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ABSTRACT OF THE DISSERTATION 

 

Soft bioelectronics for self-powered neural tissue engineering 

 

by 

 

Alberto Libanori 

Doctor of Philosophy in Bioengineering 

University of California, Los Angeles, 2022 

Professor Jun Chen, Chair 

 

Soft bioelectronics have emerged as prominent solutions for diagnostic, energy producing 

and therapeutic solutions for in vitro, in vivo, and wearable applications, given their self-

powered nature, low cost, flexibility, biocompatibility, miniaturized nature, and ability to 

use at scale. Through their use, electrical stimulation, a renowned modulator of biological 

activity and tissue regeneration, has re-emerged in a number of growing applicative fields, 

particularly in the field of neural engineering. In this work, we explore the use of soft 

bioelectronics for use in neural engineering applications. First we introduce the field of 

soft bioelectronics, including platform technologies employed, focusing on triboelectric 

and magnetoelastic generators and their working mechanism. We then debate their use 

in electrical stimulation for neural engineering. In the core chapters, we first discuss the 

development of an easy-to-fabricate magnetoelastic platform for in vitro electrical 

stimulation, including capabilities to scale using 3D printing, adaptation to 6, 12, 24, 48 
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and 96-well plates, and ability to address issues of wettability, size, third-party powering 

and biocompability, yielding electric output values of up to 10.52 mA and 9.5 mV. In the 

following chapter we carry out the first ever application of a magnetoelastic platform in 

cellular reprogramming and assess its efficacy in helping to promote fibroblast 

transdifferentiation into neurons using elicited electrical stimulation, increasing 

transdifferentiation efficiency (up to +104%), and enhancing neuron maturation (up to 

+251%), providing an easily devisable and scalable electrical stimulation device for 

research, and paving the way for future permeation of magnetoelastic generator-based 

implantable devices. Finally, we delve into the design of triboelectric nanogenerators for 

implantable in vivo use, by discussing a computational study of ultrasound-activated 

implantable triboelectric generators used in electrical stimulation for neural tissue repair 

in indications such as spinal cord injury, helping to pave the way for broader use of 

implanted soft bioelectronics. To conclude this work, some future considerations on 

electrical stimulation for the above research is provided, and a boarder outlook on the 

field of soft bioelectronic electrical stimulation for therapeutic applications is given, 

together with an essay on the permeation of soft bioelectronics in textile form for use in 

personalized healthcare.  
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CHAPTER 1 

INTRODUCTION 

I. Soft bioelectronics 

The permeation of novel diagnostic, therapeutic and energy producing devices is 

being bolstered by the emergence of novel platform technologies in the form of soft 

bioelectronics. These miniaturizable technologies have enabled a shift in the way in which 

not only can biomonitoring be decentralized using self-powering devices, but also made 

in situ therapeutic intervention, such as in the form of electrical stimulation, a much more 

accessible and scalable reality.   

Soft bioelectronics – or electronic devices which are not bulky or rigid in 

morphology – have emerged with prominence in recent years, due to their conformable 

nature, their ability to be utilized as both wearable, on body and implantable devices, and 

their positioning as inexpensive solutions for biomonitoring. Furthermore, soft 

bioelectronics, which are able to connect to the internet of things and provide 

personalized healthcare, can help with therapeutic, diagnostic, combined theranostic and 

energy producing applications.  

Since the introduction of soft bioelectronics in healthcare and biological 

applications1–6, many signal-to-function associative platform technologies have been 

developed (Figure 1). These include. Electroluminescent Platforms. Light reflection 

and refraction provide useful biometric diagnostic information when interacting with 

tissues7, whilst on a therapeutic front, light-emitting soft bioelectronics have also shown 

many applications8–12. Piezoresistive Platforms. Piezoresistive semiconductors change 

electrical resistivity when exposed to mechanical stress. This mechanism has been 
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harnessed for highly sensitive biomechanical sensing13. Chemical interactions14 and 

temperature changes15 have also been exploited for personalised biomolecular analysis 

and body temperature monitoring.  

 

 

Figure 1. Milestone research timeline of platform technologies for smart healthcare soft 
bioelectronics. Embedding electronics into soft bioelectronics began in the 1990s and was in turn 
applied to the field of healthcare. Nanoelectronics and material science platform technology 
developments saw the introduction of a plethora of diagnostic, therapeutic and energizing applications. 
A timeline and summary of such technology platform developments and applications to the healthcare 
field is presented. 

 

Thermoelectric Platforms Thermoelectric generators can convert heat changes into 

electricity using the thermoelectric effect16. These soft bioelectronics thermoelectric 

generators have been explored to leverage body heat and generate electricity for 

healthcare applications17. Photovoltaic Platforms. Solar cells can convert sunlight 

directly into electricity18. Integrating photovoltaic technologies within soft bioelectronics 

has provided powering capabilities for diagnostic and therapeutic devices within 

personalised healthcare settings19. Electrographic Platforms. Electrographic platforms 

can help in the diagnosis of heart and neurological conditions20. Their soft bioelectronics 
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integration has been shown to provide highly flexible, comfortable, and long-lasting 

personalised healthcare platforms21. Capacitive Platforms. Textile capacitors exploit 

capacitance changes brought about by human motion22 . In view of their high sensitivity, 

fast response time, and high stability, they have been frequently used in diagnostic 

devices23. Soft bioelectronics supercapacitors can moreover serve as an energy storage 

unit to power biomedical sensors or therapeutic devices24. Electromagnetic Platforms. 

Electromagnetic generators (EMGs) have been explored to convert human motion into 

electricity25 and have been frequently used to harvest biomechanical energy26. 

Transistor Platforms. Transistors represent one of the building blocks of healthcare 

electronics27. Soft bioelectronics-based organic field-effect transistors and 

electrochemical transistors have been widely used for biomarker sensing28, vital signs 

monitoring29 and biomolecular analysis30. Moreover, soft bioelectronics transistors can be 

used to construct on-body circuits31 to acquire data, and compute clinical interventions 

directly in situ. Piezoelectric Platforms. Piezoelectric nanogenerators (PENG) rely on 

the piezoelectric effect to generate electricity and detect biomechanical motion via 

mechanical deformation32. Soft bioelectronics-based PENGs possess high pressure 

sensitivity33 and their easy implementation and self-powering capabilities have made 

them a more modern smart soft bioelectronics platform technology used in healthcare 

applications (sensing34, electrical stimulation35, and energy harvesting36). 

Electrochemical Platforms Electrochemical platforms have been explored to rely on the 

conversion of chemical energy to electricity, via known redox reactions37. Such platforms 

have shown the ability to leverage on ordinary perspiration, harnessing it as a renewable 

biofuel38, as well as a bioanalytically relevant metabolite source for clinical insight. 
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Triboelectric Platforms. Triboelectric nanogenerators (TENG) convert mechanical 

motions into electricity, using contact electrification and electrostatic induction coupling39–

41. TENGs effectively convert biomechanical movements to high voltage and low current 

signals41. Such performance, and a vast array of available biocompatible triboelectric 

materials, have led to TENGs integration in smart healthcare soft bioelectronics for use 

in diagnostic42, therapeutic43 and power supplying applications44–46. Magnetoelastic 

Platforms. Very recently, mechanically induced giant magnetoelastic effect in soft system 

has been discovered and developed in stand-alone systems, namely, magnetoelastic 

generators (MEGs)47. This technology has shown promise in vital sign monitoring and 

diagnosis, as well as in biomechanical energy harvesting for healthcare device powering. 

 

Triboelectric platforms and magnetoelastic platforms have emerged with particular 

relevance as soft bioelectronic platform technologies. For the purpose of this thesis, we 

have chosen to explore their application for neural engineering, focusing specifically on 

their use in therapeutic electrical stimulation. Specifically, we will be delving into 

magnetoelastic platforms for self-powered electrical stimulation for in vitro applications, 

looking at both fabrication methodologies (Chapter 2), application to cellular 

reprogramming (Chapter 3), and finally we will carry out a computational investigation for 

next generation triboelectric generators activated using ultrasound, for implantable 

applications in neuronal engineering and therapy (Chapter 4).  
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II. TENGs and MEGs 

TENGs. TENGs were developed in the Zhong Lin Wan lab in 2012 to harvest passive 

energy sources for a myriad of applications39. Through their modus operandi, TENGs 

convert external mechanical energy into electricity by a conjunction of the triboelectric 

effect and electrostatic induction. Over the last decade, their application has focused 

greatly on biomedical applications, given their small size, self-powering nature, use of 

inexpensive materials, and versatility in energy harvesting and biomechanical detection 

on the human body. Indeed, simple pressure-inducing motions (including any type of joint 

motion) can provide TENGs with enough mechanical energy to elicit an electrical output.   

 

Figure 2. Working principle of a triboelectric nanogenerator. PET and Kapton, at opposite 
triboelectric scale level, are fractioned in a vertical contact mode separation approach to yield an 
induced current brought about by coupling the triboelectric effect, contact electrification, and potential 
charge discharge39. Adapted with permission39, Copyright 2012, Elsevier 

 

Within a TENG, an electric potential is generated via the triboelectric effect 

between two surface material layers which exhibit opposite tribopolarity in an inner circuit, 

and upon application of a mechanical pressure. To neutralize this electric potential, in the 
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outer part of the circuit, electrons are driven between the back sides of the TENG, 

generating an electric output (Figure 2). 

TENG functionalities have been developed to rest on a set of clear working models, 

namely vertical contact separation mode, lateral sliding mode, single electrode mode, and 

freestanding mode. In this thesis we will explore the use of TENGs for neural engineering, 

as described in Chapter 4.  

 

MEGs. Very recently, in 2021, the Chen lab developed MEGs by discovering and 

subsequently harnessing the giant magnetoelastic effect in soft systems47. By dispersing 

magnetizable nanoparticles in a soft polymeric matrix, MEGs have been devised to detect 

mechanical deformation via means of coupling mechanical, magnetic and 

magnetomechanical variations to elicit an electric output. Over the last few months, this 

technology has been applied to the fields of biomonitoring, energy harvesting, smart 

textiles and ultra-high-power generation for small scaled soft bioelectronics and is set to 

pave the way in a number of novel applications where TENGs and other self-powered 

soft bioelectronics could not go. 

 Indeed, MEGs set themselves apart from other predecessor and fellow self-

powered technologies because of their innate soft polymeric nature (and thus 

bioconformability), one-body design, and capability to work in wetted conditions, including 

underwater. These key differences from older platform technologies are furthermore 

highlighted as MEGs biomechanical-to-electrical energy conversion mechanism does not 

present low inherent current density and high internal impedance, unlike TENGs and 

PENGs, whose energy conversion mechanisms stem from capacitive power generation 
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principles reliant on the manipulation of the electric dipoles at the constitutive materials’ 

interfaces. 

 The working mechanism of MEGs obeys the following sequence: magnetizable 

nanomagnets dispersed in a soft polymer matrix can be aligned to a commonly shared 

magnetic flux, using simple impulse magnetization, as nanomagnets are free to rotate in 

a cured matrix, and able to align. Upon mechanical deformation of the polymer matrix, 

the magnetic flux of their system is perturbed, leading to a change in magnetic flux density. 

By coupling the above layer (a magnetoelastic coupling layer) with a conductive layer, 

electromagnetic induction can be produced in a nearby conductor, yielding high current 

and low voltage outputs for use in diagnostics, therapeutic and energy producing 

applications (Figure 3). 

 

 

Figure 3. MEGs and their working principle. Left. Sketch of a polymer soft system generating a 
magnetic flux. Inset: sketch of the internal structure showing micromagnets (red and blue spheres) 
dispersed in a polymer silicone matrix (orange lines). Right. Illustration of the magnetic dipole 
alignment changing the magnetic flux density of the soft system in the initial state and the compressed 
state based on a wavy chain model. Red and blue spheres represent micromagnets47. Adapted with 
permission47, Copyright 2021, Springer Nature.  
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III. Soft bioelectronics for electrical stimulation 

Owing to the ever-growing prominence of devices within the Internet of Things (IoTs) 

paradigm, and increasing demands for personalized healthcare, implantable (in body), 

and surface (on body) bioelectronics — collectively known as in and on body (IOB) 

bioelectronics — are set to become key players in the future of healthcare48–50. With the 

advent of 5G wireless networks, the use of IOB bioelectronics is expected to dramatically 

increase. The National Intelligence Council predicts that most of our everyday objects will 

be interconnected to the IoT ecosystem by 202551. Although most IOB bioelectronics are 

focused on sensing52–55, there is a growing trend to develop minimally invasive 

therapeutic devices focused, for instance, on the  application of electrical stimulation 

(ES)56. Electrical impulses are at the basis of cognitive and skeletal functions for human 

beings, constituting a fundamental messaging vehicle within the human nervous system57. 

Leveraging on the existence of natural electrical impulses, external ES can be employed 

as a natural alternative to addressing medical disorders58 where synthetically derived 

small molecules and biotherapeutics fall short59. Electrical impulses have been shown to 

enhance tissue regeneration processes and aid with therapy in unmet medical needs, 

including bone fractures60–62, skin wounds63–65, obesity (satiation)66–69, cancer70,71, 

muscular dystrophy72–74, soft tissue damage75–77, hair loss78–80, and bladder control 

dysfunction81,82. IOB bioelectronics can provide localized ES with tailored benefits. 

Considering the large number of pathologies that can be addressed through ES, attaining 

a self-sustainable bioelectronic system capable of delivering therapeutic ES can provide 

an invaluable tool to the continued development of personalized healthcare within an IoT 

ecosystem. The recent development of the triboelectric nanogenerator (TENG) has 
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sparked a lot of interest in generating body area networks capable of sensing as well as 

treating various conditions considering TENGs can provide self-powered and 

bioconformable alternatives to conventional ES approaches. Current wearable devices 

capable of emitting therapeutic ES come in various morphologies that are heterogeneous 

in nature and varying in form, depending on the sought intervention. Indeed TENG has 

been the leading nanogenerator and soft bioelectronic employed for ES. For instance, 

within regenerative medicine applications, including wound healing, tissue and bone 

regeneration, devices administering ES are generally composed of an electronic skin-like 

structure83–86. Conversely, devices creating a mind–body neural interface to help address 

problems such as obesity (satiation) and bladder-related conditions, generally retain a 

neural dust platform carefully wrapped around the peripheral nerve of interest87–90. 

Although not directly used as a therapeutic agent, ES is also known to aid with drug 

delivery and is generally integrated in devices composed of stretchable elastomers which 

contain therapeutic depots of drug loaded nanoparticles91–93. Finally, solutions employing 

ES to target cellular engineering applications, such as cellular excitation and cancer 

therapy, retain a relatively simple structure comprising a power source connected to an 

organic light emitting diode element94–96.  

In spite of recent advances of IOB bioelectronic ES’s use in the medical field, important 

limitations still persist. Primarily, external power sources are still necessary, usually 

leading to both impractical and uncomfortable solutions97–99. Moreover, most of these 

devices utilize batteries, which contain toxic chemicals that pose both cellular and 

physiological health risks, rendering battery-powered devices a temporary and often non- 

implantable solution. To overcome this limitation, researchers have developed wearable 
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technologies capable of generating their own electrical energy, bypassing the need for 

battery use100–103. Moreover, by operating on a high voltage and current supply, these 

devices also pose heat-related complications. Finally, many of these devices are often 

bulky in nature and unsuitable for everyday use given the lack of cohesiveness between 

their various subparts, and the generally unsuitably high Young’s Modulus of the materials 

employed104. In order to make these devices more suitable for everyday use, using 

biomimicking materials capable of bending with the various motions of the human body 

would present obvious advantages.  

With the invention of the TENG, wearable bioelectronics are evolving to become ever 

more suited to the human body. TENGs are able to harness the coupling effect of contact 

electrification105 and electrostatic induction between two thin films, and harness electricity 

from a myriad of natural biomechanical movements. The TENG has emerged as a 

fundamentally new and efficient technology to convert human biomechanical movements 

into electricity via its innate modus operandi. When the TENG’s triboelectric layers, which 

are made of materials on the opposite sides of the triboelectric series, cycle between 

biomechanical motion induced contact and separation, an alternating current between the 

two electrodes is generated, inducing an electrical current that can be employed for a 

plethora of biomedical applications. As of now, within the biomedical field, TENG-

generated electricity has been utilized to power wearable devices, enable the sensing of 

physiological functions such as heart rate, and treat various diseases and conditions 

through therapeutic ES. There are four different types of TENG working modes including 

vertical contact separation106, in-plane sliding107, single electrode108, and freestanding109, 

which give further leeway to utilizing TENG devices for IOB therapeutic applications due 
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to the ability of TENG devices to harness electricity from a wide variety of biomechanical 

motions. TENGs’ versatility renders them optimal self-powered biomedical sensors, 

providing sensing insight via means of signal-to-function association. This versatility can 

be easily manifested by employing a TENG-coupled microprocessor that extrapolates 

biological information such as heart rate and blood pressure. The electricity produced by 

these different types of TENG devices can not only be used to deduce biological 

information as a sensor, but it can also be utilized as a therapeutic device, applying ES 

to different parts of the body via electrodes. Implantable versions are also being 

developed by embedding standard TENGs in protective pouches composed of 

hydrophobic materials that serve as a barrier, shielding the device from the unfavorable 

conditions in the human body110. These protective measures are also necessary to 

protect TENG devices from environmental conditions when utilized for IOB applications. 

Owing to their unique working mechanism and a wide range of available material choices, 

TENG devices’ characteristic flexible, bioconformable, soft, and lightweight properties 

make them a perfect candidate for IOB bioelectronics, especially considering long-term 

durability and resistance to fatigue. Capturing electricity from physiological movements 

ranging from blood circulation to ambulatory motion can allow for ubiquitous IOB use of 

TENG devices. In addition, TENG technology can be easily integrated with common 

manufacturing techniques, which, in conjunction with the use of low-cost materials, make 

TENG devices a scalable and affordable option. Through the conjunction of 

triboelectrification and electrostatic induction between a broad range of flexible materials, 

including silk, wool, and cotton, as well as rigid materials, including various commonly 

manufactured synthetic compounds, TENG devices can be rendered soft or rigid. 



 12 

However, in the space of IOB TENG use, there has been specific effort focused on 

developing body conforming soft TENG devices due to their increased wearability. The 

soft and flexible nature of certain TENG devices is not their only strong suit; operating 

TENG devices emit reduced heat, considering the low current output they generate. This, 

moreover, enables TENG devices to remain biocompatible while still achieving high 

voltage outputs. In addition, TENG devices provide a self-sustainable power source, 

which overall permits for the integration of the power source into the device itself, yielding 

a product that is more compact, comfortable, and bioconformable. Using soft 

bioelectronics devices as a source of ES for therapy can provide a platform solution to a 

number of unmet medical needs (Figure 4) including regenerative medicine, neural 

engineering, rehabilitation engineering, and pharmaceutical engineering.  
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Figure 4. Schematic illustration of the various applications of therapeutic electrical stimulation 
using soft bioelectronics. Applications ranging from physiological applications such as bladder 
control to cellular applications such as cancer therapy111. Reproduced with permission111, Copyright 
2021, Wiley-VCH. 
The mechanistic reasons behind ES’s beneficial effect on a number of regenerative and 

proliferative processes are still subject to investigation and are subjective in each ES 

application and field. However, there is the general understanding that ES aids at the 

tissue level by increasing capillary perfusion and blood flow, thus optimizing site 

oxygenation and healing, as well as at the cellular level by means of electric field creation, 

which encourages fibroblast activity, granulation, and cellular alignment112. We will 

explore this in more depth later in the thesis. 
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IV. Neuronal electrical stimulation for cell programming   

Neurons are cells that function as transmitters of information between the brain and the 

various parts of the human body, allowing amongst other things, for the human body to 

optimize its interaction with the external environment it is found in, all while maintaining 

epigenetic homeostasis. Neurogenesis generally occurs in the developmental stages of 

embryo though neuronal cell differentiation is a critical process contributing to the correct 

functioning of the nervous system113,114. Neuronal cell differentiation is the process by 

which a neuronal cell is derived from another cell, whether this cell be a stem cell, or 

another type of cell depends on the process by which the neural differentiation is 

conducted. The most well-known process to achieve this, is stem cell differentiation, in 

which unspecialized stem cells are known to be able to differentiate into a number of cell 

types. Neural stem cell differentiation is the process by which unspecialized stem cells 

differentiate into neuronal cells, including neurons, astrocytes, oligodendrocytes, or other 

types of neuronal cells, through the introduction of, for instance, specific physicochemical 

factors into the microenvironment of the stem cells113. In addition to this process, direct 

cell conversion also exists, which is a more recently discovered, and complex process by 

which fully differentiated mature cells are converted into specialized cell types, e.g. 

neuronal cells114. Direct cell conversion is a unique process capable of converting virtually 

any cell type into the desired cell type through a differentiation process that does not 

include a pluripotent state. To date, the large body of work on soft bioelectronic use for 

this field has involved TENGs. Indeed, this background is of relevance as TENG-ES has 

been studied to assess its effects on neural cell differentiation, covered below: 
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Stem Cell Differentiation. In several studies researching the effectiveness of 

TENG-ES on stem cell differentiation into neuronal cells, mesenchymal stem cells (MSC) 

were utilized as an easily sourced starting cell line, which could be isolated relatively 

easily. MSCs do not immediately differentiate into neuronal cells as they require external 

factors to induce differentiation, such as growth factors, extracellular matrix components, 

and even electrical signals. Thus, the application of TENG-ES to assess MSC 

differentiation was studied. Using a suitable neural scaffold, such as poly(3,4-

ethylenedioxythiophene), or PEDOT, is a known method with which to aid the process of 

stem cell differentiation. PEDOT, specifically, is the most promising scaffold used in this 

sense, up to now. However, PEDOT presents biocompatibility issues as it has trouble 

degrading in vitro. In order to address this issue, the carboxylic acid portion of graphene 

oxide nanosheets (rGO) can be incorporated into PEDOT’s structure. This hybridization 

between the rGO-PEDOT microfibers was utilized in a study conducted by Guo et al., and 

allowed the researchers to develop a neural scaffold that was both biocompatible and 

highly conductive, due to the presence of rGO microfibers and PEDOT nanoparticle, 

respectively115. The crosslinking nature of the interaction between the rGO microfibers 

and the PEDOT nanoparticles allowed for increased protein adsorption, which 

accelerated the process of stem cell differentiation115,116. By itself, the rGO-PEDOT hybrid 

neural scaffold supports stem cell differentiation into neuronal cells, but it does not 

necessarily accelerate the process. TENG-ES was utilized as this external promoting 

factor since ES has been shown to have a significant effect on the process of stem cell 

differentiation into neuronal cells117–119. In order to determine how TENG-ES affects the 

process of stem cell differentiation, Guo et al. studied four experimental groups: two 
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control groups of rGO and 15% rGO-PEDOT microfibers without exposure to TENG-ES, 

and two stimulation groups of rGO and 15% rGO-PEDOT microfibers with exposure to 

TENG-ES. As shown in Figure 5 (top), through the DAPI stained images, after 21 days 

of treatment the ES groups showed a much larger distribution and density of cells115. In 

order to determine how many of these cells were neuronal cells, the groups were also 

stained to visualize the existence of two neural markers (Tuj1 for neuronal cells, and 

GFAP for glial cells). The ES groups showed a much larger degree of Tuj1 expression, 

however, more noticeably, the 15% rGO-PEDOT groups yielded a significantly higher 

degree of Tuj1 expression compared to their unhybridized counterpart.  

 

Figure 5. Examples of soft bioelectronic generated electrical stimulation for cellular 
reprogramming (Top) Immunostaining with DAP1, Tuj1, and GFAP with and without TENG-ES (scale 
bars: 100 μm). (Bottom) qPCR analysis of cell expression levels of Tuj1 and GFAP with and without 
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hybridization of rGO and PEDOT microfibers115. Adapted with permission115, Copyright 2018, 
American Chemical Society. 
 
These results show that the hybridization of rGO microfibers and PEDOT nanoparticles 

serves as an excellent scaffold to support neural stem cell differentiation when combined 

with TENG-ES therapy, due to the highly conductive nature of the PEDOT nanoparticles. 

As can be seen by Figure 5 (bottom), the combination of the 15% rGO-PEDOT neural 

scaffold with TENG-ES served as the most effective tool for stem cell differentiation into 

neuronal cells, as it resulted in the highest expression of neural marker cells such as Tuj1 

and GFAP. The use of an rGO-PEDOT neural scaffold induces stem cell differentiation 

into neuronal cells due to the conductive nature of the PEDOT nanoparticles and the 

biocompatible nature of the rGO microfibers. However, the implementation of this 

hybridized neural scaffold with TENG-ES is shown to be the most effective therapeutic 

application to accelerate stem cell differentiation into neuronal cells. This research is 

encouraging as it can seemingly lead to developments in IOB bioelectronic technology 

capable of inducing nerve regeneration. Utilizing TENG for ES in this case is of added 

benefit given the capability to organize the architecture of the device in such a manner 

that could be used to uniformly stimulate batches of stem cells for specific differentiation 

pathways. 

Direct Cell Conversion: Direct cell conversion is a process in which any mature, 

or somatic cell is directly converted into another somatic cell type. This process occurs 

through the introduced expression of certain genes which code for cell type-specific 

transcription factors. For neural engineering applications, these cell type-specific 

transcription factors enhance the production of neuronal cell factors, which subsequently 

promote the process of converting the original mature cell into a neuronal cell114,120. Direct 
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cell conversion can convert any cell type into the desired cell type. However, some cell 

types such as fibroblasts, are easier to transform114. Thus, to test whether or not TENG-

ES promotes this process of direct cell conversion into neuronal cells, mouse fibroblasts 

were used. The process of direct cell conversion to neuronal cells requires the introduction 

of neuronal genes into the sample. Normally the process of direct cell conversion would 

occur at a slow rate, but through the use of TENG-ES this process can be sped up and 

rendered more efficient120. In a study conducted by Jin et al., TENG-ES was found to 

closely mimic innate natural electric cues that control and stimulate the process of direct 

cell conversion, allowing TENG-ES to promote the direct differentiation process. In order 

to determine the efficiency of TENG-ES’s ability to induce direct cell conversion of 

fibroblasts to neuronal cells, the fibroblasts were separated into two separate cultures with 

and without exposure to TENG-ES, and subsequently stained for neuronal marker class 

III beta-tubulin (Tuj1) starting on the ninth day of culture. Figure 6 shows the increased 

concentration of Tuj1 in the TENG-ES group compared to the other control groups. It was 

on this ninth day of the application of TENG-ES to the system that the cells that were 

originally fibroblasts started to take a more elongated shape, similar to that of a neuron.  
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Figure 6. Effect on neuronal transdifferentiation using soft bioelectronic generated electrical 
stimulation. Expression of Tuj1 gene after 9 days of culture with various forms of stimulation (scale 
bar: 100 μm)120. Reproduced with permission120, Copyright 2016, Wiley-VCH. 
 

The conversion efficiency, which was calculated as the percentage ratio of Tuj1 positive 

cells to total cells, was 8.85%, compared to a mere 0.13% in the group lacking exposure 

to TENG-ES. In addition, during the 12th-14th days the conversion efficiency of the TENG-

ES group was 14.17% whereas the control group had a conversion efficiency of only 

6.41%120. This significant increase in the conversion efficiency correlates to an increase 

in the number of neural-like cells within the sample, with significant indication that TENG-

ES promotes direct cell conversion of fibroblasts into neuronal cells. 

In addition, the continued use of TENG-ES through days 14-18 yielded induced neuronal 

cells with a more complex neural morphology. Following the maturation of the cells until 

the 30th day yielded neuronal cells with highly mature neural phenotype markers, 

evidence of synaptic connections. Throughout this entire process, the group of cells that 
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were subjected to TENG-ES yielded significantly higher conversion efficiency rates and 

more evidence of neuronal cell morphologies. 

 

V. Neuronal electrical stimulation for therapy and rehabilitation  

Utilizing external ES can be beneficial in therapeutic applications, as ES can effectively 

mimic native electrical impulses in the body. TENG-based neural interfacing of a 

particular nerve to control specific motor functions can potentially be utilized to treat 

various diseases and conditions. For this reason, soft bioelectronics such as TENGs were 

used to this end. TENG-based neural interfacing with a particular nerve has been studied 

in the hopes to restore muscle function in patients with peripheral nerve injury. However, 

since current research in this field is still in its infant stage, a large portion of research has 

focused on the treatment of foot drop via TENG-ES of the sciatic nerve, albeit simplistic, 

a linear and low-barrier research approach in attempting to prove TENG’s efficacy in 

restoring lost or hindered function due to peripheral nerve damage121,122. Neural 

interfacing is achieved through the combination of a stimulator, the TENG, and a neural 

interface, in this case a flexible sling interface that wraps around the nerve to ensure 

efficient and safe nerve stimulation. The neural interface can either interact with the 

central nervous system (CNS), composed of the brain and spinal cord, or the peripheral 

nervous system (PNS), composed of all the peripheral nerves within the rest of the 

nervous system. However, due to the stark anatomical differences between the two 

nervous systems, the mode of neural interfacing utilized must be compatible with the 

anatomical features of that particular neural structure. Currently, a majority of the studies 

regarding TENG-based neural interfacing are focused on PNS neural interfacing through 
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the use of a flexible neural sling that wraps around the nerve of interest123. This is a 

generally safe mode of neural interfacing as it essentially stimulates that entire section of 

the nerve so there is a healthy balance between invasiveness and selectivity. On the 

other hand, other modes of neural interfacing such as intraneural multichannel 

microelectrodes offer optimal selectivity in neural fiber activation at the expense of a high 

degree of invasiveness and potential glial scarring124. However, Lee et al. developed a 

novel TENG device capable of attaining a high degree of selectivity without a 

corresponding increase in invasiveness. Using an array structure of neural electrodes, 

each individual pixel in the array could be individually activated to electrically stimulate 

the nerve of interest121. A major hurdle preventing effective neural interfacing with the 

CNS is that electrical signals tend to spread out within brain tissue, thus without a proper 

mode of application, neural interfacing with the CNS presents issues of low selectivity, 

and could lead to major neural damage in the brain125–127. Consequently, current studies 

are generally focused on neural interfacing with the PNS. It is conceivable to see, 

however, how such a microscaled technology as TENGs could be applied to the CNS 

upon development of proper neural interfacing mechanisms adapted to the anatomy of 

the CNS. This is something we will explore in Chapter 4. As mentioned, the bulk of TENG-

based neural interfacing research is based on the treatment of foot drop via neural 

interfacing of a section of the sciatic nerve. Normal foot motion is characterized by 

dorsiflexion and plantar flexion of the muscles in the foot during each phase of gait. 

However in patients with foot drop, certain motions such as excessive foot inversion and 

toe flexion yield the typical phenotypic result associated with the dropping of the forefoot. 

Thus, in order to treat foot drop, the TENG-based neural interfacing system must be able 
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to prevent these detrimental motions of excessive foot inversion and toe flexion, as well 

as control the flexion of various muscles within the foot128. 

 

 

Figure 7. Soft bioelectronic electrical stimulation used for neural rehabilitation. (a) Implanted 
flexible sling electrode on rat sciatic nerve122. Reproduced with permission122, Copyright 2017, Elsevier. 
(b) Layered TENG device composed of Cu and PDMS triboelectric layers. PDMS = 
polydimethylsiloxane.121. Reproduced with permission121, Copyright 2018, IOPscience. 

 

Only a particular set of nerves needs to be stimulated in each phase of gait. In order to 

achieve this, a flexible sling neural interface is utilized as its selectiveness is sufficient 

enough to stimulate only the desired nerves, thus enabling certain ankle motions, while 

avoiding undesired ones. The way in which the flexible sling neural interface is able to 

achieve this level of selectiveness is through its unique structure. As shown in Figure 7a, 

Lee et al., devised a study in which the flexible sling interface was wrapped around the 

sciatic nerve with six electrodes on its central bridge, and two more ring electrodes 

surrounding the nerve on a neighboring bridge121. This bridge system enables the flexible 

sling interface to wrap around the nerve with optimal surface level contact that does not 

apply too much pressure, a factor that could potentially damage the nerve. In addition, 
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the flexible nature of the sling interface allows it to integrate with a variety of sizes of 

nerves, making it an effective tool for TENG-ES neural interfacing. The flexible sling 

interface is used in conjunction with the stacked TENG shown in Figure 7b. The stacked 

TENG generates an electrical current, which is then passed through the flexible neural 

interface in order to stimulate a section of the sciatic nerve affecting the movement of a 

particular muscle. Due to the unique structure and the sheer number of electrodes on the 

flexible sling interface, this device was able to transmit the TENG-ES to stimulate the 

nerve of choice in two configurations: transverse and longitudinal polar. It was found that 

the transverse configuration could effectively function at only 0.4 mA while the longitudinal 

polar configuration could effectively function only at a much higher current of 2.4 mA121. 

The higher current associated with the longitudinal polar configuration generates more 

heat, which can have detrimental effects on the nerve, as well as delaminate the 

electrodes in the flexible sling interface. In addition, the transverse configuration yielded 

compound muscle action potentials (CMAPs) with a significantly higher amplitude than 

those of the longitudinal polar configuration. Thus, the transverse configuration is shown 

to be both the safer and more effective option for the application of TENG-ES to the sciatic 

nerve, for the treatment of foot drop. In order to test the selectivity of the flexible sling 

interface, the CMAPs of the gastrocnemius medialis (GM) and tibialis anterior (TA) 

muscles were measured in response to TENG-ES of a specific portion of the sciatic nerve.  
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Figure 8. Soft bioelectronic electrical stimulations for motor function rehabilitation and use. 
(left) TA and GM EMG signals. (right) Photos of sciatic nerve before and after implantation of sling 
electrode in addition to photoacoustic measurements to assess hemodynamics. Reproduced with 
permission121. Adapted with permission121, Copyright 2017, Elsevier. 

As shown in Figure 8 (left), the TA muscles were more effectively stimulated compared 

to the GM muscle. Thus, the researchers determined that the existing system did not 

have a high enough degree of selectivity. In order to increase the selectivity of the system 

and test whether or not the TENG system was capable of generating enough electricity 

to induce full muscle contraction, the researchers wrapped a pair of Pt/Ir wires around a 

section of the sciatic nerve interfacing with the flexible neural sling interface. With the 

addition of the Pt/Ir wires, the TA muscle underwent full contraction and completed the 

dorsiflexion movement necessary in treating foot drop121. Thus, the TENG device seemed 

able to generate enough charge to control the contraction of the TA muscle when 

implemented with a flexible neural interface and a mode of increasing the selectivity of 

the system. Neural interfacing with peripheral nerves through ES is a delicate process 

that can have a number of unwanted side effects. It is critical to test whether or not this 

neural interfacing has any effect on the nerves’ other functions and processes, including 

their hemodynamics profile. Functional photoacoustic microscopy (fPAM) was utilized to 

determine the effect of TENG-ES on the sciatic nerve’s hemodynamics. As shown in 
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Figure 8 (right), fPAM images show no change in the blood flow within the sciatic nerve 

before and after the implantation of the flexible sling interface. Indeed, TENG-ES neural 

interfacing with the sciatic nerve seemed to indicate no detrimental effect on the 

hemodynamics of the sciatic nerve121. Through the combination of the TENG, used as a 

stimulator, and a flexible sling interface, used as a neural interface, complete contraction 

of the TA muscle was achieved by the researchers, effectively counteracting foot drop. 

The use of TENGs in the modulation of motor function through neural interfacing is a 

relatively new field, and although at the moment one of the only applications of TENGs in 

neural interfacing is the treatment of foot drop, many new applications beyond this are 

likely to emerge in the coming years. 
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CHAPTER 2 

MAGNETOELASTIC GENERATOR-BASED  

ELECTRICAL STIMULATION PLATFORM  

 

Developing biocompatible electrically stimulating platforms for tissue engineering 

purposes is limited by external power dependency, wetting resistance requirements, 

micro scale size need, and suitable flexibility. The giant magnetoelastic effect in soft 

systems can be harnessed to overcome these shortcomings, providing a versatile 

platform which allows tunable electrical stimulation for biological applications. Here, we 

develop a one-design, easy to build self-powered magnetoelastic generator platform for 

in vitro electrical stimulation, activated using simple air pressure (100 - 400 kPa). The 

platform yielded current values of up to 10.52 mA and 9.5 mV, with simple fabrication in 

standard well plates, and biocompatible surface tissue culture growth, and showed easily 

integrated capabilities for 3D printing and production at scale. The platform could be 

adapted to 6, 12, 24, 48 and 96-well plates and sterilized using commonplace techniques 

including autoclaving and ethanol wetting. This platform represents the foundation for a 

low cost and scalable electrical stimulation for in vitro use. 

 

I. Introduction 

The role of electrical stimulation (ES) in biological systems is well established129 and has 

been extensively exploited in pre-clinical research130 as well as an innumerable number 

of therapeutic solutions131–133. With the importance of physical stimuli (including electrical 

stimulation) becoming ever more apparent in processes including morphogenesis134, 



 27 

tissue regeneration135 and cellular differentiation136,137, developing an easily 

implementable and adaptable electrical simulation platform for in vitro studies represents 

a highly desired tool. Furthermore, in vitro validation of such a type of platform represents 

a necessary step towards any novel technology’s eventual in vivo adoption. 

Recent focus has been placed on exploiting novel platform technologies to 

substitute commercially available solutions which are costly, difficult to adapt, and could 

potentially lead to dangerous live current exposures. Nanogenerators, including those 

harnessing the triboelectric and piezoelectric effect, have been explored as alternatives 

for use as ES platforms111,138. Although these technologies provide self-powered 

solutions which are easy to fabricate and require inexpensive materials, they also often 

lack biocompatibility, biocomformability, and cannot be operated in wetted environments, 

factors which have hampered their adoption into research settings. Furthermore, these 

biomechanical-to-electrical energy conversion platform technologies present particularly 

low inherent current density and high internal impedance, stemming from their capacitive 

power generation principles reliant on the manipulation of the electric dipoles at the 

materials’ interfaces139,140.  

A novel platform technology has become available with the recent discovery of the 

giant magnetoelastic effect in soft systems47, exploiting magnetoelastic and 

electromagnetic induction coupling, able to produce electricity via the use of a 

magnetoelastic generator (MEG). This platform technology, which has been validated as 

an effective biomonitoring and energy harvesting tool141, can be easily modified to elicit 

and obtain desired current and voltage outputs. Indeed, aside boosted current outputs, 

the inherent waterproof encapsulation and soft polymeric nature of the MEG position it as 
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an ideal candidate for the development of an ES platform142. MEGs are made with 

inexpensive materials143 which are readily available, and can be applicable and fabricated 

directly onto existing tissue culture platforms. Considering the layered and adaptable 

nature of the MEG platform itself, biocompatible materials such as polydimethylsiloxane 

(PDMS) can be employed during fabrication to render these stand-alone ES platforms 

tissue compliant and biocompatible.  

From an operational perspective, MEGs are inherently self-powered and can be 

activated using simple mechanical motion including (bio)mechanical stimuli, a concept 

upon which we built to enable their activation through simple air pressure use. 

Considering the pervasive presence of air pressure appliances in labs across the world, 

we devised a platform exploiting this simple modus operandi, and investigated MEG ES 

in genetic engineering applications. 

An important factor when devising any tool which may be used in large scale, is 

ensuring the ease of fabrication and production. To ensure this, we further devised a 3D 

printing protocol using readily available commercial 3D printers, to demonstrate the 

scalable manufacturing of the MEG ES platform for 6, 12, 48 and 96-well plates. 

 

II. Magnetoelastic effect for biological applications 

Finding novel ways to readily generate electricity is paramount to the development of next 

generation ES platforms. Although the magnetoelastic effect has been recognized since 

the late 19th century, its application in miniaturized and soft systems has been limited by 

a number of factors including: the rigid nature of the ferromagnetic materials traditionally 

employed (such as Fe1-xCox, TbxDy1-xFe2 (Terfenol-D)144, and GaxFe1-x 
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(Galfenol))145,146, the need for an applied external magnetic field to the system, and the 

very large applied pressure – megapascal range144 – required to generate the effect. The 

giant magnetoelastic effect has been recently discovered in soft systems47, bypassing the 

need for external fields, as well as reducing pressure requirements by orders of 

magnitude, and becoming tolerable for biological use (Figure 9).  

 

Figure 9. Magnetoelastic generator displays suitability for biological applications. (a)  
Schematic representation of nanoparticles dispersed in a polymer matrix. (b) Wavy chain model and 
magnetic field variations brough about by the compression of a magnetoelastic layer. (c) Vertical 
magnetic flux density (�B⊥) of the soft system on the South Pole surface, and its variation from a 
relaxed (0 N) state to a compressive (20 N) force state. Scale bar 0.5cm. (d) A photograph of a 
miniaturized MEG placed alongside a US quarter dollar coin, for comparison. (e) Stress and strain 
curve of the soft system, and Young’s modulus calculation using a neo-Hookean model. (f) MEG 
current and voltage outputs prior and subsequent to, water submersion for 14 days. Box plots 
represent mean + standard deviation values, n=5. (g) Cell viability of mouse fibroblasts cultured atop 
PDMS and the soft MEG, shown in contrast to positive and negative (DMSO) controls, respectively, 
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as determined using a PrestoBlue assay. Bar graphs show mean + standard deviation of the results 
(n=4). DMSO, dimethyl sulfoxide. 
 

In order to form such a device, neodymium boron (NdFeB) nanoparticles can be 

homogeneously dispersed in a liquid silicon rubber solution, and subsequently 

magnetized for intra-structural dipole alignment post curing, yielding a soft system 

(Figure 9a) which can be easily deformed using minimal, and biologically tolerable force. 

The physical disturbance of the system from a relaxed to a deformed state (whether 

compressed or stretched) (Figure 9b), has been shown to lead to a change in the 

magnetic dipole alignment of the nanomagnets, modifying the magnetic flux density of 

the soft system (Figure 9c).   

Magnetic flux density changes can be exploited to yield an electromotive force –

electricity, produced by a non-electrical source – when coupled with an electrical 

conductor. Encouragingly, magnetic fields can permeate wetted environments without 

any significant intensity decrease147, making them suitable for use in wetted environments 

ubiquitously found in biological systems and biological applications. MEGs, combining 

giant magnetomechanical coupling (MC) layers and magnetic electrical induction (MI) 

layers, are thus able to act as electricity generators which can be used for ES in 

miniaturized systems (Figure 9d). Furthermore, beyond their inherent energy transducing 

(self-powering) and bioconformable encapsulation, MEGs can be operated with 

physiologically tolerable pressure values - Young’s modulus of 446.42 kPa and ultimate 

strain of 140.28%  (Figure 9e) - can withstand prolonged exposure in wetted 

environments without compromise in functionality (Figure 9f) and can be made using 

biocompatible materials (Figure 9g), helping their nifty integration into biological systems 

and research laboratory tools. As a novel platform technology, MEGs have demonstrated 
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suitability for biomonitoring applications142, therapeutic applications, and energy 

generation141. Their easily devisable architecture has been revised to fit various 

declinations, including integration in textile form143, and use in film form. With our study, 

we set out to explore MEG use as an ES platform by integrating it in existing research 

tools in the form of tissue culture well plates. Mechanical deformation induced by air 

pressure was then harnessed to alter the inner magnetic dipole-dipole interaction of MEG, 

leading to a change of its magnetic field. Said change was then exploited to generate 

electricity via electromagnetic induction, for in vitro exploitation. 

In order to address the above a number of experiments were carried out. Biological 

suitability of MEG: Magnetic flux density measurement were recorded as follows: Uniaxial 

stress (20 N) was applied onto a magnetoelastic film of size 25 mm by 25 mm, and the 

vertical component of the magnetic field was measured using the axial probe of a digital 

Gauss meter (TD8620, Tunkia). The stress-strain curves were determined by stretching 

a magnetoelastic film of 15mm (w) x 3mm (h) x 23mm (l) using a dynamic mechanical 

analyzer (Instron 5564, stretching rate of 5mm/s). The Young’s modulus was calculated 

by fitting the experimental curves with a neo-Hookean model. A magnetized 

magnetoelastic layer (83 wt%) showed a Young’s modulus of 446.42 kPa and an ultimate 

strain of 140.28%. For water performance testing, a MI-MC layer of non PDMS-

encapsulated MEG was soaked in water for 14 days with its current and voltage output 

tested pre and post soaking. For biocompatibility testing, mouse fibroblasts expanded in 

fibroblast medium consisting of DMEM basal medium (Gibco, 11965), 10% fetal bovine 

serum (Gibco, 26140079) and 1% penicillin/streptomycin (Gibco, 15140122) were 

seeded and grown on PSMD, a silicone (Cu/NdFeB-Ecoflex) based MC-MI (“MEG”) layer, 
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and in tissue culture well controls, and cultured in an incubator at 37 °C and 5% CO2. 

After 24 hours, cell viability was assayed using PrestoBlue Cell Viability Reagent 

(Invitrogen, A13261) according to the manufacturer’s protocol. Cells were incubated with 

10% PrestoBlue reagent for 2 hours and results were normalized to the control samples 

(for which we used fibroblasts seeded in the tissue culture plate). DMSO was used as 

negative control. Absorbance reading were recorded using an Enspire nanoplate reader 

(PerkinElmer, Massachusetts, USA). 

 

III. Fabrication of the MEG electrical stimulation platform 

The MEG ES platform we fabricated (Figure 10) consists of a multilayered system 

including a MI layer encapsulated within an MC layer, a biocompatible PDMS layer, and 

an indium-titanium oxide coated glass (ITO glass) (Figure 10a), fabricated, and encased 

in a commercially available tissue culture well plate.  
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Figure 10. The MEG electrical stimulation platform is simple to fabricate and provides a resilient 
in vitro tool. (a) Exploded schematic view of the MEG ES platform. Figure 2. The MEG ES platform 
is simple to fabricate and provides a resilient in vitro tool. (a) Exploded schematic view of the MEG ES 
platform. (b) A schematic representation of the fabrication process in situ a commercially available 
tissue culture well plate. (c) The as-fabricated MEG electrical platform with fibroblasts seeded onto its 
ITO glass surface, in DMEM media, and an immunofluorescent image of the seeded fibroblasts with 
clear nuclear (DAPI - blue) and cytoskeletal (phalloidin –red) staining. (d) Liquid retention in an MEG 
ES well as compared to a control standard tissue culture well confirms the absence of absorption or 
leakage in the MEG ES platform. (e) Commonplace sterilization techniques do not affect the electrical 
output of as-fabricated MEG ES platforms. (f) Durability testing of the MEG ES platform to assess 
long-term performance and output current effect. The performance of the MEG is virtually unaffected 
after extensive cycling. 
 

To fabricate our ES platform, we utilized commercially available non-tissue culture 

well plates, into which the platform was sequentially constructed (Figure 10b). To begin, 

the initial MI layer was fabricated: copper (Cu) wires were used as the MI layer and 

prepared. Subsequent to the MI layer fabrication, the MC layer was prepared by pouring 

uncured silicone rubber matrix that had been previously mixed with non-magnetized 

NdFeB nanoparticles, into the MI-containing tissue well plates, and then cured in a heat 

oven at 60˚C. Once the MI-MC layered MEG was fully cured, the MC layers was 

magnetized. Later, uncured PDMS was poured into the well plates to provide an optimal 

biocompatible layer and hermetically seal the MEG platform, overall preventing its 

dislodgment during platform activation (air pressure use) and left to cure. Mid-curing, an 

ITO glass cut to the required tissue culture well size, was deposited above and partially 

into the layer to enable fixing into the MEG ES platform, allowing space for the MI 

electrode wires to exit and connect (at the ITO glass’ antipodes), and further cured at 

60˚C for 3 hours in an oven to complete the curing process (Figure 10b). Prior to 

application, the ITO glass was functionalized using plasma to reduce its hydrophobicity 

(Figure 11), optimizing wettability and cell adhesion.  
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Figure 11: ITO glass functionalization to enhance cell adhesion. Macroscopic and microscopic 
views of ITO glass pre- and post- a 5-minute plasma treatment protocol. Hydrophobicity loss of the 
ITO glass is demonstrated by the change of surface dispersion of a drop of water at the macro level, 
and by the formation of a functionalized surface at the microscopic level (SEM microscopy). Scale bar 
= 10 µm. SEM = Scanning electron microscopy. SEM photos taken using a Zeiss, supra 40VP 
microscope. 
 

This step could also be carried out once the MEG ES platform was fully cured and 

prepared, and with the ITO glass integrated, without affecting the functionality and 

structural integrity of the MEG ES platform. Finally, small 3 mm diameter holes were 

carefully drilled in the bottom of each tissue culture well plate, so as to permit subsequent 

air pressure activation.  

The as-fabricated MEG ES platform could be subsequently used for cell seeding, 

permitting cell culturing experiments (Figure 10c). In order to assess the resilience and 

resistance of the MEG ES platform to the exposure to various experimental conditions, 

we tested hermetic capabilities and leakage prevention within the platform (Figure 10d), 

and subsequently assessed the MEG ES performance after a number of commonplace 

sterilization techniques, including autoclaving, UV irradiation, and ethanol wetting. No 

tangible output decrease was noted in the MEG ES platform after any of the physical 
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exposure (Figure 10e). This is encouraging as NdFeB’s Curie Temperature for 

conservation of magnetic properties is 300˚C, well above the autoclaving ~150˚C steam 

conditions. Finally, as the platform might be utilized for long term ES experiments, its 

resistance to repeated cycling was tested, showing output retention after 250,000 cycles 

(Figure 9f). 

The PDMS layer provides a biocompatible environment on top of which tissue 

culture media can be deposited and helps form a further hermetic seal around the platform, 

preventing tissue culture media leakage. Atop the biocompatible layer, the ITO glass, 

connected to the MI layer’s electrode wires, allows for cell seeding and direct ES to the 

biological sample. ITO glass was chosen as its suitability had been previously reported26 

with regards to cell toxicity and cell anchoring (Figure 12).  

 
 
Figure 12: Fibroblast anchoring. Fibroblast anchoring on standard tissue-well plates vs plasma-
treated ITO glass. Clear morphology and cellular anchoring visible via phalloidin- and DAPI-staining 
with no observable difference. Scale bar = 50 µm. 
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Furthermore, although other, more flexible ITO-coated polymers are available for 

use, their ITO coating process is laborious and requires specialized machinery148,149. In 

addition, electrically stimulated samples often need to be visualized under fluorescence 

microscopy, and the use of glass helps as ITO glass can be commercially sourced, easily 

cut into desired shapes, stained, and mounted for post-experimental analysis. An 

alternative set up of the MEG ES platform was devised to allow parallel ES of various 

samples using one single external MEG, particularly useful for samples that need to be 

observed using standard bifocal microscopy during the course of the experimentation 

(Figure 13). 

 

 
 
Figure 13: An alternative set up of the MEG electrical stimulation platform. A mechanical actuator 
in the form of a rotating motor cyclically hits a weighted hammer which falls on the associated MEG 
under its own weight. The speed (and thus frequency) of the actuator can be modified according to 
experimental need. A schematic of the fabric-enveloped MEG is also shown. This particular set up 
(MC: 83% NdFeB, 4 mm thick, 25 mm diameter; MI: 200 Cu coils; Hammer weight: 250g) could yield 
up to 3 mA and be connected in series or parallel to ITO glass samples for use in ES protocols. 
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In order to assess the above, a number of experiments were carried out. Manual 

fabrication of MEG ES platform: This process was repeated for each of the wells in the 6-

tissue culture wells plates (Falcon™ Polystyrene Nanoplates, ThermoFisher), in parallel. 

MI layer preparation: Cu wire (Enameled Cu Wire, 28 AWG, 28SNSP, Remington 

Industries) was spun in various coil turns (50, 100, 200 and 400) using a 25 mm diameter 

acrylic rod (TAP Plastics) and placed in the middle of a 6-well tissue culture plate, with 

the Cu wire extremities made to stand vertical at opposite ends, 15 mm in height. MC 

layer preparation: Standard MC layers were prepared by thoroughly mixing an uncured 

silicone rubber matrix with non-magnetized NdFeB nanoparticles poured directly onto the 

MI layer, with the Cu wire extremities made to stand vertical at opposite ends and then 

cured in an oven. Specifically, Ecoflex 00-30-part A, part B and NdFeB nanoparticles 

(MQFP-B-20076-088, Neo Magnequench) were blended thoroughly using a stirring rod. 

The weight ratio of Ecoflex 00-30-part A and part B was kept at 1:1 for all MC layers. 

NdFeB Nanomagnets with weight concentrations of 43%, 53%, 63%, 73% and 83% were 

used to fabricate different MC layers for optimizing the mechanical, magnetic and 

magnetomechanical properties of the soft system. For the characterization tests, varying 

amounts of MC layers were poured to yield different thickness MC layers (2, 4, 6, and 8 

mm). All the mixtures were cured at 60 °C in an oven (ThermoFisher) for 3 hours, with the 

MI layer Cu wire extremities made to stand out of the solution. The non-magnetized soft 

system was magnetized by applying a magnetic pulse (~2.655 T) using an impulse 

magnetizer (IM-10-30, ASC Scientific) to import stable remnant magnetization.  

This process could be done on cured MI-MC layers removed from the tissue culture 

well plate or on the totality of the tissue culture well plate using a larger impulse 
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magnetizer (Magnet-Physik, M-Series) and applying the same magnetic pulse (~2.655 T). 

PDMS layer preparation: A thin PDMS layer (mixing ratio of 20:1, ~1 mm, Dow 

SYLGARD™ 184, Ellesworth Adhesives) was used to confine the MI-MC layer, avoid 

possible leakage, seal the platform, and improve the surface’s biocompatibility, with the 

Cu wire extremities made to stand out of the curing solution. ITO layer preparation:  

A 1.1 mm thick flat-ITO film glass (10.1 Ohm/sq, Geomatec), previously plasma 

treated for 5 minutes (Plasma Prep II, 2SPI), was cut to a 25 mm diameter circle using a 

circular glass cutter compass, and placed atop the curing the PDMS layer, mid curing (1 

hour into the total 2-hour curing process) at 60˚C in an oven (ThermoFisher). Finally the 

Cu wire extremities were cut to ~4 mm above the ITO glass, with the insulation removed 

by carefully cleaning the tips using a metal blade. The Cu wires were each bent atop the 

ITO glass and fixed in place using 3 mm-long pieces of 5 mm strong adhesive tape 

(Kaisiking). The finalized device was placed at 60˚C to finishing curing. A 3 mm diameter 

hole was drilled carefully at the bottom of each tissue culture well plate using an electric 

drill (DeWalt).  

 

IV. 3D fabrication of the MEG electrical stimulation platform  

Important factors which help assess likelihood of permeation of any new technology are 

its reproducibility and ability to fabricate at scale. To determine whether this was the case 

for the MEG ES platform, we tested out 3D printing capabilities, demonstrating rapid 3D 

printing directly in situ 6, 12, 24, 48 and 96 well plates. The fabrication of such a platform 

required less than a day of preparation (the only time limiting step being the MC and 
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PDMS layers curing) and was carried out using heated plates found incorporate in the 3D 

printer (Figure 14). More information is provided below. 

 

 
 
Figure 14: 3D printing capabilities of an MEG electrical stimulation platform. 3D printing 
capabilities of the MEG ES platform using a commercially available 3D printer. Simple MC and PDMS 
ink use and deposition using a 3D printer. 3D printed 12 well to 96 well plate MEG ES platforms, 
directly in situ.  
 
In order to assess the above, a number of experiments were carried out. 3D printing of 

MEG ES platform: Certain aspects of the MEG ES platform could be automated. The 

fabrication of MC layer and PDMS layer was automated using a pneumatic extrusion-

based 3D printer (BioX, Cellink, Gothenburg, Sweden) into each well of 6, 12, 24, 48 and 

96 well tissue culture well plate (Falcon™ Polystyrene Nanoplates, ThermoFisher). A 

computer-assisted design (CAD) software (Fusion360, Autodesk) was used to create the 

3D cylindrical model of 40 mm, 20 mm, 5 mm and 3 mm, respective to 12, 24, 48 and 96 

well plates. Cylinder models were a constant of 6 mm in height to 3D print silicone-based 

ink in a concentric lattice structure. MC layer: After mixing an uncured EcoFlex with non-

magnetized NdFeB nanoparticles, the mixture was degassed under vacuum for 20 min, 
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and carefully loaded into a 3D printer cartridge (3 ml cartridge, Cellink). 3D printer print 

bed was preheated to 65ºC, and the MC layer was printed at a rate of 10 mm/s with 15k 

Pa of air pressure, through 20 gauge tapered plastic nozzle. PDMS layer: After the 

printing of MC layer, well plates were left on the heated print bed at 65ºC for 30 min to 

allow MC layer to briefly cure. The PDMS layer (mixing ratio of 20:1, Dow SYLGARD™ 

184, Ellesworth Adhesives) was then 3D printed with extrusion speed and pressure of 

10mm/s and 10kPa, respectively, to form a 1.5 mm layer, to confine the MI-MC layer. 

 

V. Evaluation of the MEG electrical stimulation platform 

To evaluate the effectiveness and adaptability of an MEG ES platform, we set out to test 

a number of parameters and determine how the architecture of the various components 

of the platform itself affected current and voltage output (Figure 15). When the MC layer 

becomes deformed via air pressure, biomechanical-to-magnetoelastic energy conversion 

occurs, followed by concomitant magnetic induction in the MI layer, bringing about 

magnetic-to-electrical conversion, and a correlated electric output (Figure 15a). We 

began by assessing how varying the number of coils in the MI layer affected output 

performance, noticing a notable increase in both current and voltage output proportional 

to the increase in MI coil number (Figure 15b).  
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Figure 15. The MEG electrical stimulation platform’s output can be tailored to required 
experimental conditions. (a) The working mechanism and principle of the MEG ES platform, reliant 
on air pressure-deformation and activation of the MI-MC layer to yield an electric output. (b) Output 
current and voltage of the MEG ES platform can be adjusted by varying the number of MI layer coils. 
Bar graphs show mean + standard deviation of the results (n=5). (c) MC-layer thickness is positively 
correlated to current and voltage output until thickness-induced hampering of the MI-MC layer 
compression. Curves indicate general trend and elastic limit. (d) Effect of air pressure intensity on (i) 
voltage and (ii) current output of the MEG ES platform. (e) The MEG ES platform enables the use of 
different frequency parameters to yield specific (i) voltage and (ii) current values. (f) (i) Voltage and (ii) 
current dependance on [NdFeB] concentration in the MC layer. 

 

Subsequently, we tested the effects of modifying the MC layer. First, we altered 

the thickness of the MC layer, by pouring varying amounts of the uncured MC mixture 

into the well, thus obtaining MC layers of different thickness (2 mm, 4 mm, 6 mm, and 8 

mm) (Figure 15c). Here, the results showed an increase in output with subsequent 
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peaking of voltage and current at 0.71 mA and 6.92 mV (6 mm), owed to the increased 

rigidity of the MC layer, and thus proportional decrease in magnetoelastic performance of 

the layer. Subsequently, we analyzed the effect on electric output brought about by 

varying the air pressure magnitude on the MEG ES platform, using the punctured holes 

on its bottom (Figure 15d). Considering frequency is one of the testing parameters 

explored in electrical stimulation, we assessed the voltage and current output 

performance by exposing the MEG ES platform to various stimulation frequencies. We 

observed an increase in electric output, peaking at 6.02 mV and 0.9 mA at 100 Hz 

stimulations. (Figure 15e). Finally we assessed how modifying the nanomagnet 

concentration (43%, 53%, 63%, 73% and 83%) of the MEG’s MC layer, affected output, 

noticing a correlated increase in both current and voltage output (Figure 15f). 

Modifying the MI layer was shown to be an easily implementable intervention to 

help modify and tune the MEG ES platform’s desired output. However, the optimal MC 

weight concentration of NdFeB was shown to be 83%, yielding the most effective ratio in 

balancing elastomer plasticity and electricity generation, overall optimizing mechanical, 

magnetic, and magnetomechanical properties of the soft system upon air pressure 

stimulation. In line with maintaining apt magnetomechanical properties in the MEG ES 

platform’s soft system, the most effective output thickness for the MC layer in a standard 

6-well tissue culture sized MEG ES well plate, was shown to be 6 mm. Finally, much like 

for the MI layer, air pressure modification was also shown to be an easily implementable 

intervention to help modify and tune the MEG ES platform’s desired output (Figure 16).  
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Figure 16. Perforation of the MEG electrical stimulation platform. Clear perforation on the bottom 
side of a 12-well tissue culture plate onto which the MEG ES platform was fabricated. Air pressure 
holes allow for MEG ES activation using simple air pressure actuation.   
 
However, we noticed that for a standard 6-well tissue culture sized MEG ES well plate, 

the maximum air pressure prior to device failure and/or dislodgment from the well was 

800 kPa (Figure 17). It seemed thus advisable to utilize lower air pressure values for 

MEG ES platform activation in order to help preserve its mechanical integrity, especially 

in long term ES protocols. 

 
 
Figure 17: Maximum air pressure tolerance. Varying air pressure limits for different MEG ES 
platforms. *Key values. 
 



 44 

Various methodologies were implemented to bring about the afore MEG ES fabrication 

and testing. Performance of the MEG ES platform: For liquid retention testing, an MEG 

ES well plate, and a non-tissue culture well plate (Standard), were each filled with 5 ml 

DMEM media and left to rest at room temperature until day 14, with the liquid then 

collected from each sample and measured again. Sterilization protocol testing of the MEG 

electrical platform was carried out with pre- and post-testing, as follows: 30 min UV 

exposure resistance was tested using a biosafety cabinet fume hood UV-C germicidal 

lamp (LabGard ES Nu-540, Class II, NuAire), ethanol resistance was tested by filling each 

of the as-fabricated MEG well with 5ml of ethyl alcohol (HistoPrepTM 70% denatured, 

Fisherbrand), and leaving to soak for 1 week. Autoclaving resistance was tested by 

exposing a complete MEG ES platform to the autoclaving process (2840EL-D, Tuttnauer, 

glass setting, steam at 134˚C, 340 kPa). For performance cycling and frequency testing 

of the MEG, a pulse generator (comprising a coupled arbitrary function generator 

(Tektronix afg1062), linear power amplifier (Labworks, PA-138) and electrodynamic 

transducer (Labworks, ET-127)) was used at 25 Hz (for 10,000 seconds – 250,000 cycles) 

and varying (1, 5, 10, 50, 100 Hz) values, respectively. Voltage signals of the MEG ES 

platform were measured using a Stanford low-noise voltage preamplifier (SR560), whilst 

current signals were measured using a Stanford low-noise current preamplifier (SR570). 

For air pressure testing, an air pressure gauge (PSL15-160, PneumaticPlus) was 

connected to a compressed air outlet (UCLA Bioengineering line) and openings for 100, 

200, 300 and 400 kPa outputs were devised for pulsed release. 
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VI. Conclusion  

With this research we explored the first application and use on soft magnetoelastic effect 

for tissue engineering purposes, devising an electrical stimulating platform which is 

inexpensive, easy to fabricate, and which can be replicated at scale using 3D printing, 

and incorporated in existing research tools (tissue culture plates). We demonstrated a 

self-powering platform which could be adapted for both air pressure as well as mechanical 

activation. To our knowledge, this is the first time a self-powered ES platform could be 

directly integrated and built within existing tissue culture research tools, providing a 

biocompatible, bioconformable soft system which could be used for in vitro electric 

stimulation. We further demonstrated easy adaptability of the platform to yield specific 

current and voltage outputs, as required per and during experimental protocols, and 

demonstrated easy integration in sterilization and sanitization processes, without losing 

functionality despite exposure to UV irradiation, ethanol soaking, and even autoclaving.  

3D printing of the platform was also shown to be a possibility. Since the thickness of MC 

layer is proportionate to electricity generation, controlling the consistency in thickness 

within all wells of the same plate is an important factor. Automating the process with a 3D 

printer allowed precise control of layer height in every plate, so as to allow for the air 

pressure stimulus to induce equal current output in all wells, increasing the consistency 

and repeatability of cell experiments. 3D printing also allowed us to save a recipe of the 

printing set up, meaning the platform could be consistently re-fabricated, drastically 

increasing throughput. Manufacturing the device in a 3D printer can also help with sterility, 

reduce contamination likelihood, and allow direct cell seeding within the printing chamber, 

which is UV-sterilized and equipped with HEPA filtered laminar air flow. Furthermore, the 
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use of conductive carbohydrate glasses, which can print like thermoplastic, means that 

conductive ITO glass-like coverslips could also be printed in situ, allowing a one-stop 

fabrication approach.  

 

Overall, the nifty integration of ITO glass enables for samples to be analyzed using 

immunofluorescent staining without disrupting standard analytical processes broadly 

implemented across the research community. Considering the above, and in view of the 

potential of MEG-based platforms, this study was carried out also to bridge the 

development and journey towards its in vivo validation and application. We look forward 

to this platform and technology being applied to more research avenues and regenerative 

medicine applications, including co-stimulation such as mechanoelectrical stimulation, 

useful in the upkeep of transdifferentiated somatic cell types such as induced neurons, 

which we will explore in the next chapter. 
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CHAPTER 3 

MAGNETOELASTIC GENERATOR BASED  

NEURONAL CELL PROGRAMMING 

 

Soft bioelectronics have been employed in a number of cellular reprogramming protocols, 

though a number of shortcomings including, lack of biocompatibility and limited working 

capabilities under wetted conditions have hampered their applicative use in a large 

number of fields. With previous work we have demonstrated how magnetoelastic 

generators could de facto be built and incorporated directly into readily available tissue 

culture well plates and we set out to test its capabilities in in vitro transdifferentiation, and 

specifically by focusing on fibroblast into neuron transdifferentiation. This application was 

chosen as neurons represent a somatic cell type whose use is highly significant in the 

study and treatment of neuronal disorders, and for which the use of electrical stimulation 

is a known modulator1. We assessed the platform’s efficacy in promoting fibroblast 

transdifferentiation into neurons (+104%), and enhancing neuron maturation (+251%), 

providing an easily devisable and scalable electrical stimulation device for research, and 

paving the way for future permeation of magnetoelastic generator-based implantable 

devices. Furthermore, we provide suggestions for future exploration of this platform. 

 

I. Introduction 

Electrical stimulation (ES) platforms have been widely used in a plethora of biotech and 

clinical experimental applications. To allow for their progression from the bench to the 

bedside, platform technologies need to be first assessed and characterized in laboratory 
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settings. To help pave this platform technology’s development, and actively bridge this 

gap, we applied the MEG ES platform to assess its effect on the direct conversion of 

fibroblast into induced neurons.  

The direct transdifferentiation of fibroblasts into neurons represents an effective way to 

obtain neuronal cells to use in fundamental, as well as applied clinical research. These 

studies have traditionally seen the use of ex vivo neuronal cultures, which present a 

number of drawbacks including sample sourcing, poor experimental design and issues 

demonstrating statistical significance152. Furthermore, ex vivo neuronal cultures’ 

application in drug screening remains limited considering the inability to scale153. Besides 

this, although direct somatic transdifferentiation from fibroblasts to induced neurons exists, 

efficiency still remains low154.  

ES has been shown to help with somatic cell transdifferentiation, including promoting 

neuron induction, though for these experiments, reliance has focused on externally 

powered devices120. In the few instances where self-powered devices were used, these 

were always decoupled from the experimental set up, and presented the core problems 

described in our introduction. The introduction of a stand-alone, easily fabricated, and 

self-powered MEG ES platform was therefore put forward to help provide a versatile 

platform for simple electrical research at scale, demonstrated in an extremely relevant 

applicative scenario. 

 

II. MEG electrical stimulation and neuron transdifferentiation efficiency 

We set out to assess the biological effect of MEG ES on virally transduced fibroblasts155 

with and without exposure to MEG ES (Figure 18). Given the heterogeneity of ES 
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parameters used in previous studies for fibroblast transdifferentiation into induced 

neurons, we first assessed ES tolerance range for adult mouse ear fibroblasts employed 

in our protocol (Figure 18), and exposed the cells to nA, µA and mA range currents for 

varying intervals, determining a suitable, non-toxic values in the nA range, with maximum 

exposure in the 30min range, and 1Hz impulse frequency. 

  

Figure 18. The MEG electrical stimulation platform enhances efficiency and maturation of 
fibroblast transdifferentiation to induced neurons. (a) Cell viability as a function of varying current 
MEG ES values, in the nano, micro, and milli Ampere ranges. Bar graph shows mean ± SD (n=5). 
 

In order to carry out the MEG ES viability assays: Fibroblasts were plated and allowed to 

attach overnight. The following day, cells were treated to nA (25, 50, 100 nA), µA (25, 50, 

100 µA), and mA (25, 50, 100 mA) values for 30 min, at 1 Hz frequency, using an 

alternative MEG ES platform (Figure 13). The modified MEG platform yielded 2 mA 

current, with its output adjusted to the testing regime using an Ohm resistance box 

(Resistance Decade Box 380400, Extech Instruments). Cells were left to grow for 24 

hours, after which cell viability was assayed using PrestoBlue Cell Viability Reagent 

(Invitrogen, A13261) according to the manufacturer’s protocol. Cells were incubated with 

the PrestoBlue Reagent for 2 hours. Results were normalized to control (i.e., no 
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stimulation) samples. The 1 mA value test was subsequently repeated whilst being 

visualized in time lapse under a Zeiss Axio Observer Z1 inverted fluorescence 

microscope, with images being taken every minute, for 30 minutes, to show cell 

detachment and subsequent death, corroborating the PrestoBlue reagent results. 

Subsequently, we set out to carry out various MEG ES protocols during the 

transdifferentiation process (Figure 19).  

 

Figure 19. MEG electrical stimulation protocols. Schematic representation of the various protocols 
implemented to assess MEG electrical stimulation’s effect on transdifferentiation. D = day, ES = 
electrical stimulation, Dox = doxycycline. Yielded neuron relative morphology and number, 
schematically shown. 
 

Using a 6-well plate MEG ES platform fabricated in the forestated fashion, we first gelatin-

coated the plasma treated ITO glass, and subsequently seeded adult mouse ear 

fibroblasts transduced with doxycycline (Dox)-inducible lentiviral vectors, containing the 

three reprogramming factors Brn2, Ascl1, and Mytl1 (BAM). The following day Dox was 

added (marked as day 0) to induce BAM expression and begin the transdifferentiation 

process, with cells being cultured in serum-free N2B27 medium for the remainder of the 

experiment. We devised MEG ES platforms to output 50 nA – confirmed using a low-

noise current preamplifier – and first examined the effect of MEG ES on 
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transdifferentiation efficiency, which we defined as the percentage of neuronal beta-

tubulin III (Tubb3+) induced neurons at day 14. To do so, we pulsed the transduced 

fibroblasts with 1 Hz frequency, 50 nA current ES for 1 min and 5 min, respectively, at 48-

hour intervals, for a duration of 7 days, starting day 1, and left cultures to grow until day 

14 (Figure 19). The experiment revealed a 104% increase in transdifferentiation 

efficiency (number of Tubb3+ cells) with 1 min stimulation (2.77% to 5.64%) and a 46% 

increase in transdifferentiation efficiency (number of Tubb3+ cells) with 5 min stimulation 

(2.77 % to 4.05%) (Figure 20), reinforcing the idea that early-stage MEG ES platform 

helps increase neuron yield. From a quantitative perspective, very statistically significant 

differences were noted in the transdifferentiation efficiency of early-stage electrically 

stimulated samples, versus control. Furthermore, the results seem to indicate that the 

duration of ES was important in enhancing direct conversion in early-stage stimulations, 

but not in late-stage ES (Figure 20) a factor likely ascribed to the key timing in activation 

of transcription factors involved in the transdifferentiation process. 

 

Figure 20. Effect of MEG electrical stimulation on transdifferentiation. Transdifferentiation 
efficiency of fibroblast transdifferentiation into induced neurons in varying ES protocols (based on 
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Tubulin Beta 3 Class III+ (Tubb3+) cells on day 14 relative to the number of fibroblast cells initially 
seeded), Bar graph shows mean ± SD (n=5), **p ≤ 0.01, ***p ≤0.001 **** p≤0.0001, NS = not significant. 
Significance was determined by a one-way ANOVA and Tukey’s multiple comparison test. 
 

III. MEG electrical stimulation boosts maturation and neuritic ramification 

Secondly, we examined the effect of MEG ES on neuronal maturation, characterized 

using immunocytochemical staining and analysis. To understand whether MEG ES had 

any maturation effect when applied during later stage transdifferentiation (on already 

formed induced neurons), we performed 1 min and 5 min, 50 nA 1 Hz MEG electrical 

stimulation, with 48-hour intervals, on samples from day 8 to day 14 of the protocol 

(Figure 19). While the samples did not show an increase in transdifferentiation efficiency 

into induced neurons, we observed a marked increase in Tubb3+ cells expressing 

neuronal maturity markers Synapsin, and microtubule associated protein 2 (MAP2). 

Specifically, samples which had undergone late-stage MEG ES in the form of 5 min 

stimulations, showed a 218% increase (from 22.5% to 71.5%) in Tubb3+/Synapsin+ 

neurons (Figure 21 – left), and a 251% increase (from 20.5% to 72%) in Tubb3+/MAP2+ 

neurons, when compared to the control (Figure 21 – right). 

  

Figure 21. Effect of MEG electrical stimulation effect on neuronal maturation. (Left) 
Quantification of mature neurons (based on Tubb3+ and Synapsin+ cells on day 14 relative to the 
number of Tubb3+ cells). Bar graph shows mean ± SD (n=2), **p ≤ 0.01, ***p ≤0.001, NS = not 
significant. Significance was determined by a one-way ANOVA and Tukey’s multiple comparison test. 
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(Right) Quantification of mature neurons (based on Tubb3+ and microtubule associated protein 2 
(MAP2+) cells on day 14 relative to the number of Tubb3+ cells). Bar graph shows mean ± SD (n=2), 
**p ≤ 0.01, ***p ≤0.001, NS = not significant. Significance was determined by a one-way ANOVA and 
Tukey’s multiple comparison test. 

 

Lower MEG ES duration of 1 min, showed a more modest, yet significant increase of 156% 

(from 22.5% to 57.5%), and 173% (from 20.5% to 56%) in Tubb3+/Synapsin+ and 

Tubb3+/MAP2+ neurons, respectively, when compared to the control.  

 

For the fibroblast isolation, culturing and reprogramming, lentiviral production and 

transduction: Dox-inducible lentiviral vectors for Tet-O-FUW-Brn2, Tet-O-FUW-Ascl1, 

Tet-O-FUW-Myt1l, and FUW-rtTA plasmids were used to transduce fibroblasts for ectopic 

expression of Brn2, Ascl1, Myt1L, and rtTA (Dox-binding inducible promoter). Lentivirus 

was produced by using established calcium phosphate transfection methods, and Lenti-

X Concentrator (Clontech, 631 232) was utilized to concentrate viral particles according 

to the manufacturer’s protocol. Stable virus was aliquoted and stored at −80 °C. 

Fibroblasts were incubated with the virus for 24 hours before being seeded onto gelatin-

coated ITO glass. 

Fibroblast isolation, culture and transdifferentiation: Fibroblasts were isolated from ear 

tissue of one-month old adult C57BL/6, and expanded using fibroblast medium: DMEM 

(Gibco, 11965), 10% fetal bovine serum (FBS; Gibco 26140079), and 1% 

penicillin/streptomycin (GIBCO, 15140122). For all experiments, passage-2 cells were 

used. Fibroblasts were transduced with lentivirus-containing BAM constructs and the 

following day seeded onto ITO glass (10.1 Ohm/sq, Geometec) coated with 0.1 mg mL−1 

gelatin (30 mins) at a density of 7000 cells per glass slide, with the ITO glass having 

previously been plasma treated for 5 min (Plasma Prep II, 2SPI). The following day (i.e., 
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day 0), the medium was replaced with MEF medium containing Dox (2 ng mL−1, Sigma) 

to initiate the expression of the transgenes and thus, transdifferentiation. Twenty-four 

hours later (i.e., day 1), cells were cultured in N2B27 medium: DMEM/F12 (Gibco, 11 320 

033), N-2 supplement (Gibco, 17 502 048), B-27 supplement (Gibco, 17 504 044), 1% 

penicillin/streptomycin, and Dox (2ngmL−1), and half medium changes were performed 

every 2 days. MEG electrical stimulation: For the early-stage MEG ES study, using an ad 

hoc MEG ES platform yielding 50 nA, we pulsed the transduced fibroblasts with 1 Hz 

frequency, 50 nA current ES for 1 min and 5 min, at 48-hour intervals, for a duration of 7 

days, starting day 1, and left cultures to grow until day 14. For the late-stage MEG ES 

study stage, we pulsed the transduced fibroblasts with 1 Hz frequency, 50 nA current ES 

for 1 min and 5 min, at 48-hour intervals, for a duration of 7 days, starting day 8 until day 

14. On day 14, cells were fixed and stained for Tubb3 to determine the transdifferentiation 

efficiency, whilst other samples were also stained for Synapsin and MAP2 to determine 

maturation stage. Induced neuronal cells were identified based on positive Tubb3 staining 

and neuronal morphology (defined as Tubb3+/DAPI+, with the presence of at least two 

or more neurites filopodia-like protrusions which exceeded the diameter of the cell body). 

The transdifferentiation efficiency was determined as the percentage of Tubb3+ cells on 

day 14 relative to the number of the fibroblast cells initially seeded at 24 hours. 

With regards to the results, samples which had been electrically stimulated only in 

the early stage of the transdifferentiation process (day 1- day 7), did not show a higher 

percentage of mature neuronal markers when compared to the control, corroborating 

evidence from previous studies that electrical stimulation’s influence on 

transdifferentiation and maturity is distinct, depending on when it is applied156–158.  
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Interestingly, though late-stage ES enhances maturation of neurons, its duration 

seemed to be less important in determining degree of neuronal maturation (Figure 21). 

This could likely be ascribed to somatic / neuronal maturation being a less time-sensitive 

process than that of transdifferentiation of transcription factors involved in the 

transdifferentiation process. 

One further important difference which became apparent when visualizing induced 

neurons which had been exposed to late-stage MEG ES under fluorescent microscopy 

was the stark difference in interconnectivity between control samples and those that had 

undergone ES and those who did not. Induced neurons observed in control samples 

showed less articulate morphologies, with far fewer and far less intrinsic neuritic 

ramifications, unlike for those encountered in electrically stimulated samples (Figure 22). 

 

 

Figure 22. Visual effect of MEG electrical stimulation on mature neurons, with Synapsin 
staining. Immunofluorescent images showing induced neurons without and with late MEG ES, on Day 
14, and stained with mature neuronal marker Synapsin, highlight neurite abundance and ramification. 
Yielded neuron relative morphology and number, schematically shown. Scale bar = 50 µm.  
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Clustering of induced neurons was also much more pronounced in electrically stimulated 

samples (Figure 23), with highly inter-networked neuronal systems comprising as many 

as tens of Tubb3+/Synapsin+ and Tubb3+/MAP2+ neurons, all interconnected. 

 

Figure 23. Visual effect of MEG electrical stimulation on mature neurons, with MAP2 staining. 
(g) Immunofluorescent images showing induced neurons without and with early MEG ES, on Day 14, 
and stained with mature neuronal marker microtubule associated protein 2 (MAP2) highlight increased 
efficiency with promoted induced neuron density and interconnection. Yielded neuron relative 
morphology and number, schematically shown. Scale bar = 75 µm. 

 
 

In order to achieve the desired Immunofluorescent staining and characterization of 

neurons and mature neurons: All samples collected for immunofluorescence staining at 

the indicated time points were washed once with PBS and fixed in 4% paraformaldehyde 

for 10 min. Samples were then washed three times with PBS for 5 min each and 

permeabilized using 0.5% Triton X-100 for 10 min. The ITO glass with fixed cells were 

dismounted from the MEG ES platform and, after three subsequent PBS washes, blocked 

with 5% normal donkey serum (NDS; Jackson Immunoresearch, 017000121) in PBS for 

1 hour. Samples were incubated with primary antibodies (Tubb3; 1:1000, Biolegend 

#802001, MAP2; 1:300, Biolegend #801801, Synapsin; 1:400, Abcam #ab254349) in 
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antibody dilution buffer (5% NDS in PBS) overnight at 4 °C followed by three PBS washes 

and a 1-hour incubation with Alexa Fluor 488- and/or Alexa Fluor 546-conjugated 

secondary antibodies (Molecular Probes). Nuclei were stained with DAPI (1:1000, 

Molecular Probes, Eugene, OR) in PBS for 10 min. For F-actin staining, cytoskeletons 

were stained using Phalloidin (1:200, Phalloidin-iFluor™ 514 Conjugate, AAT Bioquest). 

Epifluorescence images were collected using a Zeiss Axio Observer Z1 inverted 

fluorescence microscope and analyzed using ImageJ. Induced neurons were confirmed 

as such by nucleic DAPI+ and cellular Tubb3+ staining association, as well as the 

presence of at least two or more neurites (filopodia-like protrusions which exceeded the 

diameter of the cell body), mature neurons were confirmed as such by 

DAPI+/Tubb3+/Synapsin+ and DAPI+/Tubb3+/MAP2+ staining association. 

To assess overall data relevance we performed statistical analysis of cell-based 

experiments: All data were presented as mean ± one standard deviation (SD). 

Comparisons among values for groups were performed using a one-way analysis of 

variance (ANOVA) followed by a Tukey’s post-hoc test. For all cases, significance level " 

= 0.05 was set with a 95% confidence to detect a significant difference, and p-values less 

than 0.05 were considered statistically significant. GraphPad Prism 8.0.2 software was 

used for all statistical evaluations. For cell viability assay, n=5, where all experimental 

groups were compared with (normalized by) untreated control. 

 

IV. Conclusion  

We applied the MEG ES platform in a highly relevant tissue engineering practice, 

highlighting how, when used in concomitance with viral delivery of delivery of genes 
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encoding neuronal BAM transcription factors, the use of our platform could help increase 

transdifferentiation efficiency up to 104%, when compared gene delivery alone, and 

enhance the presence of mature neurons up to 251%, when again compared to gene 

delivery alone. Furthermore, the MEG ES platform demonstrated capabilities to help form 

well-developed neurite networks and intraneuronal connectivity. These results 

corroborate previous studies which highlighted a role for ES in promoting both 

transdifferentiation efficiency1, and neuronal maturation158. Mechanistically, although not 

fully understood, it is thought that ES activates N-type Ca2+channels during the early 

stages of transdifferentiation, inducing neuronal gene expression induction, and thus 

improving conversion efficiency. Similarly, on induced neurons, ES is thought to lead to 

an increase in Ca2+ mobility, and indirect protein kinase C activation, in turn promoting 

the phosphorylation of extracellular signal-regulated kinase 1/2 (ERK1/2). This latter 

cascade is fundamental in cellular differentiation and its increased activation has been 

linked to neurite growth156. Interestingly, in preliminary studies, we observed that when 

MEG ES was applied continuously to samples (from day 1 to day 18), there was an overall 

detrimental effect on cell sample survival, indicating that excessive frequency of ES was 

counterproductive. Similarly, excessively high MEG ES protocols lead to cellular 

detachment from the ITO glass surface and subsequent metabolic death. The above 

study reinforced the idea and use of an MEG ES platform for in vitro use, as exemplified 

by its application in promoting transdifferentiation efficiency of fibroblast to induced 

neuron protocols, in addition to inducing a more mature neuronal phenotype when 

compared to samples which did not receive MEG electrical stimulation. Considering the 

above, and in view of the potential of MEG-based platforms, this study was carried out 
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also to bridge the development and journey towards its in vivo validation and application. 

We look forward to this platform and technology being applied to more research avenues 

and regenerative medicine applications, including co-stimulation (such as 

mechanoelectrical stimulation), highly valuable for the maintenance and functionality of 

transdifferentiated somatic cell types such as induced cardiomyocytes. 
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CHAPTER 4 

ULTRASOUND COMPUTATIONAL PRELIMINARY STUDY FOR FUTURE CELL 

PROGRAMMING 

 

The efficient conversion of ultrasound into electrical energy remains a highly desirable 

wireless powering solution, with potentially profound ramifications in energy transfer 

across virtually all industrial fields, especially for implantable medical devices. 

Triboelectric nanogenerators have been shown to effectively carry out ultrasound 

energy transduction, though efficiency remains poor. Here, we devise a computational 

model to investigate the optimal triboelectric nanogenerator irradiation conditions, 

including frequency, probe distance, size, and design, as represented by irradiated 

triboelectric surface area displacement. Our investigation may set the foundations for 

the establishment of a standardized protocol for efficient ultrasound mechanical energy 

harvesting. This holds considerable significance and could be paramount in designing 

an ever-growing number of applicative solutions in wireless energy transfer, providing 

a scalable, cost effective and time saving solution in the development of implantable 

medical devices159. 

 

I. Introduction 

Triboelectric nanogenerators (TENGs)39,160–163, have emerged favorably as next 

generation implantable medical devices (IMDs) driven by their self-powering, 

microscaled, and morphologically fitting flexible nature1,164–166.  Their application in 

human health, moreover, has been growing in view of the many biocompatible, 
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biodegradable and drug-wetted biomaterials available for their manufacture, and 

considering  TENGs’ extensive  validation in  biosensing167,168,  therapeutics169,170, and 

third-party device powering applications171,172. Recently, pioneering work has further 

opened novel research avenues by demonstrating wireless activation of TENGs using 

ultrasound waves173–175, de facto opening a novel field of TENG research focused 

around implantable ultrasound-activated (IUA) TENGs. Given ultrasound’s capabilities 

to penetrate human tissue with minimal side effects176, there has been a surge in 

attempts to use and harness ultrasound as a power source, both for IMDs177, as well as 

for direct interventional therapy178,179.  

To date however, poor energy conversion efficiency and the presence of bulky 

transducers have slowed the development of effective ultrasound powered IMDs180. IUA-

TENGs have now seemingly provided an effective wireless energy transfer platform with 

which to intervene transdermally and bridge that developmental gap. 

The clinical significance of IUA-TENG use is considerable. IUA- TENGs have the 

potential to provide an interventional platform for direct, ad hoc, regenerative medicine 

and tissue engineering solutions in a myriad of clinical applications (Figure 24).  

Their simple use is now set to enable immediate ultrasound-to-electricity energy 

conversion via means of an easily administered ultrasound irradiation. Considering 

previous experimental validation, IUA-TENGs have the potential to help deliver 

therapeutic drugs or electrical stimulation, or be used to activate and power implanted 

third party devices111,181. Specifically, pharmacological interventions such as drug-load 

release182, and enhancement of regenerative process (Figure 24a) including those 

occurring in wound healing183, cellular reprogramming and transdifferentiation120, have 
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all been demonstrated using TENGs, and could thus benefit greatly from this novel 

research avenue. Alongside the scientific rationale, the need for a novel class of next-

generation powered devices is warranted by IMDs’ $100 billion market’s 7.1% compound 

annual growth rate, as well as the desire to push IMDs into novel therapeutic avenues184.  

 

Figure 24. Schematic representation of an implantable ultrasound activated TENG. (a) 
Ultrasound probe irradiating the implanted TENG to help in neuroregeneration processes, such as 
spinal cord injury healing. (b) Illustration of up-close ultrasound activation of the TENG. (c) 
Representation of mechanical ultrasound wave conversion to electricity via the TENG single 
electrode working mode. The triboelectric layer (in blue) oscillates vertically as it is hit by ultrasound 
waves, leading to the contact electrification of the electrode layer below (yellow), discharging a 
current (I) cyclically. Circuitry equivalence is shown next to the representation, where R is resistance, 
and the red arrow represents current direction159. 
 

Indeed, developing energy transmitting solutions to help provide cost-effective, safe and 

non-invasive alternatives to legacy battery approaches is a key component to achieve 

this goal. IUA-TENGs could not only enable the improvement of existing powered 
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devices – which require periodical battery replacement, can leak toxic chemicals within 

the body, and present user wearability comfort issues – but can also help provide energy 

sources with which IMDs can connect into the growing healthcare Internet of Medical 

Things (IoMT) ecosystems. Much like next generation wearables, interconnectability of 

IMDs to existing healthcare infrastructure can bring about continuous device and patient 

health monitoring and highlight eventual functionality issues with the IMDs themselves. 

Enabling such energy-consuming operations however warrants microscaled IMDs which 

rely on novel powering solutions. 

Despite the aforementioned potential, ultrasound-to-electricity conversion efficiency 

remains limited, and novel IUA-TENG design approaches are needed to provide the 

groundwork for this field and enable transition to industry and the clinic. In order to 

optimize the efficiency of IUA-TENGs, there lies the need for theoretical guidance in 

improving transducing efficiency of IUA-TENGs and improve energy conversion output. 

Such insight could be applied to developing high efficiency IUA- TENGs, which can be 

readily optimized and validated in silico, prior to implementing time consuming and costly 

manufacturing protocols. Moreover it could also help leverage the use of artificial 

intelligence for evermore optimized triboelectric structures and designs, and overall IUA-

TENG IMDs. 

 

II. Theoretical background 

TENGs produce electricity by leveraging on their innate working mechanism of contact 

electrification and electrostatic induction, directly converting mechanical energy into 

electricity185–187, with their triboelectric layer in effect able to function as a transducer of 
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mechanical energy188,189. Long-standing experimental studies have demonstrated that 

the efficiency of a TENG is dependent on the materials employed, working mechanism 

used, presence of impurities, and reduction of charge loss190. Once those physical TENG 

parameters have been determined however, on a theoretical front, a TENG’s electrical 

output maximum is directly proportional to its ability to induce the largest possible charge 

in its electrode, through a triboelectric (from the Greek “tribos” or rubbing) effect. Indeed, 

TENG’s innate ability to convert mechanical energy into electricity reaches theoretical 

peak with a complete displacement, and involvement, of the triboelectric layer. Ultrasound 

waves, acting as a form of mechanical energy, can bring about the micro displacement 

of TENGs’ triboelectric layer, via the formation of nodes and antinodes on the material’s 

surface in a free vibration mode, helping to wirelessly induce a triboelectric layer 

displacement and resulting electron movement.  

The energy flow of ultrasound waves, their passage through a dense (transdermal 

equivalent) medium, their resonance interaction with the triboelectric layer, and their 

subsequent induced generation of a charge on the TENG, are processes which need to 

be optimized to ensure maximum energy conversion efficiency. In order to maximize the 

vibrational induction of the triboelectric layer using the ultrasound irradiation as a physical 

inductor, acoustic resonance of the layer itself must be achieved. Such an outcome is not 

only dependent on ultrasound source frequency, but also on its source (probe) size, 

distance from the targeted triboelectric layer, and positioning with its regard. In the 

specific, the mathematical relationship between the voltage generated by the ultrasound 

irradiation of the triboelectric layer can be described178 as: 
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Where ∆V is the voltage generated by the triboelectric layer, σ is the triboelectric charge 

density, d(t) is the displacement between the triboelectric layer and the electrode, and ε 

is the permittivity. Indeed, in electric stimulation, the high voltage, low current output, 

innate to TENGs, render their power output optimal for applications in human health. To 

enhance our understanding of this, we set out to model ultrasound interaction with a 

TENG’s triboelectric layer, leveraging on computational and theoretical modelling to 

accrue a theoretical understanding of the relationship between ultrasound wave and 

acoustic TENG layer output (Figure 24b). The theoretical reasoning stands that 

triboelectric layer displacement, of any type, whether mechanical or acoustic, will yield 

the same discharge, assuming the area size and displacement gradient are large enough. 

 

III. Simulation rationale and mechanism 

Using COMSOL Multiphysic® as the simulation software, we aimed to investigate the 

optimized irradiation parameters of the IUA-TENGs. Our goal was to ultimately help with 

the functional development of IUA-TENGs and delineate a theoretical and in silico 

guideline to help optimize the IUA-TENGs design prior to fabrication, overall providing 

IMD-suited and structurally lean solutions. Since their invention, TENGs have been 

engineered to operate in four optimized (and now standardized) working modes: vertical 

contact mode, single-electrode mode, lateral sliding mode, and freestanding triboelectric 

layer mode. In our study, we opted for a single-electrode mode simulation (Figure 24c).  
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Of the four TENG working modes, the single-electrode mode presents the most 

miniaturized mechanistic approach when harnessing the triboelectric effect, a great asset 

when devising minimally invasive IMDs. Moreover, given the absence of a second 

dielectric material within the TENG (unlike in the remaining three working modes), the 

surface charge of the triboelectric layer employed in a single-electrode mode can be 

maximized, avoiding charge backflow exiting to the other dielectric layer. Considering the 

clinical size implications and the paramount importance of surface charge density linked 

to an increased triboelectric output, we thus found the single-electrode mode TENG to be 

the most compelling simulation candidate. Indeed, although such a modality yields a 

decreased output performance compared to its sibling working modes, it enables 

considerable miniaturization of a fully functional IUA-TENG.  

Building on this decision, and considering that in an IUA-TENG setup, the 

triboelectric layer is the only component to be detached from the circuitry system, we 

decided to carry out our computational simulations on a standalone single layer of 

triboelectric layer. We modeled a 30 × 30 mm nylon triboelectric layer, a realistic 

implantable sized TENG device equivalent, and utilized water as a simulated medium to 

mimic the body fluid environment that would be encountered by the ultrasound upon 

transdermal passage in an IMD scenario. (Figure 25).  
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Figure 25: The illustration of the computational model utilized in our simulation. Segmentation 
and sizing of the working computation model159. 
 
 

On the material front, we tested a number of materials including nylon, to fulfill the 

logical rationale of our computational analysis. Nylon was ultimately chosen from our 

preliminary studies considering that material pairing of “polyamide-to-metal” has been 

previously shown to hold the greatest surface charge density subsequent to a triboelectric 

charge transfer, reaching Coulomb values of up to 3 × 10− 3 C/m2. These materials are 

at diametrically opposite ends of the triboelectric scale191,192. Moreover, nylon is one of 

the most commonly used triboelectric materials in bioengineering applications, and, 

considering it has been utilized as a biocompatible material in a number of regulatory-

approved medical devices, and has seen extensive validation as a triboelectric layer in 

many engineered TENGs, we chose it as a prime candidate for our theoretical 

investigation.  

Using COMSOL, we sought to investigate the absorption of an ultrasound acoustic 

wave by a modeled nylon TENG layer with various thickness, followed by an analysis of 
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how ultrasound frequency, as well as ultrasound probe diameter, distance, and medium, 

affects the responses of the nylon TENG layer.  

The COMSOL environment parameters tested are summarized in Table 1. 

Subsequently, we carried out material simulations to investigate how theoretical 

Poisson’s ratio and material density alter the ultrasound absorbance and responses of 

the nylon layer.  

 

 

Table 1: Summary of experimental simulation values used. A number of fixed experimental 
values and conditions were used to investigate IUA-TENG optimization using COMSOL Multiphysics, 
these are reported in the Table159. 

 

On the other hand, we also simulated a maintained thin air layer above the surface 

of nylon layer, necessary to ensure a fully dry environment for the triboelectric effect to 

occur. 

The employed COMSOL software utilizes a default “Pressure Acoustics” feature 

which models harmonic sound waves in the water domain using the Helmholtz equation 

for sound pressure, detailed in the following equation: 
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Here the acoustic pressure is a harmonic quantity defined as p=p0eiωt, where p is the 

pressure (SI unit: N/m2), ρc is the density (kg/m3), ω is the angular frequency (SI unit: 

rad/s), and c is the speed of sound (SI unit: m/s). In order to calculate the harmonic 

stresses and strains in the model for a frequency-response analysis and thus determine 

the vibration of the computationally tested triboelectric layer, we used COMSOL’s default 

“Linear Elastic Material Model” feature as found under the Solid Mechanics interface. The 

represented material data were all taken directly from the built-in database of COMSOL. 

The computational 3D simulation model we designed for testing of IUA TENG energy 

transduction was devised using the “Acoustic-Solid Interaction” and “Frequency Domain” 

Multiphysics coupling sets. For our study we wished to represent a relatively miniaturized 

scenario, to mimic realistic implantable equivalents. Consequently, a cylinder with a 

diameter of 50 mm and a height of 125 mm was set up within a simulated water domain 

to simulate human tissue equivalence, considering dermal and epidermal soft tissue is in 

a majority part constituted of water. Further to this, in the spirit of real-life equivalence 

simulation, a square film with a side length of 30 mm and adjustable thickness (ranging 

between 50-350 µm – shown as a blue square) was combined with a fixed film and was 

used to simulate the triboelectric layers and device, immersed in water (tissue equivalent) 

domain. Indeed the COMSOL interface’s closest medium to real life scenario was water. 

The frequency of ultrasound was varied from 20 kHz to 900 kHz, and probe diameter 

(shown as a circle) was changed from 3 mm to 30 mm. 
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From a methodology perspective, COMSOL software based on finite element method 

was applied to build the computational model of IUA-TENG and investigate optimal 

ultrasound irradiation conditions. In order to simulate the applicative scenario of IUA-

TENG more realistically, a 3D model was created using the “Acoustic-Solid Interaction” 

and “Frequency Domain” Multiphysics coupling. This coupling involved two physics 

interfaces: the “Solid Mechanics” and the “Pressure Acoustics, Frequency Domain”. The 

software was also used to define an “Acoustic-Structure Boundary” coupling feature. A 

cylinder with a diameter of 50 mm and a height of 12.5 mm was set up as a water domain 

to mimic human tissue. A square film with a side length of 30 mm and adjustable thickness 

combined with a fixed film, was used to simulate the TENG layer, and computationally 

immersed in the aforementioned water domain. Ultrasound with a typical frequency of 20 

kHz and acoustic pressure of 1 MPa was emitted downward from the top of the water 

domain. The harmonic acoustic pressure in the water on the surface of the TENG acted 

as a boundary load to ensure pressure continuity. The coupling between the fluid domain 

(pressure waves) and the solid domain, was carried out in an automatic fashion by the 

“Acoustic-Structure Boundary” coupling feature. Four cylindrical, perfectly matched layers 

(PMLs), and one rounded PML – placed around the whole cylinder – were finally used to 

absorb the outgoing ultrasound waves. On this basis, the designed model was able to 

calculate harmonic displacements and correlated TENG film layer mechanical stress, 

subsequently calculating surface area displacements that represented triboelectric 

energy conversion efficiency. 
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IV. Results and discussion 

As mentioned, we initially assessed and confirmed the absorption of ultrasound by the 

nylon triboelectric layer and modeled the acoustic pressure distribution with and without 

a triboelectric layer (Figure 26).  

 

 

Figure 26. Simulation of acoustic pressure distribution with and without a triboelectric layer. 
3D simulation results of acoustic pressure distribution without (a) and with (d) the triboelectric layer. 
2D simulation results of acoustic pressure distribution without (b) and with (e) a triboelectric layer. 
Color gradient scale illustrates ranging pressure (Pa) values. Acoustic pressure distribution without 
(c) and with (f) the triboelectric layer in the Z-direction, at different distances from the center of the 
probe. Presence of the triboelectric layer confirms clear absorption of acoustic pressure wave159. 
 

 

This was done to ensure an effective blockage of the ultrasound wave propagation 

and thus subsequent energy absorption by the impeding nylon layer. From the simulation 

results of acoustic field distribution without (Figure 26a-b) and with (Figure 26d-e) the 
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triboelectric layer, evident acoustic pressure differences can be noticed. Further 

quantifications of Z-direction sound pressure at various distances from the probe’s center 

(Figure 26c) highlight a marked sharp decay in sound pressure at the triboelectric layer 

level (Figure 26f) and consequent ultrasound energy absorption by the triboelectric layer. 

Once this was validated, we simulated ultrasound mechanical wave excitation of the 

triboelectric layer (Figure 28). 

A 3D model with a diameter of 50 mm and a height of 12.5 mm was set up comprising 

a water domain, to closely mimic human tissue. A square film with a side length of 30 mm 

and adjustable thickness was used to simulate the triboelectric layer. By slicing the model 

mesh and imposing multi-physics field coupling calculations (Figure 27), a typical 3D 

simulation result was obtained.  

 

 

Figure 27. The meshing of the simulation model. (a) Perspective view, (b) Non-perspective view 
159. 
 
 

In order to best represent acoustic propagation and rheology within the domain as it 

would occur in uniform cutaneous human tissues with an IUA-TENG, we made sure to 

simulate the most uniform and efficient propagation mesh. Using COMSOL, all domains 

within our computational 3D simulation model were meshed in the form of a Free 
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Tetrahedral, and the element sizes were controlled to fit within the fluid domain, 

corresponding to 6 elements per wavelength (Figure 28a).  

 

Figure 28. Surface displacement of triboelectric layer induced by ultrasound irradiation. (a) 
3D simulation results of acoustic pressure distribution from an ultrasound probe irradiating a squared 
triboelectric layer within a COMSOL simulation space. The 3D (b) and 2D (c) view of displacement 
of the triboelectric layer under ultrasound probe irradiation. (c) Resultant node and anti-nodes on the 
triboelectric layer, visible as ripples. (d) 2D equipotential plane of the triboelectric layer displacement. 
(e) Notably different triboelectric layer displacement outcome shown in 3D according to ultrasound 
irradiation frequency. 20 kHz clearly shown to elicit the biggest node/antinode displacement. (The 
clear circle above the nylon layer represents the ultrasound probe, whilst the white framework 
represents the COMSOL observed simulation space)159. 

 

Here the sound pressure distribution from the ultrasound probe irradiated the square 

triboelectric layer. Further examination of the triboelectric layer state after ultrasound 

stimulation revealed multimodal vibration patterns, known to mechanistically facilitate the 

contact and separation mode of single-electrode TENGs (Figure 28b). TENG output is 

positively correlated to the size of the functional material contact area. The TENG (and 

IUA-TENG) electrical output can be subsequently inferred by quantifying the triboelectric 
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layer contact area size, as observed in the 2D view (Figure 28c). Encouragingly, to further 

simplify the calculation, the contact area size can also be calculated by assessing the 

displacement of triboelectric layer in a 2D equipotential map (Figure 28d). In detail, it can 

be said that when the displacement of the film exceeds a certain value, the area of the 

corresponding two-dimensional equipotential line is the contact area at the microscopic 

scale. Further, by means of statistical calculation, all contact areas (in other words the 

electrical output of TENG), can be obtained. More closely, the 2D equipotential map can 

be altered according to the distance between the triboelectric layer and the electrode 

(Figure 29). Depending on the ultrasonic irradiation frequency, the 3D results show 

significant alterations in triboelectric layer displacement (Figure 28e). Obviously, the 

maximum displacement of the membrane gradually decreases with the increase of 

frequency under the same conditions, though the resonance points of vibration gradually 

increase. 

 

 

Figure 29 The equipotential map of the displacement with different number of isopotential 
lines. Namely: (a) three, (b) five, and (c) ten159. 
 
 

The key factor in effective energy transduction from ultrasound waves to the IUA-TENG’s 

triboelectric lies is assessing the physical displacement of the layer as it resonates and 
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vibrates. Considering the node/anti-node interference and acoustic propagation, the 

layer’s vibration is heterogenous across the surface area, depending on irradiation 

frequency, distance and intensity. In our preliminary studies we investigated the number 

of isopotential lines to integrate within the simulation model in order to achieve a more 

precise sense of total triboelectric area displacement (Figure 29). 

A range of parameters were tested out to readily ascertain a rapid visual validation 

of triboelectric nylon layer micro-displacement in the form of node and anti-nodes 

formation. Considering such physical manifestations are the precursors and prerequisites 

to an effective ultrasound energy transduction via means of the tribmarginoelectric layer, 

it was important for us to assess the presence of this phenomenon. Once this validation 

was complete, we set out to assess how physical parameters of the nylon triboelectric 

layer would affect the eventual ultrasound acoustic propagation and transduction (Figure 

30), including Poisson’s ratio (Figure 30a), density (Figure 30b), Young’s modulus 

(Figure 30c), thickness (Figure 30d), ultrasound frequency (Figure 30e), and material 

stress (Figure 30f).  
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Figure 30. The effects of various materials properties on the area displacement of triboelectric 
nylon layer. Various triboelectric nylon layer’s Poisson ratio (a), density (b), Young’s modulus (c), 
thickness (d), ultrasound irradiation frequency (e), and stress profiles (f), were tested to assess their 
effect on triboelectric layer area displacement subsequent to ultrasound irradiation. Triboelectric layer 
displacements are grouped in > 10 μm (black line), > 20 μm (red line), and > 30 μm (blue line). The 
total (maximum theoretically displaceable) triboelectric nylon layer’s surface area is 9 cm2 159. 

 

The Poisson’s ratio is a measure of the Poisson effect, the deformation of a material in 

directions perpendicular to the direction of loading. The value of Poisson’s ratio is the 

negative of the ratio of transverse strain to axial strain, whilst the density of a substance 

is defined as its mass per unit volume (ρ = m/v). The Young’s modulus is the ratio of 

stress to strain. From the results, it can be seen that there is a large displacement of the 

triboelectric layer at the Poisson’s ratio of ± 0.4, and the displacement tends to increase 

and then decrease with the increase of density, with an optimal displacement output at 

1000 kg/m3. As mentioned, we chose to model a triboelectric nylon layer, and started by 

assessing optimal layer thickness, modeling variants of 50–350 μm vs standardized (20 
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kHz) ultrasound frequency vibration. Having identified an ideal thickness of 220 μm, we 

then tested frequency ranges to identify which optimal resonance frequency would yield 

the best vibrating effect on the layer. The testing ultrasound frequencies ranged from 20 

kHz to 1000 kHz. We observed the best resonance peaks (layer displacement) at 20 kHz 

and 120 kHz. The former value was chosen as preferred considering its lower energy 

impact on tissue, with ultrasound probe-to-nylon layer distances subsequently trialed to 

identify the optimal irradiation parameters. It was noted that both Young’s modulus and 

material stress have little effect on the displacement of the triboelectric layer, at least 

insofar as the tested range was concerned. This is surprising. One potential explanation 

we attribute to this is the low thickness/XY dimension ratio. 

of the triboelectric layer at the Poisson’s ratio of ± 0.4, and the displacement tends to 

increase and then decrease with the increase of density, with an optimal displacement 

output at 1000 kg/m3. As mentioned, we chose to model a triboelectric nylon layer, and 

started by assessing optimal layer thickness, modeling variants of 50–350 μm vs 

standardized (20 kHz) ultrasound frequency vibration. Having identified an ideal thickness 

of 220 μm, we then tested frequency ranges to identify which optimal resonance 

frequency would yield the best vibrating effect on the layer. The testing ultrasound 

frequencies ranged from 20 kHz to 1000 kHz. We observed the best resonance peaks 

(layer displacement) at 20 kHz and 120 kHz. The former value was chosen as preferred 

considering its lower energy impact on tissue, with ultrasound probe-to-nylon layer 

distances subsequently trialed to identify the optimal irradiation parameters. It was noted 

that both Young’s modulus and material stress have little effect on the displacement of 

the triboelectric layer, at least insofar as the tested range was concerned. This is 
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surprising. One potential explanation we attribute to this is the low thickness/XY 

dimension ratio. 

 

Figure 31. Physical ultrasound irradiation parameters and their effect on triboelectric layer 
energy transduction. 2D simulation results of distance-dependent acoustic pressure (dB) 
distribution of an ultrasound irradiated triboelectric layer (a). 3D simulation results of displacement of 
the triboelectric layer (b) at 2 mm (i) and 4 mm (ii) probe distance, and 3D simulation result of the 
ultrasound field itself (c). Vibrational displacement area varies with ultrasound probe distance (d), 
ultrasound probe radius (e), and ultrasound probe position (f). Please note an atypical dip in area 
displacement in (f) upon ultrasound irradiation directly from above the triboelectric layer, likely 
associated with ultrasound wave phase cancellation. Triboelectric layer displacements are grouped 
in2> 10 μm (black line), > 20 μm (red line), and > 30 μm (blue line). The total (maximum theoretically 
displaceable) triboelectric nylon layer’s surface area is 9 cm2 159. 
 

Once the physical parameters of the triboelectric nylon layer were determined and 

optimized, the simulation focus was shifted to investigating how ultrasound vibration could 

affect micro-displacement of the triboelectric layer, and thus the energy transduction 

efficiency (Figure 31). The 2D simulation results of distance-dependent, sound pressure 

distribution in the ultrasound irradiated triboelectric layer, show clear distance-dependent 
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effects on sound field propagation (Figure 31a). We ran simulations testing ultrasound 

probe-triboelectric nylon layer distances ranging from 1 to 9 mm, with 3 mm yielding 

optimal performance (Figure 31d). In practical terms, this was reassuring, as it remained 

a realistic real-life implementation, with an envisioned IUA-TENG IMD application that 

could be positioned just below the surface of most areas of the skin on the body. Later 

we altered the ultrasound probe diameter from 2 to 30 mm in size (Figure 31b), identifying 

the 20 mm sized ultrasound probe yielding the largest layer displacement (Figure 31e). 

Finally, we tested for ultrasound probe positioning with regards to the triboelectric nylon 

layer, testing 0 mm to + 15 mm displacements (to its North), and 0 mm to − 15 mm 

displacements (to its South) (Figure 31c), observing the most uniform nylon layer 

resonance when the probe was just to the side whilst directly above the device (or at +/- 

5 mm displacement respectively) (Figure 31f). 

 

 

Figure 32. Further imaging of computational studies. The sound pressure level of the model with 
different positions of ultrasound probe center at (a) -150 mm, (b) -50 mm, (c) 0 cm159. 
 

Acoustic pressure level assessment is essential to assess both correct running of the 

computational 3D simulation model, and to assess energy transduction modulation. 

Within this, demonstrating that IUA-TENG’s transduction capabilities were contingent to 
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an optimized acoustic probe positioning from the implanted device, was essential. To this 

end, we ran preliminary simulations to demonstrate variation in line with different acoustic 

probe positioning, at fixed decibel levels (Figure 32). 

In these simulations, we were able to obtain up to 8.49 cm2 triboelectric area 

displacement when simulating the irradiation of a 220 μm triboelectric layer with 20 kHz 

ultrasound frequency at 3 mm ultrasound probe distance. This equaled a free vibration 

of > 90% of the total nylon triboelectric surface available. Considering that in a real-life 

scenario, there would need to be some type of anchoring of the triboelectric nylon layer 

to keep it in place, and that thus not all of the surface would be available to vibrate freely, 

we can assume that with these optimized simulated parameters we can achieve almost 

complete energy efficiency transformation from ultrasound mechanical waves to 

triboelectric layer vibration and contact electrification / triboelectric effect. Moreover, the 

observed displacement of the triboelectric layer reached up to > 30 μm, though this would 

not have an effect on the current output of the TENG device, but merely on the voltage 

output193. Mechanistically, in the single-electrode mode simulation we computed, only one 

electrode serves as the triboelectric layer whilst the other electrode acts as an electric 

potential reference. Upon cyclical displacement brought about by the ultrasound, the latter 

comes into contact with the electrode and a negative charge on its internal membrane is 

generated. This surface charge transfer occurs due to the triboelectric effect and overall 

decreases the electrode’s potential energy, leading to an intermittent current which is 

correspondent to the frequency of cyclical contact separation. 
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V. Conclusion 

Developing a microscaled, remotely chargeable, and powered IMD device holds 

considerable scientific significance. Within the IMD market, nearly 25% of concerned 

products are classified as active implantable devices. Given the bulky, temporary and 

morphologically unsuitable nature of existing IMDs, growing efforts are needed to improve 

existing devices, as well as develop novel technological approaches which can allow for 

more tailored IMD therapies, as well as reach into previously untapped clinical 

applications. IUA-TENGs allow for the exploitation of a highly validated therapeutic 

approach to tissue engineering and regenerative medicine, for a larger number of more 

delicate and microscaled tissue types, paving the way for novel interventional applications 

still out of our grasp. In addition, the development of IUA-TENGs can help establish a 

novel scientific platform for the future of IMDs, one which is also able to leverage on the 

interconnectability with the IoMTs and the growing 5G network, in a forward-looking 

paradigm and new era of personalized medicine and clinical interventions. 

There are a number of highly innovative approaches to this research. To our 

knowledge this is the first attempt at utilizing detailed computational modeling to optimize 

ultrasound energy conversion parameters for an implantable TENG. By leveraging on 

such an approach, we are hoping to set the foundations for creating a standardized 

“TENG device modeling protocol” for future use in IUA-TENGs. Indeed, there are a 

number of ways in which harnessed ultrasound energy can be utilized depending on the 

final therapeutic application sought. Within the context of this translational research, we 

have developed a methodical approach, combining computational design and material 
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science analysis, to yield a fully comprehensive strategy to developing the next 

generation IMD. By employing a fully rounded bioengineering approach, we chose not to 

bypass any of the essential requirements which touch upon IMD IUA-TENG development, 

but merely enrich it. 

This study was able to rapidly provide direct guidance into optimal triboelectric 

irradiation protocols and physical parameters, helping bypass time consuming operations. 

Overall, we achieved our goal of readily assessing, and at a low cost and timed effort, the 

optimal ultrasound probe size, positioning, distancing, as well as triboelectric layer 

thickness in an IUA-TENG that utilizes a polyamide-metal single-electrode mode, features 

both commonly found in previously developed TENG solutions, and solutions also well 

suited to an IMD role. Ultrasound acoustic simulations moreover suggested ideal 

ultrasound probe irradiation requires a minimum surface diameter equal at least to the 

size of the IUA-TENG triboelectric layer, and that transdermal ultrasound irradiation onto 

the IUA-TENG should not be done directly perpendicular to the IMD. Such practice indeed 

risks leading to ultrasound phase wave cancellation and a minimized transduction of 

energy. Overall, we hope that this computational simulation setup will provide a 

substantial added value compared to “ex novo” practical experimental design. 

Ultrasound waves have had a profound role in clinical care over the last 80 years, 

enabling a myriad of fundamental medical diagnostic and interventional imaging 

procedures and providing useful therapeutic solutions for many medical conditions194,195. 

TENGs’ innate ability to convert mechanical energy into electricity via the conjunction of 

triboelectrification and electrostatic induction, with recent expansion into ultrasound 

irradiation, is paving a new future in IMD powering and activation. Optimization of the 
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ultrasound wave interaction with the TENG layer is essential to yield a high-performance 

energy conversion IUA-TENG. By resting on in silico simulation, we have validated a 

cheaper, more rapid, and easily tunable investigational method to integrate alongside the 

arsenal of tools used in IUA-TENG development, especially considering this novel 

platform will be able to yield wireless powering solution much more simple and effective 

than current capacitive and radio-frequency wireless powering alternatives, which 

moreover yield inefficient transfers and cytotoxic heat production. 
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CHAPTER 5 

CONCLUSION AND PERSPECTIVE 

 

I. Prospective for MEG electrical stimulation  

With the above work we have demonstrated how a new family of soft bioelectronics, 

MEGs, can enable simple, inexpensive, and rapid access to a new field of self-powered 

electrical stimulation devices, specifically for easy integration in use in in vitro and in vivo 

applications, owing to their innate properties. To advance on this field, a number of areas 

could be explored.  

On the fabrication front, prospective work could focus on developing the fabrication 

and development of self-powered MEG ES platforms on different media and using 

different techniques, such as soft lithography, stereolithography, electrospinning and 

direct 3D printing with cellular incorporation. The ability to devise MEGs using simple 

polymeric-nanomagnet systems and conductive induction layers (which can take the form 

of liquid metals), in one body system stand-alone devices has enormous benefits. 

Considering the pivotal role of electrical stimulation in so very many biological processes, 

miniaturizing and developing such platforms can not only provide an integrating self-

powered platform, but also a way to delve into the molecular effect of ES.  

On the ES applicative front, there are innumerate avenues in which the MEG ES 

platform could be trialed. For instance, current MEG ES platform could be tested on other 

known transdifferentiation, reprogramming and cellular engineering protocols with diverse 

cell lines and to different ends. Furthermore, the co-coupling of MEG ES and other 

mechanostimulation ought also to be trialed. Considering the miniaturizability of the MEG 
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ES layers (MC-MI layer system specifically), we anticipate air pressure-driven self-

powered electromechanical stimulation. Owing to the inherent magnetic flux changes of 

MEG actuators, it could also be of interest to investigate magnetobiological implications 

and effect on cellular systems in vitro.  

One of the key components and landmarks of this MEG ES research was the first 

applicative use of such generators directly for cell reprogramming, and in constant close 

contact with biological matter. This important step however is a stepping-stone towards 

the in vivo application of MEG ES devices. The use of in vivo electrical stimulation is 

covered in the Appendix (Section I), and the application of MEG ES into these fields, and 

specifically within implantable devices, is up for grabs for many researchers seeking to 

use a new and biocompatible ES device for many theranostic applications.  

 

II. Prospective for ultrasound TENG electrical stimulation  

The use of TENG for ES is very well documented, but its use via “ad hoc” ultrasound 

irradiation is a relatively novel development, with lagging and low energy transduction 

efficiency. With our work, we hope to set the foundation to help bolster this novel field in 

a potentiated manner and provide an engineering tool that may help in the design and 

actuation of novel implantable TENG devices. 

 To expand on this work, we envisage focusing on the development of an ever 

growingly more sophisticated computational simulation method which takes into 

consideration TENGS of different constitutive materials, architectures, and outputs. 

Specifically, implanted TENG are used for a number of applications, including direct ES 

therapy, third-party device powering, and other electrically induced implanted effect, such 



 86 

as drug release (more information is provided in the Appendix - Section I). Optimization 

of US irradiation using bespoke computational simulation and design of implantable 

TENG can help achieve desired irradiation conditions for specific electrical output. We 

anticipate future studies coupling in silico computational design with in vitro and in vivo 

validation, and adaptation of the simulation to transcutaneous irradiation in and across 

various parts of the body which represent different physical media. 

 

III. General future trends 

The permeation of soft bioelectronics is an unstoppable phenomenon. Whether for 

diagnostic, therapeutic, coupled theranonstic, or energy producing applications, soft 

bioelectronics are set to hold an increasingly large space in our daily lives, especially in 

the fields of diagnosis and biomonitoring. The development of autonomous body area 

wide soft bioelectronic networks is moreover set to allow the implementation of intelligent 

closed loop systems for personalized healthcare.  

 MEG, still at its infancy is likely to become a major player in the field, given its 

superior performance, and biological and physiological suitability, and we invite 

researchers to help foster this novel platform technology for future use. An in-depth 

exploration of the future of soft bioelectronics is provided in depth in the Appendix (Section 

II) of this work.  
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APPENDIX 

 

I. Future of soft bioelectronics: electrical stimulation for therapy     

This section is summarized in the following published article which we have written, and 

which follows next page.  

 
 

Conta G, *Libanori A, Tat T, Chen G, Chen J. Triboelectric nanogenerators for 
therapeutic electrical stimulation. Advanced Materials. 2021 Jul;33(26):2007502.
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II. Future of soft bioelectronics: integration in everyday wear  

This section is summarized in the following in print article which we have written, and 

which follows next page:  

 

*Libanori A, Chen G, Zhao X, Zhao Y, Chen J. Smart textiles for personalised 
healthcare. Nature Electronics (manuscript accepted, in print) 

 
  



 136 



 137 



 138 



 139 

 



 140 



 141 



 142 



 143 



 144 



 145 



 146 



 147 



 148 



 149 



 150 



 151 



 152 



 153 



 154 



 155 



 156 



 157 

 



 158 



 159 



 160 



 161 



 162 



 163 



 164 



 165 



 166 



 167 



 168 



 169 



 170 



 171 



 172 



 173 



 174 



 175 

 




