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ABSTRACT OF THE THESIS 

 

 

Controlled Drug Delivery Systems Using Stimuli-Responsive Electrospun Nanofibers 
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Master of Science, Graduate Program in Bioengineering 

University of California, Riverside, September 2020 

Dr. Jin Nam, Chairperson 

 

 

 

Chronic diseases account for approximately 71% of the deaths globally. Patients 

suffering from chronic illness require a constantly changing therapeutic need to keep up 

with the progression of the disease. However, traditional pharmaceutical treatments fail 

to provide proper therapy in many ways from high cytotoxicity due to uncontrolled drug 

release rate to low bioavailability of the drug which requires frequent administration. 

Therefore, there is a growing interest in developing drug delivery systems to precisely 

maintain therapeutic drug in the system and protect the active drug molecules from rapid 

metabolism, thus improving the bioavailability. In this regard, we have developed 

exogenous stimuli-responsive drug delivery systems based on functionalized electrospun 

nanofibers.  

By utilizing high-performing piezoelectric poly(vinylidene-trifluoroethylene) 

(P(VDF-TrFE)) nanofibrous membrane, we have developed a mechanical-stimulus 
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responsive drug delivery system based on their piezoelectric effect, where energy 

conversion occurs from applied mechanical strains to changes in electric potential of 

P(VDF-TrFE). Using an extracorporeal shockwave system as the mechanical trigger, we 

demonstrated the control over drug release by regulating nanofiber diameter, and 

magnitude and frequency of applied mechanical force. We also examined the 

controllability of the drug delivery system with in vitro and ex vivo models, 

demonstrating its potential for in vivo applications.  

Despite this promising capability of P(VDF-TrFE) nanofibers for controlled drug 

delivery applications, they need to be surgically removed from the body after drug release 

due to their non-biodegradable nature. This led us to investigate strategies to enable 

phagocytosis of the material, which can excrete synthetic non-biodegradable polymer 

nanofibers from the body. In this regard, we have developed a facile method to fragment 

polymeric nanofibers into nanorods using colloid electrospinning followed by 

ultrasonication.  

We also developed magneto- & opto-stimulus-responsive nanofibers as an 

alternative drug delivery system. We functionalized poly(ε-caprolactone) (PCL) 

nanofibers by integrating superparamagnetic iron oxide nanoparticles (SPIONs) into the 

fibrous network. By exploiting heat generation from Néel relaxation effect of activated 

SPIONs under magnetic fields or laser light, we utilized structural changes of thermo-

sensitive nanofibers from the heating to trigger drug release. With this composite 

material, we demonstrated the tunability of drug release by manipulating the SPION 

loading and stimulus duration.  
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Chapter 1. Introduction and background 

 

 

 

 

1.1 Motivation 

Chronic diseases kill 41 million people every year, accounting for approximately 71% 

of all deaths globally[1]. The varying types of chronic diseases include cancer, 

cardiovascular disease, Parkinson’s disease, arthritis, obesity, and diabetes[2]. Such 

chronic diseases, also referred to as noncommunicable diseases, lasts for a long period of 

time and require constant medical attention. One of the treatments for Parkinson’s 

disease, for example, is continuous subcutaneous administration of Levodopa/Carbidopa 

for 24 hours per day via a delivery pump system[3]. Diabetic patients undergo insulin 

therapy through daily injections or continuous subcutaneous insulin infusion via a 

delivery pump system attached to their body[4]. These prolonged treatments have many 

limitations including patient noncompliance due to needle anxiety, fear of injection pain 

and discomfort, localized infection near the insertion site, bleeding, and device failure[5-7]. 

Furthermore, typical treatments for chronic diseases are systematic. For example, a 

cancer patient will undergo chemotherapy numerous times to remove cancer cells. 

However, due to the wide biodistribution of the chemotherapeutic drugs which exposes 

healthy cells to the cytotoxic effects of the drugs, the treatment can lead to severe side 

effects in patients. Therefore, these treatments are not efficient in curing or mitigating 

chronic diseases.  
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A new approach to efficiently treat chronic wounds, often caused by several chronic 

diseases such as diabetes, obesity, and cardiovascular disease, is necessary. In the United 

States, approximately 6.5 million patients are afflicted by chronic wounds[8]. Chronic 

wounds fall into 3 main categories—pressure sores, diabetic ulcers, and venous ulcers—

and due to their tendency to not heal for a long time, they require constant wound 

treatment[8]. Antibiotic therapy is frequently used to treat chronic wounds. However, its 

low efficiency is well known; systematic antibiotic treatment is limited by the lack of 

blood supply to the wound surface and topical antibiotics are ineffective due to poor 

penetration of antibiotics through the biofilm formed by the clusters of bacteria at the 

wound surface[9-10] The bacteria within the biofilms are 50-1000 times more resistant to 

antibiotic therapy[11]. In order to improve the bioavailability of antibiotic agents to the 

wound site, nanotherapeutics is expected to improve efficacy for chronic wound 

healing[12]. Therapeutic agents engineered at the nanoscale (1-100nm), including 

nanoparticles and nanoscaffold wound dressings, offer improved penetration within the 

wound, and safe encapsulation and deliverance of unstable drugs[12].  

 As an approach to improve efficacy for chronic wound treatment, 

nanotherapeutics is garnering much interest in the field of medicine to address the 

limitations of conventional treatments of chronic diseases and wounds. Conventional 

treatments, such as insulin therapy, chemotherapy, and systemic antibiotic therapy, have 

low efficacy due to high cytotoxicity, poor bioavailability of the drug to the infectious 

site and low patient compliance. The use of nanotechnology-based drug delivery system 

as a new therapeutic modality offers many advantages over traditional drugs. Nanoscale 
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complexes composed of nanocarrier and the therapeutic drug prevent first-pass 

metabolism of the drug, increasing duration in the blood[13]. Also, the nano size allows 

the complexes to penetrate through tissues efficiently, improving the bioavailability of 

the drug[14]. This reduces the administration frequency of the drug, improving the lifestyle 

of the patient.  

 In conventional drug products, no effort is made to control the drug release rate, 

resulting in immediate release and onset of pharmacodynamic effect once the product is 

in the body. This is not desirable for chronic disease treatments since it requires more 

frequent dosages, which can lead to low patient compliance. In order to achieve a 

controlled and long-lasting therapeutic effect, the drug formulation needs to be protected 

by encapsulation in a core coated with a film or dispersion in a matrix. This prevents the 

first-past metabolism of the drug. The long-term controlled drug formulations frequently 

use soft materials consisting of combination of polymers, as a film or a matrix[15]. Since 

these materials are used for therapeutic purposes in a patient, they need to be 

biocompatible—free of toxicity and not harmful to the body before or after degradation.  

 

1.2 Current Drug Delivery Strategies  

Clinical treatments such as insulin therapy and chemotherapy require variable release 

of the drug in response to the progression of the disease[16]. Controlled drug delivery 

systems using nanomaterials are intended to deliver therapeutic drugs in response to 

physiological needs at the proper times, enhancing the efficacy of the drug. Controlled 

drug delivery ensures a higher and longer duration of drug bioavailability. Therefore, the 
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dosage of the drug stays within the therapeutic level compared to conventional treatments 

with decreasing therapeutic efficacy over time (Figure 1.1)[17]. Typically, controlled 

release involves drugs encapsulated in nanocarriers, offering number of advantages over 

direct administration of ‘free drug’—protection from degradation in the bloodstream, 

better drug solubility, decreased toxic side effects, improved patient convenience and, 

more importantly, ability to isolate drugs in local areas[17]. Nanomaterials, such as 

synthetic polymers, proteins, lipids, and organic and inorganic particles, are utilized for 

controlled delivery of the therapeutic agents (Figure 1.2)[18].  

 

1.2.1. Nanoparticles 

Conventional drug forms—solution, suspension, or emulsion—require high 

dosage due to low bioavailability to the infected site[19]. These ‘free drugs’ are also 

unstable due to fluctuations in plasma drug levels and do not provide sustained effect[19]. 

Utilizing nanoparticles (NPs) as drug carriers improves bioavailability of the drug by 

enhancing aqueous solubility and increases retention time in the body. The favorable 

surface to volume ratio of the nanoparticles also allows for high drug loading capacity. 

Drug delivery nanocarriers are characterized into two categories: organic and inorganic 

nanoparticles. Organic nanoparticles—polymeric NPs, liposomes, micelle, and 

dendrimers—and inorganic nanoparticles—mesoporous silica NPs and magnetic NPs—

have been studied as potential drug carriers for therapeutic treatments (Table 1.1)[18,20]. 

However, there are drawbacks to using these nanoparticles for drug delivery. Organic 

nanoparticles have instability and low-loading capacity[21]. Inorganic nanoparticles 
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induce systemic toxicity due to low biocompatibility and biodegradability[13]. Currently, 

in order to address the issue of low biodegradability, many synthetic biodegradable 

polymers are being researched for using in drug delivery systems. 

 

1.2.2. Biodegradable Polymer  

Biodegradable polymers are useful for drug delivery because of their ability to 

naturally degrade and clear out from the body. They allow for prolonged release of the 

drugs, consistent with the degradability rate of the polymer and eliminate post-treatment 

surgery to remove the polymer[22]. However, natural polymers—protein-based or 

polysaccharides—suffer from microbial contamination, batch to batch variation and 

uncontrolled rate of hydration due to differences in region, species, and climate condition 

during material collection[23]. In this regard, synthetic biodegradable polymers have the 

advantage of sustained release over a period of days to several weeks compared to shorter 

duration of drug release from natural polymers as well as their characteristics overcoming 

the drawbacks of natural polymers outlined above[18]. Additionally, due to the ease of 

synthesis and functionalization of polymeric nanocarriers, which gives them high drug-

loading capacity and stimuli-responsiveness, synthetic biodegradable polymer provides a 

potential platform for controlled drug release[24]. Several studies have shown the 

integration of synthetic biodegradable polymers into drug delivery systems (Table 1.2). 
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1.3 Stimuli-Responsive Drug Delivery 

Unlike passive delivery/release of drugs from the aforementioned nanoparticles and 

biodegradable polymers, stimuli-responsive drug delivery aims to release treatment 

agents utilizing stimuli-responsive nanomaterials that respond to very slight changes in 

their environment, with property changes[25]. These nanomaterials will respond to 

endogenous (pH, enzymatic activity, redox or glucose concentration) and/or exogenous 

(light, magnetic field, acoustic pressure or electrical field) stimuli (Figure 1.3)[26]. One 

advantage of this type of system is its ability to return to its original state when the 

stimulus is removed, allowing temporal control over drug unloading. This avoids the 

extra burden on the body’s metabolic state and prevents overdosing[27]. Compared to 

conventional chronic treatments, stimuli-responsive drug delivery systems control 

appropriate drug concentration in targeted tissue for longer period, thus reducing the 

frequency of dosage and improve the quality of life for patients.   

 

1.3.1. pH-Responsive Drug Delivery Systems 

Trauma, inflammation, and infection cause a disruption in the pH environment of 

a tissue, making pH an ideal indicator for infectious tissues[28]. Based on this, pH-

responsive drug delivery systems have been developed to target the inflammation 

mediated diseases. Many studies have demonstrated the successful administration of anti-

cancer drugs through this route because, compared to physiological pH, the tumors have 

an acidic pH (Table 1.3). Endosomal pH-sensitive mesoporous silica nanoparticles and 

micelles, both loaded with doxorubicin, an anti-cancer drug, have been shown to target 
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cervical and breast cancer cells[29-30]. Despite these promising studies, the limitations of 

such pH-responsive systems include its inefficiency in chronic treatment. Since the 

functionality of this system is dependent on the physiological pH, a variable not 

controlled by external force, there is less control over the drug release into the body. 

Additionally, maintaining the structure of the drug carrier system is challenging since the 

pH can vary depending on the severity of the disease or proximity to the infected tissue, 

resulting in off-target delivery[31]. Due to these limitations, pH-responsive system does 

not provide an efficient drug treatment for chronic diseases. 

 

1.3.2. Temperature-Responsive Drug Delivery Systems 

Temperature-responsive drug release takes advantage of the temperature increase 

in infected tissues, such as tumors, which is typically 4℃ to 5℃ higher than healthy 

normal tissues[32]. This temperature difference acts as a stimulus that triggers thermo-

sensitive nanocarriers to release drugs at the infected site. These nanocarriers are 

designed to retain the drug around physiological temperature of 37 ℃ and release the 

drug rapidly when the temperature is increased higher than 40-45 ℃[33]. The thermo-

responsive polymers used in these nanocarriers have a lower critical solution temperature 

(LCST) and undergo phase transition above or below the LCST. Below the LCST, the 

polymer is soluble and forms hydrogen bonds with the surrounding water molecules, 

resulting in a one-phase system. The hydrated polymer chain exhibits a hydrophilic 

coiled conformation. Above the LCST, a hydrophilic to hydrophobic transition occurs 

accompanied by a coil-to-globule morphology change as the polymer becomes insoluble 
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and the hydrogen bonds collapse, causing a volumetric shrinkage of the polymer chain 

that triggers the release of encapsulated drug[34-35]. There are ongoing research studies 

testing the therapeutic potentials of thermosensitive drug delivery systems (Table 1.3). 

Luo et al. showed a thermosensitive poly(N-isopropylacrylamide)-b-polybutadiene 

(PNIPAM-b-HTPB) block copolymer micelle with LCST release campothecin and 

reduce cell viability of human breast cancer cells[36]. However, temperature higher than 

40 ℃ creates adverse effects on the human immune cells and lead to cell death, posing a 

challenge for in vivo treatments. Another drawback associated with temperature-

responsive system is the high-burst drug release from the polymeric nanocarriers at or 

above the CST. This can lead to systemic toxicity and decrease the effectiveness of the 

drug. Therefore, designing thermo-responsive nanocarriers that are sensitive enough to 

respond to precise temperature changes around the physiological temperature of 37 ℃ 

remains a challenge. 

 

1.3.3. Mechanoresponsive Drug Delivery Systems 

Mechanoresponsive drug delivery systems utilize mechanical stimuli, in the mode 

of force, pressure, or deformation, on the body to trigger drug release. This system is 

attractive for drug release because of the ease of applying mechanical stimulus to the 

human body. Unlike pH- and temperature-responsive systems, mechanically activated 

system has an “on-off” mechanism. The drug is released only when the stimulus is 

applied and once the stimulus is off, the release stops. Drug delivery systems using 

mechanical stimulation has been shown to provide controlled release of therapeutic 
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drugs. Kaplan et al. reported release of anti-TNFα antibody, an anti-inflammatory agent, 

from self-assembled glycosyl-nucleoside-lipid (GNL) nanofiber hydrogels under 

mechanical shear stimulation[37]. Marino et al. synthesized biocompatible piezoelectric 

barium titanate nanoparticles (BTNPs) functionalized with anti-HER2 antibody (Ab-

BTNPs)[38]. Under remote stimulation using ultrasound, these particles targeted and 

inhibited proliferation of HER2 positive breast cancer cells in vitro[38]. Whereas in the 

previous systems, once the nanocarriers sense the pH or temperature changes, it triggers 

release of the drug until the concentration in the nanocarrier reaches zero. Due to the “on-

off” mechanism, mechanoresponsive systems offers better controllability and stability of 

drug release. However, its in vivo applications have been limited mainly due to 

limitations in activating mechanoresponsive drug carriers with physiologically safe 

magnitudes of mechanical perturbation, requiring further improvements in piezoelectric 

properties of the materials.  

 

1.3.4. Magnetic Field-Responsive Drug Delivery Systems 

Magnetic-responsive system using an external magnetic field offers controllability of 

drug release. These systems commonly use superparamagnetic iron oxide nanoparticles 

(SPIONs). SPIONs have a small inner magnetic core, usually Fe3O4 (magnetite) or γ-

Fe2O3 (maghemite), with a diameter between 10-100 nm and coated with a biocompatible 

polymer for protection from the surrounding environment (i.e. macrophages) and drug 

attachment onto the particles[18,39]. When these particle are between 10-20 nm, they reside 

in the single magnetic domain and exhibit a phenomenon called “superparamagnetism”, 
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where the particles become magnetized when subjected to an external magnetic field but 

lose the magnetism once the magnetic field is removed[39]. Because they have zero 

coercivity and residual magnetization, they are less likely to agglomerate and avoid 

phagocytosis, increasing their circulation time within the body. Thus, SPIONs are 

favorable for drug delivery applications and have proven to effective in therapeutic 

treatments (Table 1.3). Thomas et al. synthesized mesoporous silica nanoparticles with a 

zinc-iron oxide core and loaded them with an anticancer drug, doxorubicin, to show drug 

release under oscillating magnetic field which led to cell death of breast cancer cells in 

vitro[40]. When the SPIONs are placed in an alternating magnetic field (AMF), because of 

the hysteresis loss caused by Néel relaxation, they generate heat in the surrounding 

medium[41]. Combining these nanoparticles with thermosensitive polymer creates a 

system that responds to magnetically induced increase in temperature and release drugs in 

an “on-off” mode. Babincová et al. reported the release of doxorubicin from 

magnetoliposomes controlled by local heating from exposure to alternating magnetic 

field[42].  

 

 

1.4 Functional Electrospun Nanofibers for Drug Delivery 

 

1.4.1. Electrospun Nanofibers 

Drug-loaded nanofibers are attractive candidate for drug delivery systems because 

of the various advantages they offer, such as high surface-to-volume ratio, high drug 

loading capacity and flexibility of design and synthesis[43-44]. They can be fabricated in a 
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facile manner using the electrospinning technique. This technique involves a syringe and 

needle, syringe pump, grounded collector wrapped with Aluminum foil, and a high 

voltage source (Figure 1.4)[45]. A polymer solution is loaded into the syringe and placed 

on a syringe pump. The solution is dispensed from the syringe at a fixed flow rate by the 

syringe pump. A high voltage is applied to the polymer solution until the electrostatic 

force overcomes the surface tension of the solution and a thin jet, known as the Taylor 

cone, is formed at the tip of the needle. The electrostatic force between the needle tip and 

the collector further stretches the jet towards the collector, while evaporating the 

solution’s solvent and depositing dry polymeric fibers onto the collector. The fiber 

diameter can be controlled by solution properties such as viscosity, electrical conductivity 

and surface tension, electrospinning conditions such as solution flow rate, applied voltage 

and tip-to-collector distance, and environmental conditions such as relative humidity and 

temperature. The simplicity of the procedure for large-scale production and a wide 

selection of polymers to use make electrospun nanofibers appealing for drug delivery 

applications. Current research is focused on functionalizing the nanofibers by 

manipulating their properties, such as fiber diameter and mechanical and surface 

properties, for better therapeutic efficacy. Kenawy et al. was the first to report drug 

delivery from electrospun polymer fibers by synthesizing poly(ethylene-co-vinyl 

acetate)-poly(lactic acid) (PEVA-PLA) blend fiber with tetracycline hydrochloride, a 

model drug, and studied the diffusive release of the drug from the polymer in a tris 

buffer[46]. Bölgen et al. reported adsorption of an antibiotic drug, Biteral®, onto 
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electrospun PCL nanofibers and release of the drug upon degradation of the nanofibers to 

prevent inflammation during wound healing[47].  

 

1.4.2. Piezoelectric Nanofibers 

Piezoelectricity is an electromechanical phenomenon used to describe linear 

coupling between mechanical and electrical behaviors of a material. Direct piezoelectric 

effect is the conversion of mechanical stress to electricity. Conversely, indirect 

piezoelectric effect is the conversion of electric field to a mechanical response. 

Piezoelectricity is present in a variety of electrically active materials, including inorganic 

and organic crystals, ceramics and polymers, and in biological materials such as bone 

when the crystal structure contains anisotropy. Piezoelectric nanofibers can be fabricated 

using the electrospinning process to enhance their piezoelectric properties[48]. 

Electrospinning stretches polymer solution using electrostatic attraction between the 

syringe and the collector plate. This process resembles the effects of drawing and poling 

of polymer chains to induce crystalline state and alignment of polarized domain, required 

for bulk material to exhibit piezoelectricity. Unlike inorganic-based piezoelectric fibers, 

which require multi-step synthesis process involving electrospinning, calcination and 

annealing, organic polymeric fibers require only one step[49]. Furthermore, their 

flexibility provides a better characteristic for biological applications. Polymer-based 

piezoelectric material is a superior candidate for mechano-responsive drug delivery 

system because under mechanical stimulus, it can induce a surface charge change 

triggering the release of surface adsorbed drugs. Research shows an inverse relationship 
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between fiber size and piezoelectric properties of the material, with small nano-scaled 

fiber exhibiting enhanced piezoelectricity, which controls the sensitivity of the material to 

mechanical stimulus[48,50]. Based on this observation, drug release can be fine-tuned for a 

more efficient treatment. Despite the benefits, highly piezoelectric polymers are not 

biodegradable, posing a challenge for in vivo therapeutic applications.   

 

1.4.3. Electrospun Nanocomposite Nanofibers  

Biodegradable nanofibers are remarkable drug carriers due to its low toxicity, high 

surface-to-volume ratio for high drug loading capacity and low degradation rate for 

longer therapeutic effectiveness. Functionalizing these nanofibers into drug-loaded 

nanocomposites may allow furthering their usages for drug delivery systems. Many 

studies have shown the use of nanocomposite polymer fibers for wound healing. 

Falthollahipour et al. produced a dual drug delivery system based on poly(vinyl alcohol) 

(PVA)/chitosan/lidocaine hydrochloride nanofibrous mat incorporating gelatin 

nanoparticles loaded with erythromycin (an antibiotic agent)[51]. Saha et al. reported 

loading of polyurethane nanofibers with chlorhexidine-loaded nanoclay[52]. Both studies 

reported a reduced burst release of the drug when encapsulated compared to free drug 

loading, demonstrating a sustained released with long-lasting antibacterial activity useful 

for wound healing. However, the release kinetics of the drugs followed a diffusion 

mechanism that offers zero active controllability over the release. In order to precisely 

control the time and concentration of drug release, it requires functionalization of the 

nanofibers with stimuli-responsive components.  
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1.5 Conclusion 

The ineffectiveness of conventional medicine to treat chronic diseases has instigated 

the research into nanotechnology-based drug delivery system in the hopes of improving 

the efficacy of therapeutics and quality of treatment. Specifically, there is vast research 

and development in the field of nanotherapeutics, which utilizes nanoscale complex 

composed of nanocarrier and therapeutic agent. Although these nanosized materials offer 

better tissue penetration and lower toxicity, the passive drug release from these materials 

fail to offer controllability and custom dosing required for some chronic treatments. 

Therefore, research is shifting toward stimuli-responsive drug delivery systems that 

respond to external stimulus and trigger drug release on demand. In this regard, we aim to 

develop two different stimuli-responsive drug delivery systems utilizing nanomaterials 

functionalized by the use of a piezoelectric polymer or magnetic nanoparticles. In one 

aspect, the inherent piezoelectric property of P(VDF-TrFE) allowed us to develop 

mechanoresponsive drug-release platform driven by direct piezoelectric effect. 

Electrospinning technique enabled us to enhance the piezoelectric property of the 

polymer and synthesize high-performing P(VDF-TrFE) nanofibers ultrasensitive to 

external mechanical stimulus. Additionally, conjunction of heat generating 

superparamagnetic nanoparticles with thermo-responsive nanofibers allowed for 

development of magnetic-responsive drug delivery system.  
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1.6 Tables and Figures 

 

 

Table 1.1 Various drug carriers used in drug delivery system for therapeutic 

treatments. 

 
Material Description of Carrier Application Reference 

Mesoporous 

silica 

nanoparticles 

(MSN) 

Phenyl-boronic acid-

functionalized MSN  

Controlled release of insulin 

and cyclic adenosine 

monophosphate (cAMP) 

[53] 

Poly(ethyleneimine)-

functionalized MSN tagged 

with methotrexate 

HeLa cervical carcinoma 

cells 

[54] 

Micelles Paclitaxel encapsulated PEG-

polyaspartate micellar 

nanoparticle  

Colon, pancreatic and 

gastric cancer 

[55], [56] 

Doxorubicin-entrapped PEG-

poly(aspartic acid) micelle 

formulation 

Metastatic pancreatic cancer  [57] 

Poloxamer-based micelle 

conjugated to methotrexate 

Various solid malignancies [58] 

Monomethoxy PEG-PLA 

micelle encapsulated with 

ethaselen 

Liver cancer [59] 

Liposomes Doxorubicin encapsulated 

PEGylated liposome 

Lymphomas and breast, 

ovarian and lung cancer 

[60], [61] 

Cytarabine-daunorubicin dual-

encapsulation in liposome 

Myeloid leukemia  [62] 

Fe3O4 encapsulated liposome 

loaded with doxorubicin 

Human breast cancer 

(MMTV-PyMT) 

[63] 

Dendrimer Carboxylated PAMAM 

dendrimer covalently 

conjugated with cisplatin  

Lung cancer cell (NCI-

H460) 

[64] 

Cationic poly-L-lysine 

dendrimer with doxorubicin  

Solid tumors [65] 

PEGylated polyamidoamine 

(PAMAM) dendrimers 

conjugated to 5-fluorouracil 

Various malignancies [66] 

PEGylated poly-L-lysine 

dendrimer conjugated to 

camptothecin 

Human colon carcinoma 

(HT-29) 

[67] 

Polymeric 

Nanoparticles 

PEG shell with PLA core 

encapsulating docetaxel 

Prostate tumor and other 

solid malignancy 

[68] 

Cyclodextrin-containing 

polymer conjugated to 

camptothecin 

Ovarian cancer [69] 
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Hydrochloride and tamoxifen 

citrate co-encapsulated in 

PLGA nanoparticle 

Breast cancer [70] 

Docetaxel-loaded 

PLA/chitosan nanoparticle 

Breast, lung, ovarian and 

prostate cancer 

[71], [72] 

Magnetic 

Nanoparticles 

Urokinase plasminogen 

activator receptor-targeted 

Fe3O4 nanoparticles carrying 

gemcitabine  

Human pancreatic cancer 

cell (MIA PaCa-2) 

[73] 

Superparamagnetic iron oxide 

nanoparticles conjugated with 

doxorubicin 

Rat glioma C6 cells [74] 
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Table 1.2 Various biodegradable synthetic polymers used in drug delivery system 

for therapeutic treatments. 

 
Polymer Description of Carrier Application Ref 

Poly lactic acid (PLA) Temozolomide loaded PLA 

nanoparticles 

C6 glioma cells [75] 

RGD functionalized PEG-

PLA polymer loaded with 

curcumin 

Mouse melanoma cell (B16) [76] 

Tamoxifen-loaded PLA 

nanoparticles 

Breast cancer  [77] 

Bovine seminal ribonuclease 

adsorbed to PLA 

nanoparticles 

Leukemia  [78] 

Polycaprolactone 

(PCL) 

Formulation of Chitosan-

PCL blend with ofloxacin 

Bacterial infection [79],[80] 

Curcumin-loaded chitosan-

coated PCL nanoparticles 

Malignant melanoma  [81] 

Poly lactide-co-

glycolide (PLGA) 

Camptothecin encapsulated 

PLGA nanoparticles 

Intracranial glioma [82] 

Docetaxel-loaded PEGylated 

poly(D,L-lactide-co-

glycolide) 

Solid tumors [83] 

Tamoxifen-loaded PLGA 

nanoparticles 

MCF-7 breast cancer cells [84] 
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Table 1.3 Various stimuli-responsive drug delivery systems using different drug 

carriers for therapeutic treatments. 

 
Drug Release 

Stimuli 

Material Description of Carrier Application Ref 

pH 

 

Mesoporous 

silica 

nanoparticles 

(MSN) 

Endosomal pH-sensitive 

MSN for doxorubicin 

delivery 

Chemotherapeutic 

treatment of liver cancer   

[85] 

Doxorubicin-loaded β-

cyclodextrin capped-

MSN responsive to 

endosomal pH 

Apoptosis of KB-31 

cervical cancer cell 

[29] 

Micelle Doxorubicin-loaded pH 

sensitive micelles of N-

Boc-histidine-capped 

PLGA-PEG-PLGA 

Cellular uptake by human 

breast cancer cells MDA-

MB-435 

[30] 

Monoclonal antibody 

2C5-DSPE-poly(ethylene 

glycol) and 

poly(histidine)-

poly(ethylene glycol) 

mixed micelle loaded 

with paclitaxel 

Increased cytotoxicity in 

4T1 murine breast cancer 

cells 

[86] 

Liposomes Anti-BCG antibody-

coupled sucPG 

lipososmes 

Increased binding 

efficiency to mouse colon 

carcinoma 26 cells under 

acidic conditions 

[87] 

pH/temperature Polymeric 

Nanoparticles 

DA-PILNPM20 complex 

formed ionically 

assembled nanoparticles 

loaded with doxorubicin 

Decreased viability of 

HeLa cervical cancer 

cells 

[88] 

Temperature  Micelles Thermosensitive mPEG-

b-p-(HPMAm-Bz/Nt-co-

HPMAm-Lac) micelle 

loaded with paclitaxel 

Increased therapeutic 

efficacy in mice bearing 

B16F10 melanoma cells 

[89] 

Mechanical  Polymeric 

Nanoparticles 

Stretch-responsive system 

with PLGA NPs loaded 

with doxorubicin or 

insulin 

High cytotoxicity in 

HeLa tumor cells; 

transcutaneous insulin 

delivery  

[90] 

Hydrogel Compression-responsive 

alginate hydrogel loaded 

with VEGF growth factor 

Enhanced blood vessel 

formation in diabetic 

mice with femoral artery 

ligation 

[91] 

Magnetic field Mesoporous 

silica 

nanoparticles 

Doxorubicin-loaded MSN 

with zinc-iron oxide core 

Hyperthermic apoptosis 

of breast cancer cells 

[40] 

Fluorescein-loaded  [92] 
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(MSN) Fe3O4-capped MSNs  

Liposomes Magnetic liposomes 

loaded with adriamycin 

Osteosarcoma  [93] 

Iron oxide 

nanoparticles 

Superparamagnetic iron 

oxide nanoparticles 

Hyperthermic treatment 

of glioblastoma 

[94] 
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Figure 1.1 A schematic diagram showing release kinetics of controlled and 

conventional drug delivery.  

(MSC = Maximum Safe Concentration, MEC = Minimum Effective Concentration). 

(taken from 17) 
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Figure 1.2 Types of nanocarriers used for controlled drug delivery.  

(taken from 18) 

 

 

 

 

 

 

 

 



22 

 
 

Figure 1.3 A schematic illustration of stimuli-responsive drug delivery system.  

(taken from 26) 
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Figure 1.4 Schematic illustration of the electrospinning technique.   

 

A syringe loaded with polymeric solution is driven by a syringe pump and charged with a 

high voltage power supply at the tip of the needle, resulting in a formation of a Taylor 

cone that is thinned out into a dry fiber and attracted to a grounded collector plate. (taken 

from 45) 
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Chapter 2. Acoustic-responsive piezoelectric nanofiber membrane as a controlled 

drug delivery system* 

 

2.1 Introduction 

 Systemic drug administration is common for therapeutic treatments, either 

through oral administration or with injection of active chemical drugs. Despite the 

effectiveness and simplicity of these treatments, they require repeated administration to 

maintain a therapeutic level of the drug in the body, posing several challenges. The 

alternation of drug levels from high peaks at administration times to sub-therapeutic 

levels due to first-pass metabolism of the drug requires initial overdosing to maintain the 

drug concentrations above therapeutic levels over a duration[1]. This deems conventional 

drug delivery an inefficient approach for chronic diseases, which require a sustained 

therapeutic treatment with optimal dose and duration.  

Several different approaches have investigated to develop effective drug carriers 

in overcoming these limitations and improving the efficacy of therapeutic agents. 

Encapsulation or conjugation of drug molecules in a protective carrier, for example, 

prevents degradation and improves pharmacokinetic and pharmacodynamic resulting in 

 
* The text of this chapter, in part, is a reprint of the material as it appears in Chapter 4 of a 

dissertation by Gerardo Ico titled “Development and Utilization of Piezoelectric Scaffold 

Systems for the Modulation of the Physico-Chemical Microenvironment of the Cells to 

Enhance Their Regenerative Behaviors”.  
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better controllability of its delivery[2]. Nanoparticle are attractive for such drug carriers 

due to their high surface to volume ratio, enhancing their drug loading capacity[3]. 

Biodegradable polymers are often used to enhance the biocompatibility of the 

nanoparticle carriers, but their passive release nature remains a disadvantage[4]. 

 In this regard, stimuli-responsive drug delivery system is a promising method to 

overcome the limitation of the passive drug delivery systems by utilizing functional 

nanomaterial capable of releasing their drug payloads in response to physiological or 

externally-applied triggers. For example, diseases that shift the physiological conditions 

such as pH, presence of reactive oxygen species, or inflammation trigger the drug carrier 

to release surface decorated drugs or bodily encapsulated drugs[5-7]. In a similar manner, 

externally controlled stimuli such as thermo-responsive release, light-responsive release, 

ultrasound-responsive release, and magnetic-responsive release are other avenues to 

circumvent the limitations associated with degradation-based release[8-13]. Among these 

stimuli-responsive drug delivery systems, electrically activated release of adsorbed 

molecules from the surface of electro-active materials is yet another method for 

controlled drug release scheme. For example, graphene oxide nanocomposite films can 

adsorb anionic drug molecules and release them on demand with an externally applied 

negative potential[14]. One of the major advantages of such release scheme is its capability 

for fine-tuning the release kinetics by the magnitude of applied potential, but it requires 

an external power source, diminishing enthusiasm for its internal use in the body.  

 Piezoelectric materials may provide a superior platform for the electrically 

controlled drug delivery system, due to their ability in converting mechanical forces to 
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electric potentials through the direct piezoelectric effect. When piezoelectric materials are 

subjected to a dynamic strain, they rearrange dipole moments and develop an electric 

potential across their surfaces, thus bypassing the need for external electrical connections. 

Many inorganic materials including lead zirconate titanate (PZT), zinc oxide (ZnO), 

barium titanate (BaTiO3), possess high piezoelectric performance[15-16]. However, they 

present cytotoxicity[17] and/or instability in aqueous conditions[18], making them 

unfavorable for in vivo drug delivery applications. In contrast, polyvinylidene fluoride 

(PVDF), an organic material capable of exhibiting piezoelectricity when optimally 

processed[19], and its derivatives have excellent biocompatibility that is currently being 

used as a vascular suture[20]. Mechanically soft nature of the polymer also reduces the 

formation of fibrous tissues encapsulating the implants and impacting drug release 

kinetics, often associated with hard materials[21]. The native negative surface charge of 

PVDF readily induces the adsorption of cationic molecules and also presents 

opportunities for facile surface modification according to characteristics of target drug 

molecules. However, it intrinsically exhibits inferior piezoelectricity as compared to the 

inorganic piezo-materials[18], requiring very high magnitudes of mechanical forces to 

piezoelectrically activate the material and diminishing its value for an in vivo drug 

delivery platform. In this regard, we have recently shown a transformative enhancement 

of piezoelectric polyvinylidene-trifluoroethylene (P(VDF-TrFE)) via nanoscale 

dimensional reduction and thermal treatment of the synthesized nanofibers[22]. This 

significantly increased piezoelectric coefficient (108 pm V-1) in P(VDF-TrFE), 
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comparable to those in typical inorganic piezoelectric materials, allows for developing a 

wide range of electromechanically sensitive flexible devices. 

 In this work, we developed a mechanical stimulus-responsive or mechano-

responsive drug delivery system, based on piezoelectric nanofibers, and demonstrated its 

for controlled drug release in vitro and ex vivo. We showed that the drug release 

characteristics of P(VDF-TrFE) nanofibers can be fine-tuned by modulating their 

piezoelectric properties via fiber size control, thus the sensitivity of the material to the 

magnitude and frequency of the applied forces. Different model drugs were utilized to 

demonstrate that drug release is fully governed by the mechano-electrical conversion 

from the applied mechanical perturbation to change surface potentials, regulating the 

adsorption/release of electrostatically adhered drug molecules. A 3D in vitro study as 

well as ex vivo study was performed to show the controllability of drug release in a 3D 

construct resembling the physiological environment, demonstrating the promising 

potential of piezoelectric nanofibers for in vivo controlled drug delivery. 

 

 

2.2 Experimental 

 

2.2.1. Electrospinning of P(VDF-TrFE) nanofiber-based membranes 

Nanofibrous membranes composed of approximately 30 nm in diameter P(VDF-

TrFE) nanofibers were synthesized by preparing a solution containing 4.0 wt.% P(VDF-

TrFE) (70/30 mol%) (Solvay Group, France) dissolved in a 50/50 weight ratio of N,N-

dimethylformamide (DMF) (Fisher Scientific, Pittsburgh, PA) and tetrahydrofuran (THF) 

(Sigma-Aldrich, St. Louis, MO). The solution was supplemented with 1.5 wt.% 
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pyridinium formate (PF) buffer (Sigma-Aldrich) and 0.05 wt.% BYK-377 (BYK 

Additives and Instruments, Wesel Germany) to increase the solution conductivity and 

decrease the surface tension. Nanofibers with the average fiber diameter of approximately 

70, 100, 200, and 500 nm fibers were synthesized from a solution of 6.0, 7.0, 11.5, and 

17.5 wt.% P(VDF-TrFE), respectively, dissolved in a 60/40 ratio of DMF/acetone(Fisher 

Scientific, Pittsburgh, PA), and 1.5 wt.% PF buffer. As a control, a solution of 13.5 wt.% 

of PVDF dissolved in the same DMF/acetone/PF solvent system was created to 

synthesize fibers of approximately 500 nm. Each solution was electrospun under 

optimized conditions of electrospinning distance (20 cm), applied voltage (approximately 

-15 kV) and solution feed rate (0.2 mL hr-1 for the 4.0 and 7.0 wt.% solutions; 0.5 mL hr-1 

for the 11.5 and 17.5 wt.% solutions) at 23 °C with an absolute humidity of 

approximately 7.6 g m-3. Electrospinning duration was adjusted to yield roughly 20 μm 

thick mats on a 76 x 76 mm2 aluminum foil collector. The P(VDF-TrFE) nanofiber 

membranes were subsequently annealed at 90 °C for 24 hrs to further improve their 

piezoelectricity[22]. The control PVDF fibers, herein called heat-inactivated PVDF, were 

heat treated in a rapid thermal annealing oven (Allwin21 Corp) for precise temperature 

control at 157 °C for 1 hr, followed by quenching in in -20 °C ethanol (Fisher Scientific, 

Pittsburg, PA), to induce the β- to α-phase transition for the suppression of 

piezoelectricity without any morphological changes. 
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2.2.2. Morphological and piezoelectric characterization of P(VDF-TrFE) and PVDF 

nanofibers  

The morphology of the electrospun fibers was characterized using a VEGA3 

scanning electron microscope (SEM) (Tescan Brno, Czech Republic). The fiber diameter 

(n=60) was measured using ImageJ software.  

To properly measure the piezoelectric coefficient, d33, a standard periodically 

poled lithium niobate (PPLN) with a known piezoelectric coefficient was used to 

determine a correction factor for all subsequent measurements. Various P(VDF-TrFE) or 

PVDF nanofibers were sparsely collected on a gold coated, thermal-oxide silicon 

substrate, heat treated, and subjected to single-point piezoresponse force microscopy 

(PFM) on individual fibers. A MFP-3D AFM (Asylum Research, Santa Barbara, CA) 

was first used in tapping imaging mode to locate an individual fiber. Five points were 

chosen on the scanned fiber and the AFM was switched to PFM mode where single point 

piezoresponse measurements were conducted. Step voltages from -3 to +3 V was applied 

across the fiber via the AFM cantilever (AC240TM, Olympus) to the grounded substrate. 

A value of d33 was calculated by, 

f
VQ

A
d =33 , 

where A is the amplitude response of the nanofiber in response to an applied voltage (V), 

Q is the quality factor of the AFM cantilever, and f is the correctional factor taken from 

the PPLN standard. 
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2.2.3. Zeta potential measurements of nanofibrous membranes 

The zeta potential of nanofiber membrane was determined by measuring the 

streaming current formed tangentially to the fibrous surface with an electrokinetic 

analyzer (SurPASS Electrokinetic Analyzer, Anton Paar, Graz Austria). By utilizing the 

streaming current, the zeta potential (ζ) was calculated by, 

𝜁 =
𝑑𝐼

𝑑𝑃

𝜂

𝜀𝜀0

𝐿

𝐴
, 

where I is the measured streaming current, P the pressure difference across the length of 

the sample, η and ε the viscosity and dielectric constant of electrolyte solution, ε0 the 

dielectric constant of free space, L the channel length of the measured sample, and A the 

cross sectional area along the sample. Two- 1 cm x 2 cm cuts of each sample were fixed 

inside an adjustable gap cell of the electrokinetic analyzer and the gap between the two 

opposing faces of the sample was adjusted to approximately 100 μm. An electrolyte 

solution of 1 mM KCl was used to generate a titration curve of the zeta potential for each 

sample. The streaming current was logged after 20 seconds of flow through of a given 

titration at a pressure of 400 mbar. 

 

2.2.4. Drug loading onto nanofibrous membranes 

 In order to adsorb cationic model drugs on the surface of natively hydrophobic 

PVDF derivatives, a 30 second pre-wash in ethanol was conducted on each sample to 

promote wettability of the P(VDF-TrFE) and PVDF nanofiber membranes. The ethanol 
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treatment was followed by three washes with 1x PBS, prior to the subsequent drug 

loading in an aqueous condition. To determine the saturation capacity of crystal violet, a 

model drug used in this study, various concentrations of crystal violet (Sigma-Aldrich) 

dissolved in PBS at 187.2, 374.4, 750, and 1500 μg mL-1 were utilized for its adsorption 

onto a 1x1 cm2 sample. After exposing the sample to the crystal violet solution overnight 

on a shaker plate, any loosely bound dye was removed from the membrane by a two-step 

washing process. The first step involves a diffusion-based desorption in fresh PBS for 24 

hrs on a shaker plate, followed by the second step where the sample was further washed 

with PBS through a vacuumed filter. 

Poly-L-lysine (PLL), another model drug, was conjugated with a 

photoluminescence fluorochrome for ex vivo drug release experiments. Briefly, poly-L-

lysine hydrobromide (30-70 kDa, Sigma) was dissolved in 50 mM sodium borate buffer 

(Fisher Scientific) at pH 8.5. Vivotag-645 fluorochrome (PerkinElmer, Waltham, MA) 

was added into the mixture for the final concentration of PLL and Vivotag-645 at 2 nM 

and 48 nM, respectively. The reaction was allowed to proceed under stirring for 6 hrs at 

room temperature. Vivotag-conjugated PLL was separately loaded onto 1x1 cm2-sized 

P(VDF-TrFE) and heat-inactivated PVDF membranes in a similar manner as described in 

crystal violet loading, from pre-washing with ethanol to two-step washing process. 

 

2.2.5. In vitro drug release  

1x1 cm2 samples of P(VDF-TrFE) and heat-inactivated PVDF nanofibrous membranes, 

loaded with the same amount of crystal violet (750 μg), were placed between two layers of 
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nitrocellulose membrane (Bio-Rad, Hercules, CA), pre-wetted with PBS acting as a drug-

capturing film. This configuration was placed between two layers of 0.5 cm thick PDMS 

membranes acting as buffer pads under the applied shockwave actuation. A shockwave system 

(MP-100 Vet, Storz Medical, Tägerwilen, Switzerland) was used to deliver the mechanical 

stimulation to the samples to induce the piezoelectric effect. The number of delivered 

shockwaves, as well as the applied pressure, was varied while maintaining the frequency fixed at 

12 Hz. After each regimen, the nitrocellulose papers, stained with crystal violet that was released 

by the drug-loaded membranes, were collected to be optically scanned for quantification.  

 In order to determine drug release in 3d, simulating the conditions in soft 

tissues, drug-loaded membranes were individually encapsulated within a hydrogel plug 

and subjected to mechanical stimulation via shockwave applications. Two 0.5 cm thick 

and one 0.7 cm thick PDMS slabs were synthesized to fit a well in a 6-well plate. A hole, 

which will act as a hydrogel pocket, was created in the middle of the 0.7 cm thick PDMS 

slab with a 6 mm biopsy punch. One of the 0.5 cm thick PDMS was placed at the bottom 

of the well and the 0.7 cm thick PDMS with the pocket was placed on top of it. Half of 

the pocket was filled with gelatin methacrylate (GelMA), synthesized as described 

elsewhere[23], photocrosslinked by UV application. Then, a 0.5x0.5 cm2 sample of 

P(VDF-TrFE) membrane, loaded with crystal violet (15.6 μg), was placed on top of the 

cured hydrogel and the other half of the pocket was filled with GelMA polymer solution 

and photocrosslinked to encapsulate the P(VDF-TrFE) membrane between two layers of 

hydrogel. The hydrogel pocket was sealed with another 0.5 cm thick PDMS slab. The 

shockwave system as described previously was used to deliver mechanical stimulation to 

the hydrogel to induce the piezoelectric effect of the P(VDF-TrFE) membranes. The 



42 

duration of shockwave application was varied while maintaining the applied pressure 

fixed at 5 bar with its frequency at 12 Hz. After the stimulation, the hydrogel plus was 

removed from the PDMS slabs to examine the drug release spread throughout the 

hydrogel. 

Each hydrogel plug, after removing the P(VDF-TrFE) membrane, was minced 

and added to 400 μL of collagenase-IV (enzyme activity – 265 U mg-1) (Worthington 

Biochemical Co, Lakewood, NJ) with 20 U mL-1 in PBS. Hydrogel in collagenase-IV 

solution were digested in an incubator (37 ℃) for 24 hrs before colorimetric reading at a 

wavelength of 590 nm with a microplate reader (SpectraMax Plus 384, Molecular 

Devices, San Jose, CA) 

 

 

2.2.6. Ex vivo drug release  

 Each 0.5x0.5 cm2 sample of P(VDF-TrFE) or heat-inactivated PVDF nanofibrous 

membrane was loaded with Vivo-tag-conjugated PLL as previously described, and placed 

between two layers of porcine skin without subcutaneous fat and pre-wetted with PBS. 

The samples were then mechanically actuated using the shockwave system to induce 

piezoelectric effect for drug release. For the P(VDF-TrFE) membranes, the duration of 

the shockwave actuation, as well as applied pressure, was varied while maintaining the 

frequency fixed at 12 Hz. As a non-actuated control, the drug-loaded P(VDF-TrFE) 

sample was sandwiched between pig skins for 10 mins without actuation. For non-

piezoelectric control, drug-loaded, heat-inactivated PVDF membranes were subjected to 
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shockwave applications for 10 mins at 5 bar and 12 Hz, respectively.  The 

photoluminescence of the pig skins after drug release was visualized in a luminescence 

dark box with a PIXIS 1024B camera (filter: 690 ± 50 nm). WinView software was used 

to determine photoluminescence intensity emitted from the dye for drug release 

quantification.  

 

2.2.7. Statistical analysis 

All experiments were conducted at minimum in triplicate unless otherwise noted. 

Data are represented as mean ± standard deviation. Statistical analysis was conducted to 

determine significance by one-way analysis of variance (ANOVA) with Tukey’s posthoc 

testing using SPSS software (v.19.0, IBM Corp., Armonk, NY). A value of p < 0.05 was 

regarded as statistically significant. 

 

 

 

2.3 Results 

 

The working principle of the mechano-responsive piezoelectric drug delivery 

platform is based on the control over electrostatic binding strength between a charged 

molecule and the surface of the P(VDF-TrFE) having a particular zeta potential. Due to 

the piezoelectricity of P(VDF-TrFE), a mechanical perturbation can effectively change 

the magnitude and polarity of zeta potential from the static state value (Figure 2.1a) to a 
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value closer to the opposite of the intrinsic polarity (Figure 2.1b). This change in the 

effective zeta potential of the P(VDF-TrFE) surface, from negative to positive, would 

induce the release of the electrostatically adhered drug molecules; the mechanical 

perturbation alters the microscopic domains of the crystalline electroactive phase causing 

a shift in polarity which results in a net charge change at the surface of the P(VDF-TrFE). 

Thus, we hypothesize that this mechano-responsive piezoelectric material can serve as an 

on-demand drug delivery system, where its sensitivity can be tuned by controlling the 

piezoelectricity to precisely regulate drug release kinetics under a particular magnitude of 

mechanical stimulation. 

 

2.3.1. Piezoelectric and surface charge characterization of P(VDF-TrFE) and PVDF 

nanofibrous membranes 

To demonstrate the proof-of-concept of utilizing electrospun piezoelectric 

nanofibers as an on-demand drug delivery platform, several different variations of 

P(VDF-TrFE) nanofibers were synthesized and characterized. Similar to our previous 

study[22,24], P(VDF-TrFE) nanofibers with different fiber diameters were synthesized by 

controlling electrospinning parameters such as solution concentration, conductivity, and 

surface tension (the P(VDF-TrFE) nanofibers with the average fiber diameters of 34 ± 18 

nm (herein referred to 30 nm) and 476 ± 122 nm (herein referred to 500 nm) are shown in 

Figure 2.2a and 2.2b as examples). In addition, PVDF nanofibers sample of 469 ± 144 

nm (herein referred to 500 nm) in average fiber diameter was synthesized and thermally 

treated between the Curie and melting temperature to eliminate the piezoelectric phase 



45 

but keep the fibrous morphology (Figure 2.2c). This heat-inactivated PVDF sample was 

used as a control to determine whether the release of the model drug was mechanical 

dependent, piezoelectrically driven, or the combination of both. The piezoelectric 

performances of the 30 and 500 nm P(VDF-TrFE) nanofibers and the 500 nm PVDF 

nanofibers were determined from PFM measurements, showing their piezoelectric 

coefficient d33 at as 103 ± 22, 37 ± 4, and 6 ± 2 pm V-1, respectively (Figure 2.2d). 

However, the changes in piezoelectric properties did not significantly alter the zeta 

potential, showing a similar value of approximately -50 mV at the physiological pH of 

7.4 (30, 500 nm P(VDF-TrFE) or 500 nm PVDF was approximately -48, -54, and -51 

mV, respectively) (Figure 2.2e). Since the zeta potentials across all samples are similar, 

therefore, the energy barrier that must be overcome to release the drug can be considered 

similar for all samples tested herein.  

 

2.3.2. Tunable drug release sensitivity from P(VDF-TrFE) nanofibrous membranes via 

control over piezoelectric properties 

To quantify the release of adsorbed molecules via the piezoelectric effect, crystal 

violet was used as a cationic model drug due to its simplistic nature of confirming 

adsorption by its color and quantifying release by colorimetry. In this regard, 

nitrocellulose membrane was used to act as a molecule catcher upon the release of drug 

in solution for the accurate detection at low concentration. A titration study was 

conducted to generate a standard curve used to quantify the drug release from the 

piezoelectric nanofibers (Figure App.A1). The cationic model drug was loaded to 
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various samples including P(VDF-TrFE) with different fiber diameters and heat-

inactivated PVDF nanofibers, by incubating them in 1 mL aqueous solution of crystal 

violet at 750 µg mL-1 concentration, determined by a preliminary adsorption saturation 

assessment. To test the release of adsorbed drug molecules in response to the mechanical 

stimulation, an extracorporeal shockwave system was utilized (Figure 2.3a). A 1x1 cm2 

membrane of each sample was loaded with the drug, pre-washed, and placed between 

two nitrocellulose membranes that catch released drug molecules. The assembly was then 

sandwiched between two pieces of PDMS to simulate soft tissues/muscles.  

  To show the size-dependent, thus piezoelectric property-dependent effects on the 

drug release tunability, a study was conducted comparing they drug release from the 

aforementioned P(VDF-TrFE) nanofiber membranes with fiber diameters of 30 and 500 

nm, in addition to membranes with intermediate fiber sizes of 72 ± 14, 96 ± 15, and 210 

± 75 nm (herein referred to 70, 100, and 200 nm, respectively) (Figure 2.3b-f, above 

dotted line). All samples showed complete adsorption of the same concentration of drug 

in solution (750 µg mL-1) with no apparent change in the fiber morphology or fibrous 

structure (Figure 2.3b-f, bellow dotted line). Additionally, the heat-inactivated PVDF 

was also compared to show a similar drug adsorption capability (Figure 2.3g). 

Furthermore, the apparent colors of the membranes of different fiber diameter after drug 

adsorption were indistinguishable (Figure 2.3h). 

A dosage of 1000 shockwaves was delivered at a pressure of 5 bar and frequency 

of 12 Hz, to five replicates of each sample. As expected from the greater piezoelectric 

coefficients in smaller fiber sizes, the P(VDF-TrFE) membranes with smaller fibers 
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released the greater amount of drugs under the shockwave application (Figure 2.3i). The 

effects of difference in surface area due to different nanofiber diameters can be 

disregarded since all samples were loaded with the same amount of the drug. Moreover, 

the heat-inactivated PVDF showed a negligible amount of drug release compared to all 

other samples such that the amount released from the 500 nm P(VDF-TrFE) sample was 

approximately 200-fold greater than that of the 500 nm heat-inactivated PVDF sample 

(red dashed line in Figure 2.3i).   

To further demonstrate the utility of piezoelectric nanofibers as a mechano-

responsive drug delivery system capable of releasing a controlled amount of molecules, 

the high-performing 30 nm fibers were tested as a function of the applied pressure and 

shockwave dosage, as shown in Figure 2.4a and Figure 2.4b, respectively. An increase 

in drug release is observed as the pressure of the shockwave system is increased from 1 to 

5 bar. From 1 to 2.5 bar a relatively linear trend is observed, while from 3-5 bar an 

exponential trend is observed. Additionally, the amount of drug released with respect to 

the number of shockwaves (500, 1000, 2000, and 4000 applications at 5 bar and12 Hz) 

shows a linear increase, indicating a controllable release of adsorbed molecules. 

 

2.3.3. Controlled drug release in 3D  

 The controlled drug release performance of piezoelectric membrane was also 

demonstrated in a 3D construct of hydrogel, better resembling the 3D physiological 

environment. Similar to the 2D release onto nitrocellulose membranes as previously 

described, an extracorporeal shockwave system was utilized to provide mechanical 
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perturbations to the drug-carrying PVDF membrane encapsulated within hydrogel 

(Figure 2.5a). The hydrogel plug which encapsulated a 0.5x0.5 cm2 P(VDF-TrFE) 

membrane loaded with the drug, was sandwiched between two pieces of PDMS with its 

elastic modulus approximately at 10 kPa, acting as soft tissues (Figure 2.5b).  

 To show the dose-dependent effect on the drug release tunability in a 3D 

environment, different durations of shockwave actuation were applied for 1, 5, or 10 mins 

at 5bar and 12 Hz. Optical images of the hydrogel with the nanofiber membrane before 

(Figure 2.5c) and after (Figure 2.5d) shockwave application shows the release of the 

drug as a response to the mechanical stimulus. Similar to the 2D condition (Figure 2.4b), 

the piezoelectric membranes released greater amount of drugs with an increasing duration 

of mechanical stimulation, demonstrating the piezoelectric performance of the drug 

delivery vehicle in a 3D environment. (Figure 2.5e, Figure App.A2) 

 

2.3.4. Controlled drug release ex vivo  

 An ex vivo porcine skin model was utilized to demonstrate the feasibility of the 

mechano-responsive drug delivery system for controlled drug release as a function of 

applied pressure magnitude and duration. A 0.5x0.5 cm2 sample of drug loaded P(VDF-

TrFE) membrane was placed between two pieces of porcine skin, with the dermis facing 

the membrane, and subjected to mechanical stimulation using the shockwave system at 

physiologically relevant magnitude (Figure 2.6a). Two 3x3 cm2 pig skins without 

subcutaneous fact and pre-wetted with PBS were utilized as molecule catcher from 

released dye. Photoluminescence images of the Vivo-tag fluorochrome from the pig skin 
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after actuation showed increases of drug release amounts in response to increased 

shockwave pressure and duration (Figure 2.6b, Figure App.B1). A non-piezoelectric 

control, the heat-activated PVDF nanofibrous membrane actuated for 10 mins at 5 bar, 

and a non-actuated control, the P(VDF-TrFE) nanofibrous membrane without shockwave 

application, showed negligible drug release as compared to actuated P(VDF-TrFE) fibers, 

confirming that the drug release was induced by the piezoelectric effect (Figure 2.6c). 

Quantification of photoluminescence images demonstrated that the drug release in soft 

tissues can be controlled by both the magnitude and duration of mechanical perturbation 

(Figure 2.7d and e).  

 

2.4 Discussion 

 

 The development of controlled drug delivery systems has been extensively 

investigated to improve the therapeutic efficacy of conventional drug products. 

Especially, many studies have demonstrated effective therapeutic performance of 

nanotechnology-based delivery systems utilizing various nanoparticles[25-28]. Despite the 

favorable surface-to-volume ratio of these nanoparticles, instability in vivo and inferior 

biocompatibility limited their use for in vivo applications[29-30]. Furthermore, typical 

characteristics of passive drug release mechanism from these systems does not allow for 

modifications in response to temporally changing therapeutic needs commonly witnessed 

in chronic diseases. This has instigated many researchers to focus on developing stimuli-

responsive polymers for precise control over the release. Unlike physiological change-

responsive mechanisms, such as pH or temperature, external stimuli-responsiveness, 
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including mechanical force or magnetic field, offer greater controllability over the drug 

release. 

In this study, a novel stimuli-responsive drug delivery system that can be 

activated by mechanical stimulation, was developed utilizing piezoelectric nanofibrous 

membrane. The capability of piezoelectric material in generating electric potentials in 

response to mechanical perturbation enables the release of electrostatically adsorbed 

drugs, providing a new avenue as a controlled drug delivery vehicle. One of the major 

obstacles in utilizing piezoelectric material for drug delivery vehicle is that the material 

needs to be activated under physiologically safe mechanical loading. Despite the high 

piezoelectricity of ceramic-based materials, their biotoxicity or instability in aqueous 

conditions limits in vivo applications. In this regard, we have previously shown the 

advantage of utilizing electrospinning process for a transformative piezoelectric 

enhancement of P(VDF-TrFE) polymer via nanoscale dimensional reduction and 

appropriate heat treatment[22], making the polymer sensitive to physiologically safe 

mechanical stimulus and ideal for developing a drug delivery system that is precisely 

controllable by the applied magnitude of mechanical stimulation. 

 Despite the change in piezoelectric coefficient of the nanofibers with varying 

diameter, the zeta potential analysis revealed that the surface charge remains negative 

above pH 3 for all P(VDF-TrFE) and PVDF samples. These isoelectric points were 

beyond the titrated concentrations of HCl during the measurement and irrelevant to the 

use of drug release in practical in vivo applications, preventing uncontrolled diffusion-

based release. These values agree closely with those reported in literature for PVDF films 
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and membranes[31-34], although the explanation for the persistent negative surface of 

PVDF remains ambiguous throughout literature[31]. One explanation is the hydroxide ion 

accumulation at the interface between the solution (water) and hydrophobic PVDF 

surface, thus the apparent negative zeta potential arises not necessarily from the PVDF 

but the hydroxide ions[35]. It is also suggested that the electronegativity of the C-F moiety 

relative to the hydrogen atom gives the bulk material its negative zeta potential[36]. 

Regardless of the origin of the negative zeta potential, however, the proposed working 

principle for the release of adsorbed drug at the surface of the membranes still stands to 

be affected directly by the piezoelectric response of the nanofibers. 

 The drug release from P(VDF-TrFE) nanofibers with various diameters was 

investigated to show the size-dependent or piezoelectric property-dependent effects on 

the drug release tunability. With decreasing nanofiber diameter, an increase in drug 

release was observed. With nanofibers below 100 nm, there was an exponential increase 

in drug release. This can be attributed to the transformative enhancement of piezoelectric 

properties when the nanofibers are synthesized well below the nanoscale (<100 nm), 

which induces both greater alignment in piezoelectric domains and materialization of 

flexoelectricity[22]. Furthermore, insignificant amount of drug released from the control 

heat-inactivated PVDF nanofibrous membrane show that drug release is independent of 

mechanical stimulation. This is further affirmed with the similar zeta potentials of the 

samples, together with similarity in the material chemistry, enabling the development of a 

mechano-responsive platform based purely on piezoelectricity. Similar to how other drug 

delivery platforms based on pore size or material degradation rate have allowed the 
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tunability in the amount of drug released over time[37-38], these results collectively 

demonstrate that the sensitivity of the piezoelectric fibers to a given mechanical 

stimulation can be tuned for specific therapeutic applications. For example, less sensitive 

piezoelectric fibers can be used for subcutaneously implanted drug delivery system to 

avoid false activation by accidental impact while highly sensitive piezoelectric nanofibers 

are desired for the use in deep tissues to be activated with a physiologically safe 

magnitude of mechanical stimulation. 

The high-performing 30 nm P(VDF-TrFE) fibers were utilized to study the effect 

of applied pressure on drug release. From 1 to 2.5 bar a linear trend is observed which we 

attribute to the initial linear compression of the PDMS-sample-PDMS in vitro construct 

which may be producing a generated voltage close to, but not, completely overcoming 

the zero-zeta potential point. Thus, a small amount of dye is released at this range. The 

applied pressure from 3-5 bar begins to affect the compressive elastic region of PDMS. 

More specifically, as the shockwave is set to a fixed pressure acting on a compressible 

material (i.e., PDMS), the stress transfer to the PDMS, and subsequently to the P(VDF-

TrFE) membrane, rises exponentially as a function of strain applied to the PDMS layer. 

As a result, the piezoelectric membrane undergoes full direct piezoelectric effect and 

responds proportionally to the applied stress, as described by the equation: 

𝐷𝑖 = 𝑑𝑖𝑘𝑙𝑇𝑘𝑙 + 𝜀𝑖𝑘
𝑇 𝜙𝑘, 

where D is the electric displacement, d is the piezoelectric charge coefficient with units 

of m V-1 or C N-1 and T is applied stress. The second term on the right-hand side of the 

equation goes to zero in cases where an external electric field is absent or otherwise 
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contributes to the electric displacement in the presence of an electric field proportional to 

the dielectric constant of the material at a constant stress (T superscript). Aa a result of 

the piezoelectric effect, the membrane overcomes the potential barrier, and an 

exponential drug release is observed for pressures above 3 bar. Moreover, as the 

electrostatic attraction between the negatively charged fiber surface and cationic drug is 

switched (zeta potential approaching and going towards positive values) the drug 

molecule is released and repelled from the fiber surface and diffuses towards the 

capturing film or hydrogel. This is similar to materials undergoing ferroelectric switching 

where switchable forces of attraction and repulsion on charged probes within the double 

layer formed depending on the state of polarization of the material[39]. Although the 

model drugs used here are cationic, we propose that the use of anionic based molecules is 

possible with the proper pre-functionalization of the P(VDF-TrFE) membrane surface 

with a cationic linker, still working under the same principle. 

Drug release as a function of shockwave dosage showed a positive linear trend, 

indicative of precise control over release of adsorbed drug molecules. Compared to more 

traditional drug delivery systems based on degradation or diffusion release that typically 

shows multiphasic profiles with an initial burst release[38,40-41], the linear profile of drug 

release from the piezoelectric-based system allows for the precise administration of drug 

molecules regardless of implantation duration. Moreover, since the same sample was 

used to survey the release response from 1 to 5 bar, the ability for the membrane to 

maintain a consistent release rate independent of the previous release history is also 

attractive.  
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The results from our hydrogel in vitro model and porcine skin ex vivo model 

confirm the feasibility of utilizing the piezoelectric membrane as a mechano-responsive 

drug carrier. Extracorporeal shockwave system, employed as a mechanical stimulator in 

our study, has been has been implemented therapeutically in reducing pain caused by 

chronic pelvic pain syndrome,[42] calcifying tendonitis,[43] fragmenting kidney stones,[44] 

or triggering anti-inflammatory actions associated with many inflammatory diseases[45]. It 

was observed that the shockwave did not alter the structure of the pig skin after actuation. 

Considering effective shockwave propagation through biological tissues/organs, this 

mode of activating the piezoelectric nanofibers is not limited to extreme discomfort 

needed to achieve release, e.g. in temperature-responsive system, or attenuation of 

stimulus, e.g., light-responsive system. The ex vivo results are an encouraging prediction 

of the in vivo behavior of drug loaded piezoelectric nanofibers under mechanical 

actuation. Altogether, our results suggest different ways of controlling drug release from 

this stimulus-responsive piezoelectric system: dosage of shockwaves, magnitude of 

shockwave and different level of piezoelectric sensitivity. 

 

2.5 Conclusion 

 In summary, we have developed a mechanical stimulus-responsive drug delivery 

system based on piezoelectric nanofibrous membrane, where surface potential changes by 

exogeneous mechanical actuation trigger the release of drug molecules electrostatically 

adsorbed on the polymer. We demonstrated that drug release kinetics can be controlled 

by the modulation of polymer piezoelectric properties, or the magnitude/dosage of 
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mechanical stimulation. 3D in vitro and ex vivo models were utilized to verify the 

controllability of drug release in a physiologically relevant environment. Overall, we 

demonstrated the utility of piezoelectric electrospun nanofibers for mechano-responsive 

controlled drug release and its encouraging potential for in vivo applications. 
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2.6 Figures 

 

 

 

 

 

 
 

Figure 2.1 Schematic of stimuli-responsive drug release.  

 

(a) Piezoelectric dipole domains of P(VDF-TrFE) (blue to red arrows) at the steady state 

with the associated negative zeta potential profile of an electrospun P(VDF-TrFE) fiber in 

a solution containing cationic drug molecules. (b) Piezoelectric response of dipole 

domain change in polarity towards positive values under a mechanical perturbation, 

effectively changing the apparent zeta potential of the fiber from negative to positive 

values, which repels the drug molecules away from the surface. 
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Figure 2.2 Morphological, piezoelectric, and electrochemical characterization of 

various electrospun fibers. 

 

SEM of (a) 37 ± 18 and (b) 476 ± 122 nm piezoelectric P(VDF-TrFE) nanofibers, and (c) 

469 ± 144 nm heat inactivated PVDF nanofibers (scale bar = 2 µm). (d) Piezoresponse 

force microscopy of individual fibers from the three different samples (a-c) showing the 

decreasing piezoelectric performance of the P(VDF-TrFE) fibers by increasing fiber size, 

and virtually no piezoelectric response from the heat inactivated PVDF fibers. (e) Zeta 

potential of the three samples showing similar values as a function of solution pH. 
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Figure 2.3 Piezoelectricity-dependent drug release. 

 

(a) An image and a schematic of an in vitro setup to simulate and quantify drug release 

under mechanical perturbation via shockwave applications. SEM of (b-f) P(VDF-TrFE) 

and (g) PVDF nanofiber membranes before (above red dashed line) and after (below red 

dashed line) adsorbing a model drug, crystal violet, having average fiber diameters of (b) 

37 ± 18, (c) 72 ± 14, (d) 96 ± 15, (e) 210 ± 75, (f) 472 ± 22, and (g) 496 ± 144 nm (scale 

bar = 2 µm). (h) An optical image of drug loaded membranes of (left to right) 37, 72, 96, 

210, and 472 nm P(VDF-TrFE), and 496 nm PVDF membranes. (i) Drug release of each 

sample after 1000 shockwave doses at 5 bar/12 Hz as a function of fiber diameter (n=4). 

A red dotted line indicates the drug release from heat inactivated PVDF samples. 

 

 

 

 

 

 



59 

 

 

 

 

 
 

Figure 2.4 Mechano-responsive drug release. 

 

Drug release of the membrane composed of P(VDF-TrFE) nanofiber membranes with an 

average fiber diameter of 30 nm as a function of (a) shockwave pressure and (b) number 

of shockwaves (n=5). 
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Figure 2.5 Mechano-responsive drug release in 3D. 

 

(a) An image of the shockwave system applying mechanical stimulation for in vitro drug 

release in 3D. (b) A schematic of the in vitro setup consisting of drug-loaded electrospun 

P(VDF-TrFE) nanofiber membrane encapsulated within a hydrogel pocket in the middle 

of a PDMS mold and sealed with two layers of PDMS membranes. (c-d) Optical images 

of the of the hydrogel plug containing a drug-loaded electrospun P(VDF-TrFE) 

membrane (c) before and (d) after mechanical stimulation through shockwave 

application. (c) Top view of the clear hydrogel encapsulating crystal violet (a model 

drug)-loaded P(VDF-TrFE) nanofiber membrane before mechanical stimulation. (d) Side 

view of the drug-loaded membrane encapsulating hydrogel (indicated by the red arrows) 

after 5 mins under mechanical stimulation, showing the release of crystal violet from the 

P(VDF-TrFE) membrane into hydrogel. (Scale bar = 6 mm) (e) Drug release of the 

membrane composed of P(VDF-TrFE) nanofiber membranes as a function of duration of 

shockwave application. 
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Figure 2.6 Mechano-responsive drug release ex vivo.  

 

(a) A schematic of an ex vivo setup to simulate and quantify drug release in soft tissues 

under mechanical perturbation via shockwave applications. (b) Photoluminescence 

images showing intensity of a model drug (Vivo tag-conjugated poly(l-lysine)) released 

onto the pig skin after actuation of P(VDF-TrFE) nanofibers with various applied 

shockwave pressures and durations. (c) Photoluminescence images showing a minimal 

amount of model drug released onto the porcine skin for non-piezoelectric control (heat-

inactivated PVDF membrane after actuation) or non-actuated control (P(VDF-TrFE) 

membrane without actuation). Photoluminescence intensity values from P(VDF-TrFE) 

nanofiber membranes as a function of (d) applied pressure and (e) shockwave duration. 

(*p<0.05, **p<0.01) 
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Chapter 3. A facile method for producing polymeric nanofiber fragments 

 

3.1 Introduction 

 Difficulty in controlling drug levels over a long period of time using traditional 

pharmaceutical approaches have led to the development of various drug delivery systems, 

with the purpose of releasing active drug molecules in a temporally controlled manner. 

Such systems often use polymer-based carriers engineered to respond to external 

condition, in addition to maintain the stability of the drug molecules in certain 

physiological environments. An important factor in utilizing polymers for drug delivery 

systems is the degradation/removal of the material after drug release. Natural polymers 

are desirable because they can be enzymatically degraded and directly excreted from the 

body via the renal system, however, there is limitation in manipulating their 

physiochemical properties to enhance drug release functionality[1]. Batch to batch 

variation from their natural origin is also an area of concern for regulating drug release 

kinetics[2]. In this regard, synthetic polymers, biodegradable or non-biodegradable, 

present alternative opportunities to exploit their structural and chemical characteristics 

tailored for specific drug delivery applications[1].  

Biodegradable synthetic polymers possess certain drawbacks as their 

biodegradability originates from reactive chemical bonds, such as anhydride, ester or 

amide bonds that are typically unstable for physiological environment[1]. Depending on 

degradation rate, by-products of biodegradable polymers like lactic and glycolic acids 

from poly(lactic acid-co-glycolic acid) (PLGA), the ‘gold standard’ of biodegradable 

polymers, can cause increases in local acidity, which lead to irritation at the application 
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site and cause instability in active drug molecules[3]. Meanwhile, the major drawback of 

non-biodegradable polymeric nanofibers is that they need to be surgically recovered after 

drug release, limiting their applications in deep tissue implantation.  

 The excretion of synthetic non-biodegradable polymers in vivo is dependent on its 

interaction with liver cells, mainly endothelial cells and Kupffer cells[4]. These cells play 

a major role in clearing foreign materials from the systemic circulation for relatively 

small sized foreign materials (7 µm)[5]. Therefore, the development of nano-sized drug 

carriers that can be easily removed from the system by endothelial or Kupffer cells has 

been an area of focus to enhance biocompatibility. 

 Several methods have been investigated to synthesize nanoparticles or 

nanofragments. Especially, nanorods or nano-whiskers having a high aspect ratio are 

more advantageous for drug delivery applications due to their anisotropy enhancing 

passive diffusion across the plasma membrane for effective phagocytosis[6]. Nano-

whiskers, elongated rod-like crystal with a dimension of 10-1000 nm in length, have been 

synthesized using several different methods[7]. These methods typically involve either 

breaking down of a large size into small particles or building up from a seed via crystal 

growth. For example, cellulose nano-whiskers of 200-250 nm in length can be 

synthesized using acid hydrolysis[8] while metal nano-whiskers of 1 µm length can be 

synthesized using high-temperature glancing angle deposition[9]. However, these methods 

cannot be applied to organic materials without hydrolysable bonds. Nanotemplate-

mediated synthesis provides a means to control the exact dimensions of nanoparticles, but 
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it is limited in its ability for mass production and its applicability to diverse types of 

polymers[10]. 

Electrospinning is a highly versatile method for synthesizing nanoscale fibers 

from a wide variety of polymers and polymer blends offering wide range of biomedical 

applications, from drug delivery to tissue engineering[11-12]. It produces ultrathin fibers 

with large surface area and superior mechanical properties and with ease of nanofiber 

functionalization for therapeutic treatment[13]. Combining this with simplicity of process 

for large-scale production, makes electrospinning a very attractive method for biomedical 

applications. However, long, continuous fibers from electrospinning are not 

biocompatible as they are too large for phagocytosis by Kupffer cells. Numerous 

techniques, such as grinding[14], cutting[15], ultrasonication[16] and homogenizers[17], have 

been utilized to fragment electrospun nanofibers, which may enhance their applicability 

as drug delivery vehicles. Ultrasonication is reported to be the most efficient method in 

terms of simplicity and uniformity, however, its utility is limited to highly brittle 

polymers[16]. In this regard, colloid-electrospinning of polymeric nanofibers with stiff 

nanoparticles may introduce brittle weak points, allowing a boarder range of polymeric 

nanofibers to be fragmented and used for drug delivery systems[18].  

 In this study, we developed a facile method to synthesize polymeric nanofiber 

fragments based on colloid electrospinning of polymer and nanoparticles, followed by 

ultrasonication. We utilized Ströber method to synthesize various sized silica 

nanoparticles, and investigated the effects of their surface modifications on the 

integration of nanoparticles in the polymer matrix in order to efficiently fragment the 
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nanofibers. The controllability of fragment length by varying the SiO2 loading on 

electrospun nanofibers and its applicability to polymers having distinct mechanical 

properties were determined, demonstrating the universal practicality in producing 

polymeric nanofiber fragments.  

 

 

3.2 Experimental 

 

3.2.1. Synthesis of SiO2 nanoparticles  

SiO2 nanoparticles were synthesized based on a previously reported method[19]. 

Briefly, a solution mixture containing 8 M ethanol (Fisher Scientific, Pittsburgh, PA), 3 M 

deionized (DI) water and 14 M ammonium hydroxide (Electron Microscopy Sciences, 

Hatfield, PA) was prepared. Mole ratio of water/tetraethyl orthosilicate (TEOS) (Sigma-

Aldrich, St. Louis, MO) was set at 27, 63 and 120 to synthesize approximately 400, 200 

and 100 nm SiO2 particles, respectively. First, ethanol and water was combined and 

allowed to mix for 10 mins under a sonication bath. Then, TEOS was added and the 

mixture was sonicated for 20 mins. Ammonium hydroxide was added dropwise to the 

solution while under sonication to promote the condensation reaction and sonication was 

continued for 60 mins. The sonication bath temperature was maintained around 30-35 ℃. 

It should be noted that the cloudiness of the solution indicates the formation of SiO2 

nanoparticles. At the end of the reaction, the particles were collected by centrifugation at 

3900 RPM for 30 mins using a high-speed Model 5810 centrifuge (Eppendorf, Enfield, 
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CT), washed with ethanol and dried under a vacuum for 30 mins. All the steps—

centrifugation, washing and drying—were performed at room temperature.  

To calcinate the SiO2 nanoparticles for enhanced hydrophobicity, the dried 

nanoparticle agglomerates were crushed into a fine powder with a mortar and pestle for 

10 mins and calcified for 3 hrs at 900 ℃ in a heat resistant crucible, using a ThermolyneTM 

benchtop furnace (Fisher Scientific). Alternatively, the calcinated SiO2 nanoparticles were 

silanized to further increase hydrophobicity as mentioned previously[20]. 200 mg of 

calcinated SiO2 nanoparticles were suspended in 30 mL of toluene (Fisher Scientific) 

containing 0.5% (v/v) trimethoxy (octadecyl) silane (OTMS) (Fisher Scientific). The 

solution was refluxed at 110 ℃ for 20 hrs. The surface modified particles were centrifuged, 

washed, and dried under a vacuum.  

 

3.2.2. Colloid-electrospinning of P(VDF-TrFE) and PCL nanofiber with SiO2 

nanoparticles 

A solution containing 7.0 wt.% poly(vinylidene fluoride-co-trifluoroethylene) 

(P(VDF-TrFE)) (70/30 mol%) (Solvay Group, France) dissolved in 64/36 weight ratio of 

N,N-dimethylformamide (DMF) (Fisher Scientific) and acetone (Fisher Scientific) was 

utilized to produce nanofibrous membranes composed of P(VDF-TrFE) nanofibers with 

approximately 80 nm in diameter, and embedded with various concentrate loadings of 

SiO2 nanoparticles. The solution was supplemented with 1.5 wt.% pyridinium formate (PF) 

buffer (Santa Cruz Biotechnology, Dallas, TX). The solution was magnetically stirred at room 

temperature until the solution was visually transparent. 0, 10, 20, 40 or 60 wt.% (in respect to 
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polymer concentration) of SiO2 nanoparticles was added to the solution and sonicated for 

1 hr for uniform particle dispersion. Each solution was separately loaded into a 10 mL 

syringe attached to a 25 G needle. The solution flow rate was controlled at 0.2 mL hr-1 by a 

syringe pump (New Era Pump Systems, Inc., Farmingdale, NY). Each solution was 

electrospun for 2 hrs on a 76 x 76 mm2 aluminum foil collector under optimized conditions 

of electrospinning distance (20 cm) and applied voltage (approximately -12 kV) (Glassman 

High Voltage, Inc., High Bridge, NJ) at 23 ℃ with an absolute humidity of 9 g m-3. During 

electrospinning, the solution was constantly mixed with a magnetic stirrer placed in the 

syringe.  

Additionally, SiO2 embedded-nanofibrous membrane composed of poly(ε-

caprolactone) (PCL) nanofibers with approximately 100 nm in diameter was synthesized 

by dissolving 4 wt.% PCL (Sigma-Aldrich) in 5:1 volume ratio of N,N,N-trifluoroethanol 

(TFE) (Oakwood Products Inc., Estill, SC) and distilled water, 1.5 wt.% (PF) buffer and 

20wt.% SiO2 nanoparticles. The solution was electrospun under constant stirring for 2 hrs 

under optimized conditions of electrospinning distance (20 cm), applied voltage (-11 kV) 

and solution feed rate (0.17 mL hr-1) at 23 ℃ with an absolute humidity of approximately 

6.0 g m-3. 
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3.2.3. Morphological and chemical characterization of SiO2 nanoparticles and SiO2-

embedded P(VDF-TrFE) nanofibrous membranes 

The morphology of the SiO2 nanoparticles and electrospun SiO2 embedded-

nanofibers was characterized using a VEGA3 scanning electron microscope (SEM) (Tescan 

Brno, Czech Republic). The SiO2 particle diameter (n=30), the nanofiber diameter (n=60), 

SiO2 particle density and inter-particle distance on individual fiber (n=50) were measured 

using ImageJ software. Fourier transform infrared spectroscopy (FTIR) of as synthesized, 

calcified and surface modified SiO2 nanoparticles was conducted using Nicolet 6700 FTIR 

Spectrometer (Fisher Scientific). Each spectrum was obtained by scanning dried powder 

samples.  

 

 

3.2.4. Fragmentation of SiO2 embedded- nanofibrous membranes 

 A 1x1 cm2 of SiO2 embedded-P(VDF-TrFE) nanofibrous membrane was 

immersed in 1 mL ethanol (Fisher Scientific) at ~4 ℃ (liquid nitrogen bath). 

Ultrasonication of the nanofibers was then carried out at a magnitude of 50 watts for 20 

mins (3 secs on and 3 secs off) using a FisherbrandTM Model 50 Sonic Dismembrator 

(Fisher Scientific). Sequential centrifugation was used to isolate the nanofiber fragments 

from unfragmented nanofiber membrane and SiO2 nanoparticles. The fragment-

containing ethanol solution was centrifuged (Centrifuge 5804, Eppendorf, Hamburg, 

Germany) at 200 g for 3 mins, then the supernatant was collected and centrifuged at 1000 

g for 4 mins. Finally, the supernatant was further centrifuged (Backman Avanti® J-E, 
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Beckman Coulter, Inc., Brea, CA) at 10,000 g for 10 mins. The fragments from the pellet 

were collected, imaged using the SEM and characterized using ImageJ.  

 

 

3.3 Results 

The proposed fragmentation method of electrospun nanofibers is based on using 

colloid electrospinning to incorporate ceramic nanoparticles as create brittle points along 

the nanofibers. Applied mechanical forces via ultrasonication would then fracture the 

nanofibers near these brittle points under a temperature below the polymer’s glass 

transition temperature. (Figure 3.1). The key for this scheme include 1) the size of 

nanoparticle size that is small enough to allow colloid electrospinning, but large enough 

to create weak junctions along the nanofiber and 2) the surface characteristics of 

nanoparticles that allows integration of the particles within the nanofiber. 

 

3.3.1 Optimization of SiO2 nanoparticle size and surface hydrophobicity for colloid 

electrospinning 

 In order to determine the optimal reaction conditions for synthesis of 

homogeneous and monodispersed SiO2 nanoparticles, the effect of [H2O]/[TEOS] mole 

ratio on particle size was studied determined (Figure 3.2). With increasing the ratio, the 

particle size decreased along with size variation to form monodispersed SiO2 

nanoparticles.  
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 Furthermore, the binding efficiency between SiO2 nanoparticles and P(VDF-

TrFE) nanofibers was optimized to promote complete embedment of the nanoparticles 

into the fibers. SiO2 nanoparticles of approximately 200 nm in diameter (Figure 3.2b) 

with three types of surface modifications—as-synthesized (control), calcinated and 

calcinated followed by silanized—were prepared and characterized using FTIR (Figure 

3.3). The control SiO2 nanoparticles without post-modification exhibited transmittance 

peak approximately at 800 and a broad peak centered approximately at 3400 cm-1, both of 

which attributed to the hydroxide group, indicating the degree of hydrophobicity. These 

characteristic peaks were not observed for calcinated or calcinated-silanized SiO2 

nanoparticles. Furthermore, the calcinated SiO2 nanoparticles with subsequent 

silanization exhibited the strongest peak associated with siloxane (Si-O-Si) at 

approximately 1000 cm-1, indicating the greatest hydrophobicity. Each type of SiO2 

nanoparticle with different surface modifications was electrospun with P(VDF-TrFE) to 

synthesize nanocomposite fibrous membrane (Figure 3.4). Overall, all conditions showed 

a beads-on-a-string morphology. However, closer examination revealed that the 

calcinated nanoparticles were well-integrated within the nanofibers as compared to 

control and calcinated-silanized SiO2 nanoparticle where the nanoparticles were attached 

to the surface of the nanofibers.  
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3.3.2. Fragmentation of SiO2 embedded-nanofibers 

 To demonstrate controllability of nanofiber fragment length, P(VDF-TrFE) 

nanofibers embedded with various concentrations of calcinated SiO2 nanoparticles 

including 0, 10, 20, 40 or 60 wt.% loading were synthesized and characterized. The 

nanofibers of diameter 210 ± 18 nm were utilized for colloid electrospinning (Figure 

3.5a). As compared to control nanofibers without SiO2 nanoparticles, all conditions 

exhibited the typical cylindrical shape of electrospun nanofibers (Figure 3.5b, c-f: top). 

Closer examination showed that the nanoparticles were well-integrated within the 

nanofibers having a thin layer of the polymer wrapping around the particles (Figure 3.5c-

f:bottom). The resulting fiber diameter, SiO2 particle density and inter-particle distance 

on an individual fiber of all five conditions were compared as a function of SiO2 loading 

(Figure 3.6). Regardless of SiO2 loading, the P(VDF-TrFE) nanofiber diameter remained 

at approximately 80 nm (Figure 3.6a). As expected, the particle density increased as 

SiO2 loading increasing (Figure 3.6b), and as a result, the inter-particle distance 

decreased (Figure 3.6c). Ultrasonication at magnitude of 50 watts for 20 mins was 

performed on the P(VDF-TrFE) nanofibers embedded with 0, 10, 20, 40 and 60 wt.% 

SiO2 nanoparticles and the fragments were subsequently isolated by sequential 

centrifugation (Figure 3.7a-e). As compared to the control sample where the 

microstructure of the nanofibrous membrane was intact after mechanical perturbation, the 

nanofibers were fragmented with their length decreased as the nanoparticle loading 

increased. The length of nanofiber fragments was closely related to the interparticle 
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distance in as-synthesized composite nanofibers, clearly demonstrating the controllability 

of this method to produce nanofiber fragments with a desired length (Figure 3.7f).  

 To demonstrate the universal applicability of utilizing colloid electrospinning, 

followed by mechanical perturbation in producing various types of polymer nanofibers 

fragments, P(VDF-TrFE) and PCL nanofibrous membranes were synthesized with and 

without SiO2 nanoparticles and subjected to fragmentation. P(VDF-TrFE) nanofibers at 

this diameter range having the elastic modulus of 8x106 kPa[21] are considered stiff while 

PCL represents relatively soft nanofibers have elastic modulus of 19 kPa[22]. Both types 

of nanofibers without SiO2 nanoparticles had an intact membrane after ultrasonication 

while sonication of nanofibers loaded with 20 wt.% SiO2 nanoparticles resulted in 

approximately 4 µm length fragments(Figure 3.7e). These results suggest that the 

method is applicable to a variety of polymers in producing nanofiber fragments, 

regardless of their intrinsic mechanical properties.  

 

3.4 Discussion 

 Developing polymeric nanofiber-based drug delivery systems requires careful 

selection of polymers based on the in vivo application of these systems to avoid 

cytotoxicity or other side effects in the body. Despite the advantage of using natural 

polymers normally found in the body, they typically have large batch-to-batch variation 

and possess limitations in terms of manipulating their properties for specific applications. 

In contrast, synthetic polymers are easily altered to fit the physicochemical properties 

required for specific applications. Numerous studies have investigated the utility of 
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biodegradable synthetic polymeric nanofibers for drug delivery systems[23-27]. Canbolat et 

al. examined the drug release profile of naproxen, an inflammatory drug, from PCL 

nanofibers[26]. Liu et al. synthesized dichloroacetate (DCA) loaded-PLA nanofibers and 

investigated the release of DCA at tumor site[27]. However, biodegradation of these 

polymers has been reported to be unstable in the body with their initial burst drug 

release/degradation, leading to increased local acidity and irritation at the application site. 

This has instigated researchers to look into enhancing biocompatibility of non-

biodegradable synthetic polymeric materials for in vivo applications. Nano-fragmentation 

is a novel method to enhance biocompatibility of non-biodegradable polymers as the liver 

cells, such as Kupffer or endothelial cells can clear out the small fragments from the 

body. Nano-whiskers and nanorods have been synthesized using various methods for 

metals and ceramics. Due to the complexity or inapplicability of these methods, however, 

they are difficult to use for mass production polymeric materials that provide excellent 

platform for drug delivery applications. Electrospinning, o the other hand, is a simple and 

versatile method capable of mass-production of ultra-thin polymeric nanofibers with high 

surface area suitable for drug delivery applications. Ultrasonication has shown to induce 

fragmentation of brittle polymeric nanofibers. Sawawi et al. reported production of short 

fibers from brittle polymers, poly(styrene) and poly(methyl methacrylate), using 

ultrasonication but more ductile polymers, such as poly(L-lactide) or poly(acrylonitrile), 

required additional processing before fragmentation[16].In this regard, we utilized colloid 

electrospinning to integrate nanoparticles within nanofibers as a way to introduce 

mechanical weak points along the fibers. These stress points were utilized for efficient 
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fracturing of otherwise ductile polymer nanofibers, applicable for a wide range of 

polymers.  

This study utilized SiO2 nanoparticles to create a beads-on-a-string morphology of 

electrospun fibers. The size and surface chemistry of the nanoparticles are critical in 

producing such a structure that is suitable to create mechanical weak points along the 

fiber. It is important for the embedded nanoparticles to be fully integrated into the 

polymer, making the edges of polymer-nanoparticle interface necking points under 

mechanical perturbation, thus, enhancing the fragmentation of the nanofibers. Compared 

to the 100 nm SiO2 nanoparticles which, when integrated within the nanofiber, would 

contain a thick layer of polymer around the nanoparticle due to the high nanofiber to 

nanoparticle diameter ratio, this study used 200 nm SiO2 nanoparticles to integrate within 

the nanofibers. When the nanoparticle was too large at 400 nm, they exhibited poor 

integration within the nanofiber. We also showed that hydrophobicity of SiO2 

nanoparticles, regulated by calcination and/or silanization, is instrumental for the 

appropriate integration of two phases. Relatively hydrophobic nature of as-synthesized 

nanoparticles due to the hydroxide groups present on the surface, resulted in failing 

complete integration of the nanoparticles within the center of the nanofibers. Similarly, 

the nanoparticles with a silane layer exhibited superhydrophobicity, failing to match the 

properties of the pre-cursor polymer solution, required for full integration. In contrast, the 

calcinated nanoparticles matched the hydrophobicity properties of the pre-cursor solution 

to produce efficient integration within the nanofibers, suggesting the importance of 
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regulating nanoparticle surface chemistry compatible to electrospinning pre-cursor 

solution.  

Nanofibers with various SiO2 nanoparticle loading were synthesized to show the 

controllability of the fragment length. With increasing SiO2 loading, the particle density 

within the nanofibrous membrane increased, which decreased the inter-particle distance 

between two nanoparticles along an individual nanofiber. The fragmentation of the SiO2 

embedded-nanofibers revealed that nanofibers with higher SiO2 loading had 

proportionally smaller length fragments. The inter-particle distance and fragment length 

were closely correlated, proving that the fragment length is solely dependent on SiO2 

loading within the nanofibers. 

The role of nanoparticles in fragmentation was further confirmed by synthesizing 

and ultrasonicating nanofibers without the SiO2 nanoparticles. Nanofibrous membranes 

without nanoparticle integration remained as intact membranes even under high power 

sonication, whereas SiO2 embedded-nanofibers successfully fragmented. Furthermore, 

pre-cursor polymers having distinct intrinsic mechanical properties were tested with this 

fragmentation method to demonstrate its broad applicability for various drug delivery 

platforms. Despite the significantly different elastic modulus of P(VDF-TrFE) (8 x 106 

kPa)[26] and PCL (19 kPa)[27] nanofibrous membranes, both were fragmented once 

embedded with SiO2 nanoparticles, suggesting fragmentation is solely dependent on the 

integration of nanoparticles, which create weak points along the nanofibers making them 

more likely to break under applied forces.  
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3.5 Conclusion 

 In summary, we developed a novel method for electrospun fiber fragmentation, 

based on colloid electrospinning and ultrasonication. By creating a beads-on-a-string 

morphology of electrospun nanofibers, we introduced brittle points along the nanofibers 

that can be efficiently fractured under mechanical perturbation. The effects of silica 

nanoparticle size and their surface modifications on the integration of the nanoparticles 

within the polymer matrix were investigated to improve the efficiency of fragmentation. 

We demonstrated that the nanofiber fragment length can be controlled by the SiO2 

loading on electrospun nanofibers. Utilizing pure nanofibers without nanoparticles, we 

showed that the integration of nanoparticles is the sole contributing factor in creating 

fragments. Fragmentation of polymer nanofibers with distinct mechanical properties was 

also performed to show the broad applicability of this method for various applications.  
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3.6 Figures  

 

 
 

Figure 3.1 Schematic illustration of process for electrospun nanofiber 

fragmentation.  

Emulsion electrospinning is used to synthesize nanofibers embedded with SiO2 

nanoparticles. As-spun nanofibers are subjected to ultrasonication at low temperature in a 

liquid nitrogen bath for fragmentation.  
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Figure 3.2 Optimization of [H2O]/[TEOS] mole ratio to synthesize different sized 

SiO2 nanoparticles. 

SEM images of (a) 27, (b) 63, and (c) 120 [H2O]/[TEOS] mole ratios resulting in 

approximately 400, 200 and 100 nm SiO2 nanoparticles (scale bar = 2 µm). (d) Average 

diameter of SiO2 nanoparticles as a function of [H2O]/[TEOS] mole ratio. 
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Figure 3.3 Morphological characterization of electrospun P(VDF-TrFE) fibers 

embedded with various sizes of SiO2 nanoparticles. 

SEM images of electrospun P(VDF-TrFE) nanofibers embedded with (a) 100, (b) 200, 

and (c) 400 nm SiO2 nanoparticles (scale bar = 1 µm). 
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Figure 3.4 Fourier Transform Spectroscopy Characterization of SiO2 nanoparticles 

with various surface modifications.  

FTIR spectra comparing the chemical bonding between SiO2 nanoparticles with no 

modification (control), calcination and calcination+salinization. 
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Figure 3.5 Morphological characterization of electrospun P(VDF-TrFE) fibers 

embedded with SiO2 nanoparticles having various surface modifications. 

SEM images of electrospun P(VDF-TrFE) nanofibers embedded with (a) as-synthesized 

SiO2 nanoparticles using the Ströber method or those subjected to enhanced 

hydrophobicity by (b) calcination at 900 ℃ for 3 hours or (c) calcination followed by 

surface salinization (inset scale bar = 2 µm). (d-f) SEM images of SiO2 nanoparticles 

embedded on the surface (red arrow) or in the middle (green arrow) of P(VDF-TrFE) 

nanofibers (scale bar = 500 nm). 

 

 

 

 

 

 

 

 

 

 

 

 

 



87 

 
 

Figure 3.6 Morphological characterization of electrospun P(VDF-TrFE) nanofibers 

embedded with various SiO2 nanoparticles loadings.  

SEM images of (a) calcinated SiO2 nanoparticles (scale bar = 2 µm), (b) electrospun 

P(VDF-TrFE) nanofibers without SiO2 nanoparticles (scale bar = 2 µm), and electrospun 

P(VDF-TrFE) nanofibers with (c) 10, (d) 20, (e) 40 and (f) 60 wt.% SiO2 nanoparticles. 

SEM images showing (c-f, top) no significant change in fiber morphology with 

increasing particle density (scale bar = 2 µm) and (c-f, bottom) well-integrated 

nanoparticles with the polymer nanofibers (scale bar = 500 nm).  
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Figure 3.7 Experimental variable (SiO2 wt.%) and its effect on P(VDF-TrFE) fiber 

diameter, SiO2 particle density and inter-particle distance on individual nanofiber. 
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Figure 3.8 SiO2 nanoparticle loading-dependent (P(VDF-TrFE)) fragment length. 

SEM images of P(VDF-TrFE) nanofiber fragments after ultrasonication of P(VDF-TrFE) 

nanofibrous membrane embedded with (a) 0, (b) 10, (c) 20, (d) 40, and (e) 60 wt.% SiO2 

nanoparticles (scale bar = 2 µm). (f) P(VDF-TrFE) nanofiber fragment length and inter-

particle distance as a function of SiO2 nanoparticle loading. 
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Figure 3.9 Morphological characterization of polyvinylidene-trifluoroethylene 

(P(VDF-TrFE)) and poly(ε-caprolactone) (PCL) nanofibers after fragmentation.  

SEM images of electrospun (a-d) P(VDF-TrFE) and (e-h) PCL nanofibers (a, e) without 

and (c, g) with 20 wt.% SiO2 nanoparticles before ultrasonication and their corresponding 

fragments (b,f), (d-h) after ultrasonication.  
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Chapter 4. Magneto-& opto-stimulus-responsive nanofibers as a controlled drug 

delivery system 

 

4.1 Introduction 

 The pitfalls of conventional drug administration, such as the—instability of drug 

molecules, non-specific biodistribution, high metabolic rate, high cytotoxicity, all low 

therapeutic efficacy—remain a challenge for the treatment of chronic diseases[1]. 

Nanotherapeutics is an emerging field addressing these limitations and drawbacks by 

utilizing nanoscale complexes consisting of nanocarrier and therapeutic drug. 

Specifically, nanoparticle-based therapies have been extensively researched and have 

showed promising results in clinical studies[2-5]. They improve specificity to drug targets 

and stability with a lower clearance rate, contributing to an enhanced therapeutic efficacy. 

Despite these findings, on-demand controllability of the drug release remains a prominent 

challenge in treating chronic diseases that require optimal dosing for a prolonged 

duration. Most drug delivery systems rely on passive diffusion, erosion, or degradation of 

the drug carrier to induce drug release[6-8]. Some clinical treatments of chronic diseases 

such as insulin therapy or chemotherapy, however, require varying drug dosages over 

time to maintain optimal therapeutic efficacy and prevent cytotoxicity. Such treatments 

need better controllability over the release of the drugs.   

A promising approach of nanotherapeutics in chronic disease treatment is the use 

of stimuli-responsive nanomaterials that respond to changes in the environment with their 

material property changes. These materials are designed to respond to endogenous (pH, 
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enzymatic activity, redox or glucose concentration) and/or exogenous (light, magnetic 

field, mechanical force or electrical field). In Chapter 2, we described the development of 

a drug delivery system based on piezoelectric material, responsive to mechanical 

actuation. The presented study aims at developing yet another stimuli-responsive, 

controlled drug delivery platform, that can be activated by, magnetic or optical stimulus, 

with a composite of  magnetic nanoparticles (SPIONs) and biodegradable nanofibers.  

Superparamagnetic iron oxide nanoparticles (SPIONs) are one of the most used 

SPIONs for clinical applications due to their excellent properties. SPIONs have a 

diameter between 10-100 nm with a small inner magnetic core, usually composed of 

Fe3O4 (magnetite) or γ-Fe2O3 (maghemite)[9]. Between 10-20 nm diameter, the particles 

reach a coercivity of zero and exhibit “superparamagnetism”, that is the particles 

magnetize in the presence of an external magnetic field and stably demagnetize once the 

magnetic field is removed[10]. SPIONs are also non-toxic as the iron from the degraded 

Fe3O4 core becomes a constituent for hemoglobin and other iron molecules commonly 

found in the body[11]. These features make them suitable for controlled drug delivery 

applications as they can be magnetically controlled by an external stimulus and produce 

no toxic effects. Several recent on-going studies have demonstrated SPIONs as promising 

nanomaterial for therapeutic or diagnostic applications for the treatment of cancer[12-16]. 

Even though standalone SPIONs, with drugs directly loaded on them typically via 

surface conjugation, have promising capabilities in delivering drugs, there is a growing 

interest in the use of polymer nanofibers loaded with SPIONs for therapeutic treatment[17-

19]. The main advantage of using nanofibers as drug carriers include a higher drug loading 
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efficiency due to a greater volume to cargo drug molecules as compared to SPIONs 

which rely on surface adsorption of drug molecules. When the SPIONs are subjected to 

an alternating magnetic field (AMF), typically at radio frequencies (RFs), they generate 

heat in the surrounding medium due to Néel relaxation[20]. Interestingly, a recent study 

demonstrated that SPIONs can be activated by an optical stimulation with a specific 

wavelength in addition to magnetic fields, further broadening their utility in various 

applications[21]. In this regard, a composite of thermo-sensitive polymeric nanofibers with 

heat generating SPIONs provides an opportunity to develop an exogenous stimulus-

responsive system; the activation of SPIONs by RF-AMPs or laser illumination heats up 

the SPIONs, changing the SPION-encapsulating polymer structure. This, in turn, induces 

drug release, providing controllability with “on-off” modes via exogenous magnetic 

fields or laser light (Figure 4.1). To be applicable for biomedical applications, the 

nanofiber polymer needs to be biodegradable, biocompatible, and toxicologically safe. 

The most common polymers approved for clinical internal application by the U.S. Food 

and Drug administration (FDA), include poly(L-lactic acid) (PLLA), poly(lactide-co-

glycolide) (PLGA) and poly(ɛ-caprolactone) (PCL)[22-23], which are currently used as 

bone fixtures[24], medical sutures[23] or drug delivery[25-26]. In this study, PCL was selected 

as the nanofiber polymer due to its low melting point compared to other polymers[23], 

requiring lower magnetic strength to trigger its structural changes, hence drug release.  

 The aim of this study was to develop a controlled drug delivery platform using 

magneto-, opto-stimuli responsive nanofibers. PCL nanofibers were functionalized by 

integrating superparamagnetic iron oxide nanoparticles and loaded with a model drug via 
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the electrospinning process. We demonstrate that the release of the model drug is fully 

governed by the structural changes of the thermo-sensitive nanofibers as a response to the 

heat generation from the SPIONs exposed to the radio frequency (RF)-electromagnetic 

(EM) field or laser illumination.  

 

4.2 Experimental 

 

4.2.1 Synthesis and characteristics of superparamagnetic iron oxide nanoparticles 

(SPIONs) 

 The magnetite nanoparticles with size variable from 8 to 15 nm in diameter were 

synthesized via seed-mediated growth method[27-28]. To synthesize the magnetite seeds, 

the mixture of iron acetylacetonate (Fe(acac)3) (2 mmol), oleic acid (2 mmol), oleylamine 

(2 mmol), 1,2-hexadecanediol (10 mmol) and phenyl ether (20 ml) was heated to 200 ℃ 

for 30 min under a flow of nitrogen, followed by refluxing at 300 ℃ for 1h and cooling 

to room temperature. As-prepared seeds were then dispersed in ethanol and collected via 

centrifugation. After further washing with hexane, 8 nm magnetite seeds were obtained. 

For subsequent growth of the seeds, the dispersion of magnetite seeds in hexane was 

introduced to a growth solution (Fe(acac)3 and phenyl ether) in the presence of oleic acid, 

oleylamine and 1,2-tetradecanediol. The mixture was then heated to 200 ℃ and kept at 

this temperature with different time conditions (1h or 1.5h) under nitrogen atmosphere to 

tune the particle size. After growth, the reaction mixture was cooled to room temperature 

followed by the addition of ethanol and redispersion in hexane. Both high-resolution 
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transmission electron microscopy (HRTEM) and X-ray diffraction (XRD) were used to 

obtain structure information of as-prepared magnetite nanoparticles. TEM images were 

acquired using a transmission electron microscope (JEOL, JEM-2100F, Japan). Powder 

XRD measurements were performed with an X-ray diffractometer (Rigaku, D/MAX-

2500, Japan). 

 The hyperthermic performance of SPIONs was evaluated. A solution containing 

8.9 v/v% SPIONs (14 nm) in ethanol (Fisher Scientific, Pittsburg, PA) was prepared and 

exposed to RF-EM field for 225 s. The temperature of the solution was measured at 

varying time points between 0 and 225 s.  

 

4.2.2. Synthesis and characterization of electrospun SPION-embedded poly(ɛ-

caprolactone) (PCL) nanofibers 

 To produce Fe3O4-embedded PCL nanofibers, solution containing 8wt.% of PCL 

(Sigma-Aldrich, St. Louis, MO) dissolved in 5:1 volume ratio of trifluoroethanol (TFE) 

(Oakwood Chemical Inc., Estill, SC) and DI water was prepared. After the complete 

dissolution of PCL under magnetic stirring, 15 or 20 wt.% of 14 nm Fe3O4 SPIONs were 

added to the solution and mixed by bath sonication for 1 hr. Eosin Y (Sigma-Aldrich), a 

model drug used in this study, at a concentration of 0.442g/mL was added to the SPION-

PCL solution. The solution was electrospun under optimized conditions of 

electrospinning distance (20 cm), applied voltage (approximately -7.6 kV) and solution 

feed rate (0.2 mL hr-1) at 23 ℃ and absolute humidity of 6.6 g m-3 for 2 hrs. 
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 The morphology of the resulting nanofibers was characterized using a VEGA3 

scanning electron microscope (SEM) (Tescan Brno, Czech Republic). Fiber diameter was 

assessed using ImageJ software (n=40). Fourier transform infrared spectroscopy (FTIR) 

of the nanofibers was conducted to determine the presence of SPIONs within the 

nanofibers with a Nicolet 6700 FTIR Spectrometer (Fisher Scientific, Pittsburgh, PA). 

 

4.2.3 Application of magnetic fields and laser illumination on SPION-embedded poly(ɛ-

caprolactone) (PCL) nanofibers 

 Radio frequency (RF)-alternating magnetic field (AMF) at a magnitude of 88 mT 

and frequency of 80 kHz (15 kW induction heater) (HaiTuo Machinery Equipment Co., 

Ltd, China), was applied to a 0.5x0.5 cm2 sample of SPION-embedded nanofibers with a 

thickness of approximately 20 µm, suspended in DI water in a microtube. Alternatively, 

the samples placed in a 6 well-plate and submerged in DI water, were exposed to 804 nm 

laser having a power of 5 watts/cm2 with a spot size of 0.2 mm2. After the exposure to 

magnetic fields or laser illumination, the samples were removed from the solution and 

allowed to dry. The morphology of the fibers was assessed by SEM and the percentage of 

area showing deformation was measured using ImageJ software.  

 

4.2.4 Drug release calibration and quantification 

 From a series of titrated eosin Y concentrations (0.06, 0.6, 6, 60 and 600 µg/ml) 

dissolved in DI water, 40 uL of each solution was pipetted into a 96-well plate (3 

different wells per solutions) to determine a standard curve between fluorescent intensity 
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and drug concentration (Figure App.A3). Fluorescent intensity from each well was 

measured using a SpectraMax Plus 384 Microplate Reader (Molecular Devices, LLC., 

San Jose, CA). The produced standard curve of relative fluorescent unit versus drug 

concentration was used to quantify the amount of drug release from the SPION-

embedded PCL nanofibers.  

A 0.5x0.5 cm2 SPION-PCL nanofibrous membrane (approximately 20 µm-thick)  

loaded with eosin Y was used to determine drug release kinetics under the application of 

magnetic fields. Extensive washing was carried out to remove surface-bound eosin-Y 

from the nanofibers before the experiments in order to minimize passive, diffusive drug 

release. The sample was further washed with fresh DI water and placed in 20 µL of DI 

water in a microtube and exposed to radio frequency (RF)-electromagnetic (EM) fields at 

a magnitude of 80 mT for various durations.  

 The kinetics of drug release profile was determined by the microplate 

reader by fluorescent intensity measurements in the collected supernatants. Samples 

placed in DI water without magnetic field activation were used as control. Pure DI water 

was used as the negative control.  

 

4.2.5. Statistical analysis 

All experiments were conducted at minimum in triplicate unless otherwise noted. 

Data are represented as mean ± standard deviation. Statistical analysis was conducted to 

determine significance by one-way analysis of variance (ANOVA) with Tukey’s posthoc 
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testing using SPSS software (v.19.0, IBM Corp., Armonk, NY). A value of p < 0.05 was 

regarded as statistically significant. 

 

 

 

4.3 Results  

 

To demonstrate the proof-of-concept of utilizing magneto- & opto-stimulus 

responsive biodegradable nanofibers as an on-demand drug delivery platform, SPIONs 

were integrated within the nanofibers via the electrospinning process, with the application 

of alternating magnetic fields or laser illumination prompting structural changes of the 

nanofibers, and thus triggering drug release (Figure 4.2).  

 

4.3.1 Functionalization of PCL nanofibers with superparamagnetic nanoparticles 

 To synthesize nanofibers responsive to exogenous stimuli in a non-contact 

manner, magnetite (Fe3O4) nanoparticles or SPIONs with an average diameter of 14.06 ± 

1.49 nm were utilized (Figure 4.3a, b). The hyperthermic performance of the SPIONs 

under the RF-EM field was evaluated to show temperature increase of the dispersion 

solution as a function of magnetic field exposure duration (Figure 4.3c). Optical images 

of PCL and SPION-embedded PCL nanofibers clearly demonstrate the successful 

embedment of the SPIONs into the nanofibrous PCL matrix, with the brown color 

indicative of the presence of the SPIONs (Figure 4.4a, b). The SEM images of the 

nanofibers show that the presence of SPIONs did not alter the typical cylindrical 
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morphology of the fibers (Figure 4.4c, d). However, the average diameter decreased 

from 435 ± 67 to 121 ± 34 nm when the SPIONs were incorporated. The presence of the 

MNPs incorporated within the PCL nanofiber matrices was further confirmed by FTIR. 

The FTIR spectra of pure SPIONs, pure PCL nanofibers, and SPION-embedded PCL 

nanofibers were compared in Figure 4.5. The pure Fe3O4 nanoparticles showed a 

transmittance characteristic peak approximately at 500 cm-1, which attributed to the bond 

stretching between iron and oxide ions. Similarly, the characteristic peak was also found 

in the FTIR spectrum of SPION-embedded PCL nanofibers, while they also showed 

similar transmittance patterns to those of pure PCL nanofibers. Peaks corresponding to 

alkyl, carbonyl and ether groups of PCL were detected approximately at 3000 cm-1, 1750 

cm-1, and 1500-1000 cm-1, respectively. Considering the fact that SPIONs were not 

visibly observed either on the surface of the nanofibers or in the pores within the 

nanofibrous network, therefore, they are likely located within the volume of the PCL 

nanofibers.  

 

 

4.3.2 Effect of alternating magnetic field and laser illumination on SPION loaded-PCL 

nanofibers  

To demonstrate structural changes of SPION-embedded PCL nanofibers in 

response to non-contact, exogenous stimuli, the nanofibers were exposed to either RF-

EM fields at a magnitude of 88 mT and frequency of 80 kHz or laser illumination at a 

power of 5 watts/cm2 and a spot size of 0.2 mm2 (Figure 4.6). Morphological changes of 



103 

SPION-embedded PCL nanofibers similar to melting were observed (Figure 4.6a,b,c). In 

comparisons, pure PCL nanofibers that were subjected to the same magnetic or optical 

stimulation condition did not exhibit any morphological changes (Figure 4.6d, e). These 

results demonstrate that the morphological changes observed in the SPION-embedded 

PCL nanofibers are likely from melting due to SPION-generated heat upon activation.  

To determine the effects of the composite composition on the morphological 

changes upon activation, PCL nanofibers were embedded with various concentrations of 

SPIONs(Figure 4.7). The fibrous morphology did not significantly change regardless of 

SPION concentration, but it did affect the fiber size as the concentration of SPION 

increased, increasing the fiber diameter from 130 ± 21 nm to 195 ± 30 nm. The 

effectiveness of the applied RF-EM fields was SPION-concentration dependent, where 

the  samples with 20 wt.% SPIONs (Figure 4.7a, b) showed a greater area of nanofibers 

undergoing structural change compared to the sample with 15 wt.% MNP (Figure 

4.7c,d). Moreover, to test the effect of stimulation duration on morphological changes of 

nanofibers upon activation, PCL nanofibers embedded with 20 wt.% SPIONs were 

subjected to RF-EM fields for different exposure durations (Figure 4.8). Compared to 

SPION-embedded PCL nanofibers without any exposure to RF-EM fields (Figure 4.8a), 

nanofibers exposed to RF-EM fields clearly showed morphological changes, significantly 

depending on the exposure duration. A shorter duration initiates nanofiber merging, 

typically observed when PCL nanofibers are acutely exposed to a high temperature heat 

source (Figure 4.8b). Activation for more than 5 mins led to the destruction of fibrous 

morphology in more than 50% of the total surface area (Figure 4.8e). With increasing 
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exposure duration to RF-EM fields, the area fraction of morphological changes in the 

nanofiber matrices proportionally increased, suggesting a good control over the drug 

release kinetics relying on the polymer structure (Figure 4.8f). 

 

4.3.3 In vitro drug release  

 To demonstrate the on-demand drug release from the SPION-embedded PCL 

nanofibers, eosin Y, a fluorescent dye with its molecular weight within a range of many 

medicinal molecules, was employed as model drug. A standard curve was generated by 

measuring fluorescence intensities of various concentrations of standard solutions (0.06, 

0.6, 6, 60 and 600 µg/ml) (Figure S4.1).  

 To determine the controllability of the SPION-embedded PCL nanofibers, 

different durations of RF-EM fields were applied (for 3, 5, and 10 mins at 88 mT and 80 

kHz). As expected from the nanofiber melting area-dependency on magnetic field 

exposure duration, greater exposure duration to RF-EM fields induced the release of 

greater drug amount (Figure 4.9). In contrast, pure PCL nanofibers loaded with the 

model drug released insignificant amounts upon activation for all exposure durations, 

suggesting minimal passive diffusion-based release and demonstrating the SPION 

activation-induced nanofiber melting being the major mechanism of drug release. 
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4.4 Discussion 

Patients suffering from chronic illness, have a constantly changing therapeutic 

need to accommodate the progression of the disease over time. Precisely controlled, on-

demand drug delivery systems would fulfill this requirement by providing a means to 

administrate varying doses of drugs for proper and efficient therapeutic treatment. In this 

regard, the emerging field of nanotherapeutics has produced many various drug delivery 

modalities utilizing nanoscale complexes consisting of drug carriers and active drug 

molecules. Several drug delivery systems using different nanoparticles, such as 

liposomes[29], dendrimers[30], polymeric nanoparticle[5], and magnetic nanoparticles[31] 

have been studied due to their ability to enhance aqueous solubility of hydrophobic drugs 

and prolong drug half-life[32]. For example, doxorubicin-loaded liposome nanoparticles 

were shown to have better specificity and a longer half-life than ‘free’ doxorubicin 

molecules in treatment of solid tumors.[4]  Docetaxel encapsulated polymeric 

nanoparticles exhibited a lower clearance rate and retained a high drug concentration, 

contributing to an enhanced therapeutic efficacy targeting prostate tumors[5]. However, 

these systems typically rely on the passive release of drugs and, therefore, lack the 

controllability, necessary for therapeutic treatment of chronic disease. 

Stimuli-responsive drug delivery systems provide such the controllability for 

precise on-demand drug administration as the trigger-responsive nanomaterials only 

release the drug under a stimulus. This avoids the extra burden on the body’s metabolic 

state and prevent overdosing[33]. These systems involve the use of endogenous triggers 

owing to physiological changes, such as pH or temperature, or exogenous stimuli, such as 
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light, ultrasound, mechanical force or magnetic field[34]. Due to the challenges of 

regulating physiological parameters to trigger drug release, however, external stimuli 

responsive systems provide a better control over on-demand drug release for chronic 

disease treatment.  

This study developed an on-demand drug delivery system utilizing magneto- and 

opto-stimuli responsive nanofibers by functional integration of SPIONs. A previous study 

has demonstrated the feasibility of incorporating magnetic nanoparticles into electrospun 

nanofibers for drug delivery applications. However, it did not pursue to fully utilize the 

functionality of magnetic nanoparticles as the study was limited in investigating passive, 

diffusional drug release[19]. In contrast, our study exploited the Néel relaxation effects or 

localized surface plasmon resonance of SPIONs, where they generate heat under an 

alternating magnetic field or a laser at near-infrared wavelength[20-21]. Iron oxide 

nanoparticles, including magnetite, Fe3O4, with diameter less than 15 nm are known to 

have superparamagnetic properties at room temperature[35]. The heating efficiency of 

SPIONs, measured in terms of the specific absorption rate (SAR), has been shown to 

exhibit the highest with 10-15 nm diameter[36]. In this regard, out study used 14 nm 

SPIONs and integrated them into a nanofibrous matrix to substantially enhance drug 

loading capacity, as compared to nanoparticles themselves. Combining these particles 

with thermosensitive polymeric nanofibers allowed us to develop an exogenous stimuli-

responsive drug delivery system, where the heat generated from the SPIONs upon 

magnetic or optical activation, causes structural changes of the drug-loaded nanofibers, 

leading to release of the drug. PCL polymer, due to its low melting point, in addition to 
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its biodegradability and biocompatibility, was used to synthesize the nanofibers, requiring 

lower magnitudes of magnetic field or laser power to materialize the structural changes. 

In order to test the stimuli-responsiveness of the SPION-embedded nanofibers, 

RF-EM fields with a magnitude of 88 mT and frequency of 80 kHz or laser illumination 

at a power of 5 watts/cm2 and a spot size of 0.2 mm2 was utilized as an external stimulus. 

The ranges of these external stimuli are considered safe for human applications[21, 37]. 

Considering the penetration depth of laser light with the wavelength around 800 nm at 3 

mm, the activation of the drug delivery system with laser illumination would be useful 

for more casual hypodermal applications[38]. In contrast, magnetic activation that requires 

expensive instruments (i.e., MRI) would be more suitable for deep tissue applications. 

Regardless of stimulation methods, the morphology of SPION-embedded nanofibers 

changes from round cylindrical shape to melted structure fused together. This is due to 

the magnetization of the SPIONs under the (opto-) magnetic field and the heat dissipated 

from the particles because of Néel relaxation, melting the individual nanofibers. 

We demonstrated that several different approaches can be employed to control 

drug release kinetics. The responsiveness of the system was dependent on SPION 

loading, where a greater amount of SPIONs per nanofiber induced a greater degree of 

nanofiber melting. Interestingly, the overall fibrous morphology of PCL nanofibers was 

not significantly affected by the amount of SPION loading in the range we examined in 

this study, suggesting a robust control over drug release kinetics, independent of other 

factors. Another method to control the amount of drug release includes the exposure 

duration to external stimuli. The structural change, determined from melted area fraction, 
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was linearly related to the exposure duration, demonstrating the controllability of this 

drug delivery system. However, the optimization of SPION loading, drug release kinetics 

depending on specifics of drug molecules (e.g., size, hydrophilicity, etc.) or hysteresis 

effect after prior structural changes was not determined in this proof-of-concept study. 

Nevertheless, we demonstrated that SPION-embedded thermoplastic polymer nanofibers 

provide an excellent means for on-demand drug delivery systems.  

 

4.5 Conclusion 

 In summary, we developed a magneto-, opto-stimuli responsive drug delivery 

system based on electrospun thermoplastic nanofibers functionalized with SPION 

loading. We demonstrated structural changes of thermo-sensitive nanofibers due to the 

heat generating Néel relaxation and localized surface plasmon resonance effects from 

SPIONs under magnetic fields and laser light, respectively. The dependency of nanofiber 

structural change on SPION loading into the nanofibers and duration of stimulus was 

shown to demonstrate the tunability of drug release. Overall, we demonstrated that 

SPION-embedded thermoplastic polymer is an attractive platform for on-demand drug 

delivery that can be activated by multiple exogenous stimuli.  
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4.6 Figures 

 

 
 

Figure 4.1 Schematic of magnetic & optic stimuli-responsive drug carriers for 

controlled drug delivery applications in vivo.  
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Figure 4.2 Illustration of overall scheme for the synthesis and subsequent activation 

of drug delivery carriers responsive to magnetic fields or laser lights for controlled 

drug delivery.  
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Figure 4.3 Morphological and hyperthermic characterization of SPIONs. 

(a) Transmission electron microscopy (TEM) image of Fe2O3 magnetic nanoparticles 

(SPIONs) (scale bar = 20 nm). (b) Particle size distribution of SPIONs. (c) Temperature 

rise of SPION dispersion solution under RF-EM field duration (magnitude of 88 mT and 

frequency of 80 kHz).  
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Figure 4.4 Material characterization of PCL nanofibers.  

Optical images of PCL nanofibers (a) without and (b) with SPIONs (scale bar = 5 mm). 

SEM images of PCL nanofibers (c) without and (d) with SPIONs. (scale bar = 2 µm). 
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Figure 4.5 Fourier Transform Infrared Spectroscopy (FTIR) characterization of 

superparamagnetic nanoparticle (SPION)-embedded poly(ε-caprolactone) (PCL) 

nanofibers.  

FTIR spectra of pure SPIONs, pure PCL nanofibers, and SPION-embedded PCL 

nanofibers. 
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Figure 4.6 The effects of radio frequency (RF)-electromagnetic (EM) field 

application and 806 nm laser illumination on superparamagnetic nanoparticle 

(SPION)-embedded poly(ε-caprolactone) (PCL) nanofibers.  

(a) Electrospun 15 wt.% SPIONs loaded-PCL fibers after activation of SPION (b) under 

magnetic fields at a magnitude of 88 mT and frequency of 80 kHz for 30 secs or (c) by 

804 nm laser illumination at a power density of 5 watts/cm2 for 10 mins. Pure PCL 

subjected to the same (d) magnetic fields or (e) laser illumination regimen. (scale bar = 5 

µm) 
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Figure 4.7 Morphological characterization of superparamagnetic nanoparticle 

(SPION)-embedded poly(ε-caprolactone) (PCL) nanofibers with various SPION 

concentrations under magnetic fields.  

SEM images of PCL nanofibers embedded with (a-b) 15 wt.% and (c-d) 20 wt.% SPIONs 

(a,c) before and (b,d) after being exposed to radio frequency (RF)-electromagnetic (EM) 

field for 5 mins. (scale bar = 5 µm) 
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Figure 4.8 Morphological characterization of superparamagnetic nanoparticle 

(SPION)-embedded poly(ε-caprolactone) (PCL) nanofibers under various durations 

of  radio frequency (RF)-electromagnetic (EM) fields.  

SEM images of 20 wt.% SPION-embedded PCL nanofibers under RF-EM fields for (a) 

0, (b) 1 (c) 3 (d) 5 and (e) 10 mins (scale bar = 5 µm). (f) Area fraction (%) of nanofibers 

melted with respect to RF-EM exposure duration. 

 

 

 

 

 

 

 

 

 

 

 

 

 



117 

 

 
 

Figure 4.9 Magneto-responsive drug release.  

Quantification of drug release from poly(ε-caprolactone) (PCL) nanofiber membrane 

embedded with 20 wt.% superparamagnetic nanoparticles and model drug (eosin Y, 10 

ug) as a function of exposure duration under the magnetic fields at a magnitude of 88 mT 

and frequency of 80 kHz. 
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Chapter 5. Conclusion and future direction 

 

The aim of this work was to develop controlled drug delivery system responsive 

to various exogenous stimulus by designing functionalized nanofibers responsive to 

mechanical stimulation, or magnetic field and optical light. To develop mechano-

responsive on-demand drug delivery platform, piezoelectric P(VDF-TrFE) nanofibers 

capable of undergoing mechano-electrical conversion were synthesized. The piezoelectric 

performance of the nanofibers was regulated by electrospinning the nanofibers at various 

diameters, with 30 nm fiber showing that highest piezoelectric performance. This 

phenomenon contributed to the drug release profile obtained from different diameter 

P(VDF-TrFE) fibers, with the high-performing 30 nm membrane showing greatest drug 

release. In this system, the controllability of the drug release was modulated by varying 

the fiber diameter, magnitude of applied pressure and frequency of mechanical 

perturbation. Furthermore, the drug release performance of this system was evaluated in a 

physiologically similar environment using a 3D construct to predict the feasibility of the 

system for in vivo applications. The utility this system for in vivo applications was 

expanded by enhancing the biocompatibility of synthetic non-biodegradable polymers, 

such as P(VDF-TrFE). Combination of colloid electrospinning and ultrasonication was 

utilized to produce polymeric nanofiber fragments with length in 1-10 µm range. We 

optimized the integration of silica nanoparticles, acting as brittle points, in the nanofibers 

and the loading of the nanoparticle to produce an overall efficient and controlled method 

of nanofiber fragmentation. By fragmenting polymers with distinctive mechanical 

properties, we also showed the broad applicability of this method for electrospun fiber 
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fragmentation. Lastly, we developed magneto- & opto-stimulus-responsive nanofibers for 

controlled drug delivery. For this, thermo-sensitive nanofibers were functionalized with 

superparamagnetic iron oxide nanofibers (SPIONs) capable of generating heat due to 

Néel relaxation effect under magnetic field or laser illumination. This heat generation 

resulted in structural change of nanofibers, triggering drug release. In this system, the 

extent of nanofiber structural change, which influences drug release, was controlled by 

SPIONs loading and duration of stimulus exposure, however further tests need to be 

performed utilizing bigger range of SPION loading and exposure duration.  

 The studies performed in this thesis have provided the field of nanotechnology-

based drug delivery with novel methods to produce exogenous stimuli-responsive drug-

loaded nanofibers functionalized with piezoelectric polymer, P(VDF-TrFE), or SPIONs 

and enhanced biocompatibility. For mechano-responsive system, long-term drug release 

from the nanofibers needs to be assessed to determine the stability of the drug molecules 

long-term. Furthermore, surface functionalization of the negative zeta potential 

membrane to transform it into a positive surface will allow for the use of anionic drug 

molecules. Exploring the release kinetics and their dependence on stimulation frequency 

and profile will also prove useful for further developing a fully tunable drug delivery 

system. For the fragmentation process, the electrospinning of nanoparticle-embedded 

nanofibers and ultrasonication along with isolation of the fragments using centrifugation 

need to be optimized to increase fragment batch size. For stimuli-responsive drug release 

applications, the fragments need to be optimally loaded with drug molecules and 

activated by an external stimulus. Finally, as mentioned, the controllability of drug 
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release needs to be further affirmed by testing bigger ranges of independent parameters. 

To prepare these systems for biomedical applications, in vivo assessment for all systems 

is necessary to confirm an acceptable immunogenic response to the nanomaterials and the 

long-term stability and performance of these materials.  
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APPENDIX A. SUPPLEMENTARY INFORMATION: Drug Release Calibration 

 

A.1 Figures 

 

 

 

 
 

 

Figure App.A1 Calibration curve of a cationic model drug (crystal violet) 

concentration for 2D in vitro study. 

(a) Schematic of a titration study for aqueous solutions with different concentrations of 

crystal violet, a cationic model drug, blotted onto nitrocellulose paper. (b) Scanned 

optical image of the blot with different crystal violet amount ranging 8-250 ng. (c) Total 

gray value calculated from the converted image in (b) used as the standard curve for all 

subsequent drug release quantification. 
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Figure App.A2 Calibration curve of a cationic model drug (crystal violet) 

concentration for 3D in vitro study. 

(a) Schematic of an absorbance study for aqueous solutions with different concentration 

of crystal violet, a cationic model drug, and digested hydrogel as a negative control. (b) 

Absorbance at wavelength 590 nm measured for all solutions in (a) used as the standard 

curve for all drug release quantification for 3D in vitro study. 
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Figure App.A3 Calibration curve of a fluorescent model drug (eosin Y) 

concentration. 

(a) Schematic of a titration study for eosin Y concentration using different concentrations 

of eosin Y, a fluorescent model drug,  in an aqueous solution. (b) Relative fluorescent 

unit value vs. Drug concentration as the standard curve.   
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APPENDIX B. SUPPLEMENTARY INFORMATION: Mechano-stimulus-

responsive drug release in ex vivo construct 

 

B.1 Figures 

 

 

 
 

Figure App.B1 Photoluminescence characterization of drug release on pig skin. 

(a) Photoluminescence images showing intensity of a model drug (Vivo tag-conjugated 

poly(l-lysine)) released onto the pig skin after actuation of P(VDF-TrFE) nanofibers with 

various applied shockwave pressures and durations. (b) Photoluminescence images 

showing a minimal amount of model drug released onto the porcine skin for non-

piezoelectric control (heat-inactivated PVDF membrane after actuation) or non-actuated 

control (P(VDF-TrFE) membrane without actuation). 

 




