composed of different lipids and proteins 

derived from the parent cells. Moreover, the composition of exosomes and their cargo 

determine their biological function, the elimination of unnecessary proteins and RNAs, 

coagulation, inflammation, transfer of horizontal miRNAs and angiogenesis (64, 65). In 

addition to these biological functions, exosomes are associated with several diseases, including 

Parkinson’s disease, Huntington disease, myocardial infarction, human immunodeficiency 

virus (HIV), and cancer. Currently, extensive research has been dedicated to utilizing exosomes 

as drug delivery vehicles. Exosomes are appealing as nano-vehicles because they intrinsically 

possess the desirable features of an ideal drug delivery system, such as a long-circulating half-

life, specificity, biocompatibility, stability in blood and serum, ability to deliver their cargo to 

specific targets over a long distance, reduced clearance rate, facilitated cellular uptake and 

minimal or no inherent toxicity issue (65, 66). 
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Several studies have explored the use of exosomes as drug delivery systems; for instance, 

Sun et al. (67) investigated UTMD assisted exosome delivery to the heart, adipose tissue, and 

skeletal muscles.  DiR-labeled exosomes  with/without UTMD of SonoVueTM microbubbles 

were injected into the tail vein of mice and followed by in vivo and ex vivo tracking of these 

nanocarriers. Fluorescence imaging and confocal laser scanning microscopy showed that 

the targeted destruction of SonoVueTM microbubbles using US significantly increased exosome 

endocytosis in the heart and adipose tissue region. Liu et al. (68) studied the use of 

sonodynamic therapy to guide the delivery of homotypic tumor cell-derived exosomes loaded 

with sinoporphyrin sodium (EXO-DVDMS). Results showed that EXO-DVDMSs enabled the 

simultaneous imaging and tumor metastasis inhibition, which were found to be 3-fold and 10-

fold higher than that of free DVDMS, respectively.   

1.3. Ultrasound-responsive micelles in cancer therapy  

US is a powerful modality for spatial and temporal control of drug delivery.  As mentioned 

earlier, US-mediated release from nanocarriers occurs as a response to either the thermal or 

cavitational effects of US. Hydrophobic drugs are encapsulated in the micellar  core which is 

held together by hydrophobic interactions; therefore, an increase in temperature would 

strengthen these bonds; therefore, a different approach is needed to imbue micelles with 

temperature responsiveness. One way to address this issue involves incorporating thermo-

responsive blocks, such as poly(N-alkylacrylamide) compounds into the micellar structure. 

Another approach consists of polymerizing temperature-responsive lower critical solution 

temperature (LCST) hydrogels inside micellar cores (26, 69).  

With respect to release induced by the cavitational effects of US, Pitt, Rapoport, Husseini 

et al. (70) pioneered the work in the field of US-mediated micellar drug delivery (28, 29),(71–

74). Rapoport and Pitt (75) studied US-triggered drug delivery from Pluronic P105 PMs. The 

results showed that US triggering of  micelles could help reduce the adverse side effects 

associated with the high doses of the chemotherapeutics usually administered to cancer 
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patients. In another study, Pitt, Husseini, and Kherbeck (76) investigated LFUS-induced DOX 

release from folate-conjugated Pluronic P105 micelles. The results showed that the percent 

drug release increases with increasing US power intensity. The studies above have reported on 

the ‘physical’ release mechanism of micelles triggered by acoustic cavitation. They observed 

that in the absence of US, micelles reassemble, re-encapsulating their payload in the process  

(77). Pitt, Rapoport, Husseini et al. (78)  also studied the administration of different stabilized 

and non-stabilized micelles on several cancer cell lines. Furthermore, Husseini et al. (73) used 

real-time fluorescence detection to monitor the acoustically prompted release of drugs from 

PMs under continuous and pulsed US in a frequency range of 20–90 kHz. Marin et al. (79, 80) 

also studied the effect of continuous-wave and pulsed US on DOX uptake by HL-60 cells from 

PM solutions. When sonicated, micelles released their contents due to the presence of 

collapsing bubbles; the drugs were later re-encapsulated when the US was turned off. In another 

study by Marin et al. (81), a significant amount of release was observed when high-intensity 

focused ultrasound (HIFU) was applied to DOX-loaded micelles. Additionally, Husseini et al. 

(72, 81, 82) investigated the role of cavitation in US-triggered drug delivery, and their findings 

confirmed that cavitation was behind the release phenomenon (72). Contrastingly, Diaz de la 

Rosa et al. (83) observed no DOX release from non-stabilized micelles at 500 kHz.  Another 

research group (84) found that LFUS was capable of releasing hydrophobic markers from PMs 

in a better fashion than that induced by the thermal effect. 

Stevenson-Abouelnasr et al. (85, 86) conducted studies to determine the mechanism and 

kinetics of DOX release from Pluronic P105 micelles in the presence of US; and proposed the 

following mechanism: micelle destruction, destruction of cavitating nuclei, reassembly of 

micelles, followed by the re-encapsulation of DOX. Staples et al. (87) investigated DOX 

release from Pluronic P105 micelle using two different US frequencies (namely, 20 kHz and 

476 kHz) in colorectal epithelial cell line as well as in a xenograft rat model. Combining US 
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application with micelles was effective in reducing the tumor growth rate, at both tested 

frequencies.  

Regarding carrier design, a major drawback for P105 micelles is their instability upon 

dilution. To overcome this issue, Rapoport et al. (88) proposed three solutions: (1) the radical 

crosslinking of micelle interiors; (2) introducing vegetable oil into the Pluronic solutions, and 

(3) the polymerization of temperature receptive LCST hydrogel in the core of PMs, termed 

NanoDeliv™. Out of these three solutions, dense Plurogel micelles showed the most significant 

increase in uptake of drugs in the presence of US waves. Husseini et al. (81, 82, 89) prepared 

P105 micelles with N,N-diehtylacrylamide, NanoDeliv™ . The results revealed that stabilized 

micelles released almost 2% DOX within two seconds of exposure to 70 kHz US (90). Zeng 

and Pitt (91) prepared  PMs made up of an amphiphilic copolymer, poly(ethyleneoxide)-b-

poly(N-isopropylacrylamide-co-2-hydroxyethyl methacrylate-lactaten). The synthesized 

micelles had a half-life of about 48 hours at 40 °C and were able to release around 4 % of their 

DOX content at body temperature upon exposure to US. Another study from Husseini et al. 

(92) established that US with frequencies between 70 and 476 kHz can disrupt the covalent 

networks of stabilized NanoDelivTM micelles. However, there was no statistically significant 

difference in release after US exposure at both frequencies. In 2013, Husseini et al. (93) 

determined that folate-targeted Pluronic P105 micelles encapsulating DOX could acoustically 

release almost 14 % of the drug when insonated. Chen et al. (94) reported that Pluronic mixed 

micelles consisting of Pluronic P105 and F127 enhanced the antitumor activity of methotrexate 

(MTX) and are promising drug delivery platforms for MDR modulation in the MDR tumor 

cells A-549 and KB cells and the sensitive tumor cells H-460. Another study reported that 

encapsulated curcumin was released from Pluronic P123/F127 micelles by focused ultrasound, 

resulting in US-triggered drug release with a longer circulation time and increased cellular 

uptake, which translated to more than a six-fold tumor regression in the in vivo model (95). 
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Sonodynamic therapy (SDT) is a treatment against solid tumors combining a sonosensitive 

drug and HIFU to generate cytotoxic ROSs in and around cancer cells. In 2017, Maeda et al. 

(96) developed anticancer micelles, NC-6300, loaded with Epirubicin (EPI) through an acid-

labile hydrazone bond. The developed system exhibited antitumor effects upon triggering with 

low energy HIFU in mouse models. Horise et al. (97) studied the efficiency of NC-6300 

micelles and high-frequency ultrasound (HFUS) in treating spontaneous tumors in pet dogs. 

The US parameters used were 1-MHz frequency with a focal length of 120 mm, an outer 

diameter of 120 mm, and an inner diameter of 40 mm. The results showed that anticancer 

micelles, NC-6300, encapsulating EPI accumulated in tumor cells via ROS generation and the 

enhanced permeability and retention (EPR) effect. Another study detailed combing NC-6300 

and HIFU as a useful approach for the production of hydroxyl radicals was enhanced with TP-

HIFU (at a frequency of 1.09 MHz) (98). The infrared spectroscopic investigation of US-

mediated disruption of micelles composed of a diblock copolymer demonstrated the occurrence 

of carboxylic acid dimers and hydroxyl groups, which involved the cleavage of THP groups 

by HIFU triggered hydrolysis. The interruption of PEO-b-PTHPMA micelles by US further 

showed the potency of HFUS at penetrating block copolymer micelles with labile chemical 

bonds (37). 

In 2009, a new concept was developed for drug release using US; this concept involved 

the irreversible release of the micellar payload through US-mediated chemical disruption of 

micelles (99). In this method, micelles comprised of amphipathic block copolymers are 

degraded by US exposure because the latter creates an imbalance between the hydrophobic and 

hydrophilic structure of micelles, hence releasing  the internalized payload. Zhang et al. (99) 

synthesized micelles composed of the amphiphilic block copolymer PLA-b-PEG encapsulating 

the model drug Nile Red. HIFU was used as a contactless and remote-controlled method to 

triggering the release of the entrapped Nile Red from micelles. The irreversible release of Nile 
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Red from the developed micellar system was attributed to the degradation of the PLA-b-PEG 

chain due to transient cavitation events at the HIFU focal spot.  Li et al. (100) used HIFU to 

release pyrene from redox-responsive PEG S-S-PLA micelles. When exposed to HIFU, pyrene 

release reached around 90% in 10 minutes at a power of 80 W, whereas the release was 

significantly slower when the micelles were exposed to a GSH reducing agent only.  

Table I below presents a summary of some studies focused on US-induced drug release 

from PMs. Non-Pluronic micelles have also been investigated for US-triggered release. Table 

II presents several relevant studies, while Table III presents micellar anticancer treatments 

currently undergoing preclinical and clinical trials.   

1.4. US-responsive liposomes in cancer therapy 

Liposomes are artificial phospholipid vesicles with an aqueous core compartment enclosed 

by a lipid bilayer membrane. The phospholipids of the bilayer are arranged such that their 

hydrophobic tails are facing each other while their hydrophilic heads face the aqueous core 

(101–103). The phospholipids making up liposomes can be commonly found in nature, such 

as in soybean and egg yolks; however, these are difficult to use in clinical settings due to their 

instability and contamination risks (104). Therefore, synthetic phospholipid derivatives such 

as 1,2 dipalmitoyl-sn-glycerol-3-phosphoglycerol (DPPG), di-palmitoylphosphatidylcholine 

(DPPC), and hydrogenated soy phosphatidylcholine (HSPC), are favorable to synthesize 

liposomes (104). 

Liposomes are biologically inert and biocompatible, rarely produce toxic or antigenic reactions, 

protect the drugs enclosed within their structure from external factors, and can deliver their 

contents inside cells and even inside different cell compartments, refer to Figure 4 (105, 106). 

The three main classifications of liposomes are unilamellar vesicles (ULVs, 25 nm - 1 μm) 

(107–109), multi-lamellar vesicles (MLVs, 0.1-15 μm) (110, 111), and multi-vesicular vesicles 

(MVVs, 1.6-10.5 μm) (112–114). ULV liposomes are further classified into two subcategories, 
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which are large unilamellar vesicles (LUVs, 100 nm – 1 μm) and small unilamellar vesicles 

(SUVs, 25-50 nm), refer to Figure 2. The size and lamellarity affect the amount of drug 

encapsulation in liposomes and the circulation half-life in the body (115). 

 

Figure 2. Classification of liposomes based on size and lamellarity. 

 

Although liposomes are considered superior to other drug delivery systems in many ways, 

they suffer from short circulation times and low biodistribution (116) (117). The short 

circulation time of these nanocarriers can be attributed to several factors, including the size and 

recognition by the immune system. Small liposomes of 5 nm or less can efficiently extravasate 

into tumor tissue, but are rapidly filtered by the kidneys, drastically decreasing their circulation 

time (24, 118). Increasing the size of the liposomes enhances their circulation time by slowing 

down kidney filtration, while still allowing for diffusion into tumor sites via pores and defects 

in angiogenic vessels (116). With regard to recognition by the immune system, since liposomes 

are foreign bodies, they are susceptible to recognition and tagging by opsonins, which 

accelerate phagocytosis (24). A solution for this problem is coating the surface of the liposome 

with inert, biocompatible polymers, such as polyethylene glycol (PEG) (119).  
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The bio-distribution of liposomes can be improved by active targeting (conjugating a 

moiety to the surface of the nanocarriers), which exhibits a specific affinity towards receptors 

overexpressed on cancer cells, refer to Figure 3 (120). Furthermore, the release of liposomal 

contents can be controlled and enhanced using external stimuli, as the liposomes would 

circulate throughout the body, but destabilize and release its contents once exposed to a 

stimulus (121). This stimulus could be internal such as pH, temperature, redox agents or the 

expression of certain enzymes, or external such as temperature, US, light, magnetic and electric 

field. 
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Table I. Studies investigating the acoustically triggered drug release from polymeric micelles 
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Table II. Overview of Non-Pluronic Ultrasound-Responsive Micelles 

 

Table III. Ultrasound-Responsive Micelles under clinical trial 
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Figure 3. Functionalization of the liposomal surface. 

 

 

Figure 4. Advantages of liposomal drug delivery. 
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As mentioned earlier, US waves can trigger liposomal release through localized thermal 

effects (hyperthermia), or mechanical effects (cavitation of micro-bubbles) (72, 73, 122). US 

frequency, pulse duration, and intensity parameters need to be optimized when using US in 

drug release for treating cancer. The intensity of the US usually varies per application; low-

intensity US triggers release from liposomes through mild cavitation and increasing porosity, 

while high-intensity US triggers release from liposomes due to US-induced hyperthermia and 

cavitational effects (29, 123, 124). The presence or formation of microbubbles in liposomes is 

important towards the success of US in triggering drug release. The interaction of US with 

liposomes is aided via the presence or the consequential formation of gas micro-bubbles either 

inside or in close proximity to the liposomes (74). To improve the number of cavitation nuclei, 

emulsions prepared from perfluorocarbons, could be incorporated into the liposome’s core or 

attached/conjugated to its surface (74, 125). These existing or recently formed microbubbles 

contribute to transient cavitation effects. When these bubbles oscillate with high amplitudes, 

which exceed their equilibrium radii values, the bubbles expand rapidly then collapse abruptly, 

generating an instantaneous local rise in pressure and temperature (up to 1000 atm and 5000 

K) (126–128). In addition, the violent collapse of cavitation bubbles generates microjets 

traveling at a high velocity, pushing the nearby surfaces and thus enhancing mass transfer or 

aiding in enhancing the porosity of the nano-vehicles (129). Collapse cavitation depends on the 

type of gas enclosed in the bubble, the size of the bubble, and the US power density and 

frequency. Low-frequency and high-power density US are favored to generate collapse 

cavitation. Therefore, for US-mediated drug carriers, acoustic parameters should be optimized 

for stimulating the drug release while evading detrimental damage to cells and tissues (74, 

130). Compared to HFUS (1–3 MHz), LFUS (20–100 kHz) can be a more effective to trigger 

and sustain release, because it has a deeper penetration capacity into tissues (41).  The main 

drawback of using LFUS is that it is difficult to focus on the tumor site.  
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Acoustically active liposomes, such as bubble liposomes and echogenic liposomes, 

contain a gaseous phase, which is responsive to ultrasonic waves. These liposomes are prepared 

by conjugating gas bubbles to the exterior of the liposome. These acoustic bubbles can be 

activated by applying stress and through ultrasonic cavitation, creating small pores in the 

liposomal membrane, hence enhancing permeability and enabling the dismantling of the entire 

liposome (131) (132). Research has revealed that T-cell dependent tumor growth can be 

suppressed using bubble liposomes and sonoporation for IL-12 corded plasmid DNA delivery 

(133). However, due to its micron size, echogenic liposomes are favored over bubble liposomes 

(134). Pitt and colleagues (135–137) developed emulsion liposomes (eLiposomes) and tested 

the effects of US on their release. Their studies indicated that by applying US, emulsion 

droplets would convert from the liquid phase to gaseous phase,  rupturing the lipid bilayer of 

these novel nanocarriers to release their payload (135–137). Another category of US-

responsive liposomes consists of small liposomes with larger gas bubbles. These liposomes are 

typically about 100 nm and are loaded with anticancer agents, whereas the bubbles are 

around1–3 μm and encapsulate a perfluorocarbon gas (138, 139). Upon sonication, the bubble 

cavitates aggressively, and the subsequent shear waves disrupt nearby vesicles and release the 

encapsulated contents. 

Evjen et al. (140) investigated US-sensitive 1,2-dioleoyl-sn-glycero-3-

phosphatidylethanolamine  (DOPE) liposomes containing DOX. The synthesized liposomes 

had a size range of 84-88 nm and showed more than 90% Dox release in vitro. In 2011 another 

study by Evjen et al. (141) reported a strong association between US sensitivity and non-bilayer 

forming lipids, as DOPE liposomes showed a higher sonosensitivity and higher stability 

compared to distearoylphosphatidylethanolamine (DSPE)-based liposomes in the release of 

calcein. In a study involving eLiposomes, Lattin et al. (136) reported that eLiposomes were 

found to be more effective in killing cancer cells. In a study by Evjen et al. (142), liposomes 

composed of DOPE and hydrogenated soy L-α-phosphatidylcholine (HSPC) demonstrated 



23 
 

high sonosensitivity. Whereas, DOPE-based liposomes had a remarkable change in size and 

morphology after US, leading to the complete disruption of the liposome and maximum drug 

release; HSPC liposomes were unaffected in size and structure even after US pore-mediated 

release. Graham et al. (143) showed that liposomes whose formulations contain a high ratio of 

DSPE released up to 30% of their payload following 0.5-MHz US exposure in vitro. 

Furthermore, in their in vivo model, the liposomes showed an almost 16-fold increase in 

payload release within tumors. Xin et al. (144) demonstrated that PLGA NPs prepared using 

the emulsion solvent evaporation method containing Mitoxantrone (MXT) increased the 

antitumor efficacy and decreased serious side effects. This system combined the stability of 

liposomes and the rapid release triggered by HFUS. It exhibited decent stability under test 

conditions simulating the physiological environment and fast, responsive relief under US. 

Geers et al. (145) showed that liposome-loaded microbubbles were capable of killing human 

melanoma cells by improved DOX release upon sonication with LFUS. Evjen et al. (146) 

showed that AlPcS₄(infrared fluorochrome Al III Phthalocyanine Chloride Tetrasulphonic 

acid) encapsulated in liposomes was released upon exposure to 1.1-MHz US. The fluorescence 

levels in prostate cancer xenografted mice increased significantly in the US-treatment group, 

while no change in fluorescence was in group treated with HSPC-liposomes only. Recently 

Wrenn et al. (147) synthesized SF6 microbubbles, coated with a 95% DSPC/5% DSPE PEG-

3000 monolayer, and nested within liposomes. Calcein release was induced using 20-kHz 

LFUS and was monitored as a function of US pressure. The findings of the study showed that 

the calcein release occurred with and without the incorporation of microbubbles into the 

liposomal core. S. Hayashi et al. (148) significantly inhibited the tumor growth rate in a 

metastatic hepatic mouse model treated with liposome-mediated interferon-beta gene therapy 

combined with US (1MHz). Anwer et al. (149) applied US treatment with IL-12 liposomes in 

SCCVII tumor-bearing mice. The in vivo study results showed significantly higher levels of 
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IL-12 in the tumor and increased inhibition of the tumor growth rate in SCCVII-tumor-bearing 

mice.  

Echogenic immunoliposomes are newly developed nanocarriers combining the advantages 

of immunoliposomes with the echogenicity or US-responsiveness of microbubbles. Wallace et 

al. (147) synthesized echogenic immunoliposomes by conjugating echogenic liposomes with 

bevacizumab, a tumor-targeting antibody. The developed liposomes showed high bevacizumab 

penetration in ex vivo carotid arteries when treated with BEV-ELIP and color-Doppler US. 

Klegerman et al. (150) extended the aforementioned experiment to human umbilical vein 

endothelial cell (HUVEC) cultures. A study by Zolochevska et al. (151) utilized US and 

microbubble enhanced cytokine (pORF-mIL-27) delivery for the treatment of prostate cancer. 

The developed system resulted in a reduction of prostate tumor in murine prostate cancer cell 

lines, TRAMP-C1 and TRAMP-C2. Oda et al. (152) investigated a melanoma-derived antigen 

delivered using microbubbles and US. Their findings showed a decreased melanoma lung 

metastasis frequency in the B16/BL6 melanoma cell line and lung metastasis mouse model. 

Shi et al. (153) utilized microbubbles and US to deliver regulatory T cells (Foxp3-

miRNA/shRNA) to patients with HCC, resulting in a decreased ratio of regulatory T cells and 

CD4+ T cells and suppressed tumor growth. The same group used SonoVue® microbubbles 

and US to deliver CCD4+CD25+ regulatory T cells (Tregs) in hepatocellular carcinomas, 

which resulted in increased Tregs proliferation (154). Definity® liposomes, consisting of NK 

cells (NK-92), were used in conjunction with focused US to treat human HER2-expressing 

MDA-mB-231 breast tumor cells (155). The study resulted in HER2-specific NK92 cells 

accumulating at the tumor site, suppressed tumor growth, and increased survival. Maria et al. 

(156) treated human colorectal adenocarcinoma cells (LS174T) with microbubbles, NK cells, 

and US; resulting in NK cell accumulation in tumors and increased water content and edema.   

Heath et al. (157) used microbubbles with the tumor-targeting antibody, cetuximab, to treat 
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human head and neck squamous carcinoma cell lines in 6-week old xenograft mice inoculated 

with BT474. The in vivo results showed suppressed tumor growth and increased survival when 

applied with ultrasound. Similarly, in a study by Park et al. (158),  microbubble and US-

mediated treatment with trastuzumab resulted in suppressed tumor growth and increased 

survival in HER2/neu-positive human breast cancer cells BT575 and 6-week old xenograft 

mice inoculated with BT474. Table IV presents a summary of several recent studies on US-

sensitive liposomes. 

2. Conclusion  

The aim of efficient nanocarrier-based drug delivery systems is to achieve therapeutic 

concentration of anticancer drugs while using lower systemic chemotherapeutic drug dosages. 

This in turn would reduce the costs and alleviate some of the adverse side effects associated 

with chemotherapy. . Nanocarrier properties (such as the size, shape, material substrate, and 

surface chemistry) play a vital role in the therapeutic efficacy of developed system. Liposomes 

and micelles are two of the most widely employed nanocarriers in drug delivery applications. 

In addition, the modification of micellar and liposomal surfaces with targeting moieties and the 

use of a triggering mechanism, such as US, can greatly help improve the selectivity and enable 

the control of the temporal and spatial drug release from these nanocarriers. However, further 

research is still needed to develop a deeper understanding of the interactions occurring in 

diseased tissues. Such knowledge is fundamental to develop efficient smart nanocarriers. In 

this review, we highlighted recent advancements in the development of smart nanocarriers, 

focusing on US-triggered release from micelles and liposomes. 
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