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Abstract 

Together with the rapid development of several bioengineering fields, among which those 

related to implantable medical devices, bio/non-bio interfaces have become of primary 

interest. In fact, in all those situations in which a biological component is in contact with an 

artificial one, a considerable number of mechanisms and pathways establish and lead to a 

biological response that may cause effects also on the artificial counterpart. This is the 

principle exploited in bio-hybrid sensors, for example, whose measures derive from sensing 

some changes in the properties of the biological elements. This bio/non-bio response is also 

a key aspect that boosts the integration between an implanted device and the host's 

organism, or to promote specific tissue responses (e.g. regeneration). Hence bio/non-bio 

interfaces are crucial for a considerable number of applications, in fields such as implantable 

biomedical devices, biomechatronics, tissue engineering and regenerative medicine. The aim 

of this research study was investigating bio/non-bio interfaces, engineering their 

bidirectional responsivity and exploiting them for applications in different bioengineering 

fields. In the introduction we will identify the three main players in a bio/non-bio interface 

that are (1) the biological component the material is in contact with, (2) the man-made 

material/biomaterial and (3) the external environment/stimuli. The mail goal of this thesis is 

the attempt to face different aspects of bio/non-bio interfaces. In particular, applications 

concern bio-hybrid tactile sensors and derived tools, interfaces with peripheral nerves, 

remote cell/material stimulation by means of ultrasound and triggerable drug delivery 

system. Considering the bio-hybrid sensing approach, the exploitation of a kidney derived 

cell line to achieve a mechanotransduction system will be presented, laying the foundation 

for an ever deeper interaction between artifacts and biocomponents. From this developed 

technology, we will present a fluidic mechanotransducer following the recent trend of 

creating flexible force sensors by using non toxic filling material, normally employed for cell 

culture routines. Then the thesis will focus on the direct stimulation that can be provided to 

the biological component by a bio/non-bio interface, in particular by the chemical and 

physical properties of a hydrogel soft coating designed for peripheral nerve interfaces, or by 

one of the most attractive external stimuli, i.e ultrasound, applied in this case directly to 
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muscle cells. Finally an ultrasound triggered drug release system, i.e. poly(2-oxazoline) 

micelles, will be analyzed for the dexamethasone administration with possible future 

application inside anti-inflammatory matrix. Although the presented research will differ in 

the topic treated and the application, the common scope is to find novel solutions going 

beyond the state-of-the-art, providing as much as possible a systematic investigation.  
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1. Introduction 

Nowadays, as the population ages and the life expectancy rises, there is a growing need to 

replace and repair soft and hard tissues or even entire organs, as well as to develop 

advanced therapeutic strategies for age-related chronic illness such as heart diseases, 

cancer, diabetes or neurologic disorders. This led to a huge development of the biomedical 

devices and biomaterials markets; a report from the BCC research group1 estimated that the 

global market for medical device technologies reached $458.3 billion in 2015. The market 

should reach $483.5 billion in 2016 and $634.5 billion by 2021, growing at a compound 

annual growth rate (CAGR) of 5.6% from 2016 to 2021, while the biomaterials market is 

expected to reach $149.17 billion by 2021 from $70.90 billion in 2016, at a CAGR of 16.0% 

from 2016 to 2021, according to a report of Markets and Markets group2, 3. Biomaterials and 

medical devices undoubtedly improve the quality of life of an increasing number of people 

each year; one of the key factors in their success is their ability to optimize the so called 

͞ďio/ŶoŶ-ďio iŶteƌfaĐes͟, ǁhiĐh ŶaŵelǇ aƌe ĐoŶstituted ďǇ the iŶtiŵate ĐoŶtaĐt aŶd 

interaction between artifacts (biomaterials, devices such as sensor or actuators) and 

biological components (tissues, cells, biomolecules such as protein). Engineering the 

biological environment with synthetic materials has been a long-standing challenge for 

biomedical research.4 In fact, in all those situations in which a biological component is in 

contact with an artificial one, a considerable number of mechanisms and pathways establish, 

leading to a biological response that may cause effects also on the artificial counterpart. 

Engineering new tissue in the lab, encouraging self-regeneration of damaged tissues, 

replacing damaged tissues with synthetic materials or understanding unknown aspects of 

cell adhesion on surfaces or similar biological processes, all involve the interaction of 

biological components with artificial materials such as implants, scaffolds, biomedical 

devices and sensors, cell culture surfaces, etc.5 

Hence bio/non-bio interfaces are crucial for a considerable number of applications, in fields 

such as implantable biomedical devices, biomechatronics, tissue engineering and 

regenerative medicine. The term "Tissue Engineering" was firstly introduced in 1988 in USA, 
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by attendees of the first National Science Foundation sponsored meeting, referring to as 

"the application of the principles and methods of engineering and life sciences towards 

fundamental understanding of structure–function relationship in normal and pathological 

mammalian tissues and the development of biological substitutes for the repair or 

regeneration of tissue or organ function".6, 7 Then Langer and Vacanti8 defined tissue 

engineering as "an interdisciplinary field that applies the principles of engineering and life 

sciences towards the development of biological substitutes that restore, maintain, or 

improve tissue or organ function. It means that this field involves multi-disciplinary 

knowledge between life science, biological cells, engineering biomaterials, biomedical 

factors and biotechnology". 

At present, this commixture of different knowhow is considered as the strategic solution not 

only for tissues engineering but also in approaching all the emerging fields in which bio/non-

bio interfaces are considered as crucial, especially with the advent of nanotechnologies and 

nanomaterials. They can provide a "smart" interface between biological and non-biological 

environments, even at a cellular level.9 Hence bio/non-bio interaction must be considered at 

a multiscale level, opening different issues whether it is a micro- or a nano-scale, with 

correlated dynamic pathways that can be exploited to obtain high performance interfaces.10 

The definition and classification of biomaterials and bio/non-bio interfaces is a process 

which is still ongoing.5, 11 As far as biomaterials are concerned, for examples, the ones that 

are used clinically for biomedical applications can be roughly grouped into three main types 

described by the evoked tissue response: "nearly" inert (since every biomaterial provokes an 

initial immune response), bioactive and biodegradable (see Figure 1). Inert biomaterials elicit 

no or minimal tissue response, whereas bioactive materials enhance the material's 

integration by stimulating new tissue growth. Biodegradable (or bioresorbable) materials are 

engineered so to be initially incorporated into the surrounding tissue and then to completely 

dissolve in a time-dependent way. If we consider the classical metal implants such as cobalt–

chromium alloys, for example, they are typically classified as inert. Ceramic materials can be 

inert, active or resorbable, while polymers can be inert or resorbable. The first generation of 

ďioŵateƌials ǁas deǀeloped foƌ ƌoutiŶe use as ŵediĐal iŵplaŶts aŶd deǀiĐes iŶ the ͚ϲϬs aŶd 
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͚ϳϬs. Afteƌǁaƌds, oǀeƌ the ͚ϴϬs aŶd ͚ϵϬs, the field staƌted to shift toǁaƌds the deǀelopŵeŶt 

of bioactive components in order to elicit a specific biological response at the bio/non-bio 

interface, also taking advantage from a better understanding of the mechanisms on which 

foreign body response relies.12-14 The continuous advances in the cellular and molecular 

knowledge laid the scientific foundation for the development of the third-generation 

biomaterials, the bioresorbable ones. Nowadays we are facing the development of a fourth 

generation of biomaterials, the so-called smart or biomimetic biomaterials, providing the 

fundaments for increasingly advanced bio/non-bio interfaces (see Figure 1).11 

 

Figure 1. Biomaterials present in literature in terms of their regenerative potential with respect to 

the time they were developed. (derived from Holzapfel et al. 2013 11). 

 

Smart bio/non bio interfaces are featured by their instructive/inductive or 

triggering/stimulating effects on the cells and tissues they are in contact with. Such effects 

are obtained through material responsiveness to internal stimuli (within the body), such as 

such as pH, temperature, ionic strength, etc. or external stimuli (out from the body) such as 

magnetic fields, ultrasound, light waves, etc.11 This is often done with bioinspired multiscale 

structured materials15, thus developing novel functional materials10, e.g. bio-inorganic 
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materials16, bio-nanomaterials17, hybrid organic/inorganic implant materials18, and other 

smart biomaterials19, 20. 

Biocompatibility is only one critical requirement for a smart bio/non bio interface. The old 

concept of biomaterials, for which the ideal implant must be biocompatible, not inducing 

any inflammatory response, extreme immunogenicity or cytotoxicity to native cells, tissues 

or organs in vivo, with its degradation products not being harmful, is becoming obsolete.7 

The boosting of fields, such as the bionics one, opened new frontiers that will bring towards 

new classes of interfaces, "cyborg" tissues21, addressing a wide range of unmet needs. Here 

engineered tissues could include integrated circuits, which might provide real-time feedback 

relating to electrical and/or chemical activity within the tissue. Bionic interfaces could be 

established thanks also to advances in conformal device arrays, which have enabled, for 

example, technologies that can be grafted onto myocardium or blood vessels. for 

continuously monitoring catastrophic events, such as a heart attack or blood clot. Sensors 

coupled with stimulating electrodes could enable closed-loop systems that intervene 

immediately. High-resolution device arrays could also have substantial applications in 

prosthetics, enabling the patient to control artificial limbs with far greater fidelity than 

possible with current technology. Integrated biocompatible systems containing electronic 

interfaces, power sources, and supporting electronics have been developed.22 The 

limitations of traditional silicon-based electronic devices which are rigid and not suitable to 

directly interface with tissues, have been addressed by recent advances in soft organic 

electronics, solid-state materials, and lithography techniques. Devices have been assembled 

on soft, biocompatible substrates, enabling tissue interfaces.22  

In all these new applications that require materials to interface with cells, tissues or 

biomolecules, polymers constitute the fundament for a smart approach towards bio/non-bio 

interfaces, due to their tunable properties and different techniques for production and for 

theiƌ suƌfaĐe ŵodifiĐatioŶ ;"gƌaſtiŶg fƌoŵ", "gƌaſtiŶg to" aŶd "ďleŶdiŶg" teĐhŶiƋuesͿ.23 The 

specific interactions (or lack thereof) between proteins and interfaces are essential for 

creating biosensors or in the field of antifouling materials (for antibacterial purposes, 

modulation of inflammatory reaction to implants, etc.). Proteins also mediate interactions 
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between cells and surfaces; the type of proteins, their orientation and their conformation 

are central in these interactions. Polymeric material properties and their modulation are 

crucial for providing temporal control over cell-surface interaction, such as mechanical 

properties and degradation rate, porosity, surface chemistry and topography, the display of 

signals to cells (through proteins or peptides), or electrical/optical properties in the case of 

conducting polymers.24 Moreover, synthetic polymers are studied in order to be employed 

as therapeutic agents.25 In fact polymers can be "activated" at the nano–bio interface to 

work as drugs, no matter how active or inert their constituents are, and may offer unique 

advantages over smaller compounds. They can also form higher-order structures, such as 

complex 3D nanostructures that may endow the polymer with unforeseen biological 

activities, as well as going through bioconjugation, which is the modification of polymer 

backbones with bioactive small molecules.26 

These are just few of the possible strategies for obtaining advanced bio-non bio interfaces, 

and listing all the biomaterials used and applied in this field is far beyond the scope of this 

work. What is needed is to provide an attempt of classification of these interfaces so to 

contextualize the work (see Figure 2). Dhowre et al.5 tried to classify the different 

interactions the biomaterials undergo with cells and external environments. The three main 

constituents of a bio/non-bio interface are (1) the biological component (this could be cells, 

tissues, bacteria, biomolecules such as proteins) with which the material is in contact, (2) the 

man-made material/biomaterial, and finally (3) the external environment/stimuli. These 

three elements must be considered deeply in order to design and engineer the desired 

bio/non-bio interface. Moreover they can or cannot play their fundamental role in the 

bio/non-bio interfaces, thus providing a classification. 
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Figure 2. Classification of the different types of bio/non-bio interfaces with respect of the three 

main components that play a role: (1) the biological component the material is in contact with, (2) 

the man-made material/biomaterial and (3) the external environment/stimuli. 
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The first type of interfaces that can be identified are the biocompatible ones (Figure 2a). As 

previously mentioned, the initial focus in biomaterial selection was on biocompatibility, with 

the goal to suppress or reduce as much as possible cell–material interactions, thus to 

minimize undesired responses of cells or tissues to the implanted material.27 This is also a 

property that has been pursued for obtaining reliable bio-sensors, so not to alter the sample 

to be analyzed. 

Figure 2b depicts the class of bioactive interfaces, also named "instructive", in the Dhowre 

et al.5 classification. They are designed to elicit a specific desired response from the cells 

with the aim to control cellular processes. They engage with the host tissue and positively 

enhance material integration,28, 29 without the intervention of the external 

environment/stimuli. Hence, in this case it is very important to know which is the desired 

body/biological response and to understand the interaction of the artificial materials with its 

local environment. In some cases it is desirable to repel the protein interaction with the 

surface (this applies e.g. in the case of antifouling interfaces, for antibacterial purposes), 

while in others mimicking the dynamic processes within the extracellular cell matrix (ECM) is 

the main goal.5 In fact it is well known that ECM goes through changes of its chemical and 

physical properties (such as mechanical and topographical ones), both spatially and 

temporally.30 This dynamic behavior is an integral part of a functioning biological system and 

underlies essential biological processes, including stem cell differentiation, cell adhesion and 

migration31, 32, as well as the development of diseases. Cells do not only respond to cues 

presented by their ECM, they also actively remodel it.30 Through exocytosis and other 

pathways, cells secrete molecules that reshape the ECM and interact with other cells. 

Prominent examples are matrix metalloproteinases, cell secreted enzymes that degrade the 

ECM through proteolysis.33 Other cell-secreted proteins such as collagen and fibronectin 

contribute to the construction of the ECM and thus influence the ECM structure and 

composition.34 The first event after an implant is the protein adsorption to the biomaterial,3, 

35 thus modification of the substrate surface properties can affect the nature of the protein 

layer and thus provides control over the response of cells to the biomaterial.36-38 Three 

surface properties have been identified as main determinants of cell behavior and cell fate: 

surface chemistry, surface topography and surface elasticity or stiffness.39 
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An ongoing need to improve the performance of bio/non-bio interfaces, led to the 

development of another class of interfaces in which also the external environment/stimuli 

play a fundamental role, namely responsive interfaces (Figure 2c).5 These are able to change 

their properties dynamically and in some cases reversibly, in the presence of an external 

stimulus or multiple stimuli.11, 40 In this case, the information flow is from the external 

environment to the biological component, through the material. Hence, it is necessary to 

control not only the way a material surface responds to stimuli, but also the mechanism of 

the stimulus action has to be carefully designed and incorporated into the interface, or 

externally provided. The choice of an appropriate stimulus depends on the application 

requirements. From a technical viewpoint, the stimuli must reach the interface and interact 

with it. This may not be so critical for in vitro applications as for in vivo, where the tissues 

between the stimulus and the target may not provide easy access to the interface, for 

externally controlled stimulation.41 From a biological perspective instead, the stimuli have to 

be tolerated by the cells and must not trigger a negative cell response. In some cases it is 

also desirable that the stimulus contributes to the desired body response, so to provide an 

augmented beneficial effect to the regeneration process (as happens for example in the case 

of ultrasound). Preferred choices for stimuli are light, electrical potentials, small pH or 

temperature changes and mechanical stress or magnetic fields.42 

Light responsive molecules can cause photoresponsive reorientation of chemical 

functionalities at the surface, or a reversibly attachment of chemical functionalities as in the 

case of azobenzene.43-45 Electrical potentials have been used to alter biointerface properties, 

by reorganizing the surface molecular conformation,46-48 or inducing chemical reactions that 

modulate the presence of certain surface chemical groups.49-51 pH-responsive biointerfaces 

are mainly based on poly(acrylic acid) and poly(methacrylic acid) and can undergo changes in 

surface topographical features and water content, thus controlling surface swelling which 

induce bending and mechanical forces.52-54 Thermoresponsive materials used for 

biointerfaces are typically polymers in which a change in temperature results in a change in 

the hydration state of the material,55, 56 affecting the wettability and the morphology of the 

polymer film. A well-known example of temperature responsive materials is the poly(N-

isopropylacrylamide).57 Magnetoresponsive materials have been employed to modify cell–
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surface interaction through the incorporation of magnetic nanoparticles into a polymeric 

matrix. An application of a magnetic field can cause distortion of the material, resulting in an 

alteration of the mechanical properties and also an increase of temperature.58, 59 Finally 

mechanoresponsive biointerfaces can be prepares with polymer films that alter physical 

properties such as porosity and topography of the surface,60, 61 as well as producing local 

electrical field by means of piezoelectricity exploitation and a remote mechanical stimulation 

by ultrasound.62 

According to the classification provided by Dhowre et al.,5 the inverse process, through 

which information about the biological component is collected by the material and 

transduced to an external processing unit, is typical of sensing interfaces (Figure 2d). There 

are several applications for such interfaces; one of the most known is a reliable glucose 

sensing to maintain the normoglycemia in diabetic patients.63, 64 This requires regular and in 

some cases, continuous monitoring because major fluctuations can occur in a very short 

time. Moreover, implantable biosensor platforms have been developed for the detection of 

cancer biomarkers and lately some suggestions have been made on implantable systems for 

disease control and monitoring.65 In fact there are several approaches for detecting viruses 

in patient samples, ranging from detecting the virus itself to the antibodies that are 

developed in the immune response to the virus. This is the case of the so called Point of Care 

devices, such as lateral flow assays and dipstick immunoassays, that allow diagnosis with 

specificity and sensitivity.66 

Furthermore there are some cases in which these two latter classes of bio/non-bio 

interfaces, the responsive and the sensing ones, combine together so to form what it is 

usually identified as bidirectional responsive interfaces (Figure 2e), in which the flux of 

information/interaction can move from the external environment to the biological 

component and vice versa. This is the case of bioreactors67, 68, organ-on-chip systems69-71, 

neural interfaces72, which are special electrodes that interface with the nervous system and 

allow a bidirectional communication with it, or bio-hybrid sensors73. Bidirectional responsive 

interfaces have a great potential in the field of regenerative medicine. Dynamic tissue 

culture platforms based on such interfaces would allow a finer control, respect to traditional 
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tools, over in vitro cell cultures, enabling the fabrication of artificial tissues with high 

complexity and proper functionality. Bi-responsive surfaces can be used to monitor 

biological processes either to design sensors or to gain an improved understanding of how 

cells interact with their environment and/or each other. 

To target an ever more profound interaction between the biological environment and 

artifacts, another class of interfaces can be identified, namely interactive interfaces (Figure 

2f). They are autonomous and often included biomolecules with the aim of developing cell-

responsive materials that do not require the addition of external stimuli. Differently from 

externally controlled interfaces, autonomous ones are able to perform their function 

completely self-sustained and independent from external factors. It is becoming clear that 

the next generation of biomaterials should include significant elements of interactivity with 

the surrounding tissues to provide increased biomaterial functionality through a more 

seamless integration with the surrounding biological environment. This advancement of the 

field envisions the advent of the so called "living" bio/non-bio interfaces,74 constituted of 

biomaterials that are indistinguishable in form and function from the biological matter. The 

aim is to design materials that provide cues dynamically and in a responsive manner to cells 

and nascent tissues as they develop, without external intervention. New hints have been 

provided by the fields of regenerative medicine, drug delivery, soft bioelectronics and 

artificial life.74 A responsive scaffold for three-dimensional culture of mesenchymal stem 

cells has been designed to present an adhesive peptide while the stem cell remains latent 

but to release a ligand in response to protease expression as the stem cell becomes 

activated and differentiates towards a chondrocyte lineage.75 A microneedle-based, 

transdermal patch has been engineered to sense and respond to local glucose 

concentration, releasing insulin only when needed, during hyperglycemia.76 An advanced 

artificial skin has been fabricated so to convert mechanical force into electrical signal, which 

may be transmitted to biological organs.77 Moreover protocells have been synthesized from 

lipid vesicles and RNA molecules, that will show basic functions of living cells, such as 

autonomous protein production and self-replication.78 
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General aim of the thesis 

The aim of this PhD thesis is to devise new bio/non-bio interfaces, engineering their 

bidirectional responsivity and identifying innovative solutions for each of their key 

components, exploiting them for applications in different biomedical fields.  

Different aspects of systems pertaining to the classes described in the previous paragraphs 

have been examined, with the scope to find novel solutions going beyond the state-of-the-

art. In particular, the thesis contributes to the fields of interfaces with peripheral nerves, bio-

hybrid tactile sensors, triggerable drug delivery system and remote cell/tissue stimulation by 

means of ultrasound. 

In particular the research work that was done in this direction during the PhD program of the 

candidate, is presented in this thesis dividing it in two main topics concerning bio-non-bio 

interfaces, that will be treated in the following Sections: the process of sensing from the 

biological components and the stimulation of the biological components (see Figure 3). In 

particular, the first process is exploited in the field of bio-hydrid sensors and peripheral 

nerve interfaces, where the signal flow can proceeds from the external environment towards 

the inner bio-response and vice versa. The stimulation instead, will be discussed in two 

different ways, directly and indirectly. In the first case, the external stimuli, i.e. ultrasound, 

will be applied to target a specific bioeffect on muscle cells or the physical and chemical 

surface properties of the bio/non-bio interfaces will be modified in order to modulate the 

adhesion of cell line involved in the foreign body reaction.  

 



 

 

 

 

Figure 3. The study of bio/non-bio interfaces that will be presented in this thesis. 
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A detailed description of the content of each paragraph as well as an organizational 

workflow is provided below (see Figure 4). 

We mentioned the opportunity of exploiting bio/non-bio interfaces for sensing applications 

from biological components and that such sensing properties could be combined with 

responsive ones in order to achieve a desired body response. Section 2 focuses on this topic. 

In particular, Section 2.1 concerns the design of an innovative bio-hybrid 

mechanotransduction system based on the mechanotransduction provided by kidney ciliate 

cells, for tactile sensing applications. Section 2.2 treats the development and the 

characterization of a mechanotransducer filled with different biocompatible ionic fluids, 

exploited also for in vitro cell culture. Finally, Section 2.3 presents the vision conceived in the 

frame of the European project M2Neural, towards the development of bidirectional 

responsive peripheral neural interfaces, able to provide sensing and stimulation of 

peripheral nerves.                      

Bio/non-bio interfaces can also provide stimulation of the biological component in a direct 

way, through the specific combination of interface properties (chemical and physical) as in 

the case of bioactive interfaces, or indirectly by interface modification provided with 

external stimuli, as in the case of responsive interfaces. We highlighted that it is crucial to 

study the external stimuli themselves and their engineering process as well as their 

bioeffects, which can determine a desired body response. Section 3 focuses on these topics 

and is divided in two parts: one concerning the direct stimulation of biological components 

and the other treating indirect stimulation. More precisely, Section 3.1.1 describes the 

design and the production of soft hydrogel coatings for polyimide-based neural interfaces. 

Such coatings were made of zwitterionic copolymers endowed with antifouling properties 

and low stiffness values. In Section 3.1.2 a deep analysis of the bioeffects triggered by 

ultrasound is reported, focusing especially on skeletal muscle cells and tissue. Finally, Section 

3.2 focuses on the indirect stimulation (mediated by ultrasound) of poly(2-oxazoline) 

micelles, for drug delivery applications. Here, the possibility to modulate dexamethasone 

release from micellar carriers through ultrasonic stimulation is described. 



 

                                                                                                                                                                                                                                                                                                                                                                                                                                                          

Figure 4. Organizational workflow of the thesis work. 
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2. Signal recording from biological 

components and derived tools 

This Section focuses on the opportunity to exploit bio/non-bio interfaces for sensing 

applications from biological components, and on the fact that such sensing properties can be 

combined with responsive ones, thus to achieve a desired body response. In particular the 

mechanotransduction properties of a specific cell line are exploited in Section 2.1 in order to 

obtain a bio-hybrid mechanotransduction system. From this proof-of-concept, another 

device, not based on living cells, was derived, namely a biocompatible fluidic 

mechanotransducer (Section 2.2). Finally, Section 2.3 describes research efforts aimed at 

obtaining an advanced bi-directional interface, more precisely an advanced peripheral nerve 

electrode, in the framework of the M2Neural project. 
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2.1 Bio-hybrid mechanotransduction system 

based on kidney ciliate cells 

Framework 

Bio-hybrid systems are emerging technological tools that integrate artificial components 

with living bio-systems to exploit the evolutionarily optimized, unique features of living 

cells/tissues for a wide range of applications.79 Bio-hybrid retinal implants, bacteria-based 

chemical sensors, plasmodium-based controllers and muscle cell-based actuators are only 

few examples of the solutions proposed to date, whose technical feasibility is also being 

allowed by the advances in micro and nano-technologies. Conversely, the use of bio-hybrid 

systems raises some open problems such as long-term maintenance to assure stability and 

functionality.80 Developing skin-like sensory systems capable to reproduce the human tactile 

sense is essential for applications such as neuro-prostheses81, humanoid robotics and 

assistive technologies82. Using a bio-hybrid technological solution instead of a fully synthetic 

one is indeed a recent and less established trend in the design of tactile sensing systems: in 

the long term, such an approach could enable the development of sensors with self-healing 

properties, allowing regeneration and repair thanks to the embedded cells, not mentioning 

that these sensors may show biomimetic compliance if compared to synthetic ones83. 

Although consolidated tactile sensing technologies are based on synthetic sensors, mainly by 

integrating Micro Electro Mechanical Systems (MEMS) in polymeric packaging materials with 

soft and compliant properties84, advancements have been achieved towards biomimetic 

designs of artificial skin with embedded sensors and hybrid artificial-biological 

microstructures85. BioMEMS and artificial skins can be fabricated with different classes of 

materials, such as artificial soft matrices, soft bio-derived structures and also biological 

components such as cells, tissues and proteins. Both synthetic and bio-hybrid sensing 

systems show an outer interface layer, mimicking the skin, and encapsulated 

mechanotransduction units. Considering the class of bio-hybrid tactile sensors, one of the 

first proposed systems consisted of a tissue engineered epidermis based on keratinocytes. 
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These cells were used as a covering layer for a MEMS-based capacitive tactile sensor86; 

further works exploited the mechanotransduction properties of the biological component, 

such as a system measuring the changes in conductivity due to fibroblast intracellular ions 

concentration variations by stretch-activated ion channels,87, 88 or a prototype of a slime 

mould-based tactile sensor, based on Physarum polycephalum89. Such previous studies 

demonstrate an emerging trend towards exploiting the mechanotransduction and 

mechanotransmission properties of the biological component, considering it as the signalling 

unit of the sensor and not only as an engineered tissue-based cover/packaging. Recent 

results show the possibility to integrate fibroblasts as sensing elements of a bio-hybrid 

tactile sensor filled with an agar-based hydrogel.73 

Along such trend, this Section reports the design and a preliminary experimental evaluation 

of a new bio-hybrid mechanotransduction system based on kidney epithelial cells, a cell 

population which demonstrates high responsiveness to mechanical stimuli due to their role 

of sensing elements within the organism and also to the presence of apical cilia.90 

The work reported in this Section is published in:  

Salgarella A.R., Giudetti G., Ricotti L., Camboni D., Puleo G.L., Ruini F., Tonda-Turo C., Chiono 

V., Ciardelli G., Micera S., Menciassi A., Oddo C.M. (2015). ͞A ďio-hybrid 

ŵeĐhaŶotƌaŶsduĐtioŶ sǇsteŵ ďased oŶ Điliate Đells͟. MiĐƌoeleĐtƌoŶiĐ EŶgiŶeeƌiŶg, ϭϰϰ, 
pp.51-56.91 

Several studies demonstrated that mechanical stimulation of these kidney epithelial cells, i.e. 

bending the mechanosensitive element as well as applying urine flow changes or hydrostatic 

pressure variations, ultimately causes an increase of intracellular Ca2+ levels92-94 also due to 

nucleotides release94-96. Much is still lacking to be understood about how the primary cilium 

senses flow97 or shear stresses, some group even affirmed that primary cilia are not calcium-

responsive mechanosensors 98, after changing their own previous statements99. A 

mechanism that has been proposed shows that cilium mechanotransduction response in 

kidney cells is mediated by interactions between members of the transient receptor 

potential TRP family of mechano-regulated ion channels, namely polycystin proteins: 

Polycystin-1 (PC1) and Polycystin-2 (PC2) as well as PKD1L1 and PKD2L1 co-localize with 

microtubules within the primary cilium and are shown to co-assemble and form 
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macromolecular complexes that act either as a Ca2+-permeable channel90, 100 or as a G 

protein-coupled receptor101, hence allowing the initial Ca2+ influx in the cells. It has also been 

proposed that this influx leads to the so called "calcium induced calcium release" from 

internal stores, although in a cell line-dependent way97. Regarding the pressure-induced Ca2+ 

response, it always results in a cytosol concentration increase of these ions probably due to 

nucleotide release, namely adenosine triphosphate (ATP), produced by stress onto the 

plasma membrane94, 97. 

In this study, Madin Darby Canine Kidney (MDCK) cells were selected for integration in the 

system, since they constitute a robust mechanosensitive cell line characterized by a rapid 

growth rate 102. The bio-hybrid sensor working principle is based on the detection of system 

impedance variations (implemented as voltage stimulation and current measurement). 

These variations are due to cellular mechanotransduction and, as stated before, this is likely 

caused by Ca2+ ion concentration changes that occur both in the filler material of the sensor 

and within the cellular cytosol. The detection was achieved by means of a patterned gold 

electrode on which cells were seeded. The electrode was integrated within a custom self-

contained cell culture well, sealed with a polydimethylsiloxane (PDMS) cap (Figure 5), and 

filled either with cell culture medium (test filling material) or with a soft agar-gelatin-

genipin-based hydrogel (control filling material) 103 in order to assess sensor performance 

with materials showing different mechanotransmission properties (Figure 7).  
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Methods 

Device Fabrication and cell culture set-up 

The bio-hybrid sensor was designed as a multilayered structure that is schematically 

represented in Figure 5a. Sensing electrodes had a geometry with central symmetry as in 

several state-of-the-art technologies104, 105 and were prepared as follows: first, to improve 

electrode adhesion, a layer of titanium was sputtered on a cell culture grade polystyrene 

suppoƌt ;FisheƌďƌaŶd™ - Fisher Scientific, USA) via DC magnetron sputtering (RF/DC 

magnetron sputtering, Kenosistec S.r.l., Italy, with sputtering parameters: 120 W, 1 min, 

argon atmosphere at a pressure of 10-5 bar) through a 0.5 mm wide shadow mask fabricated 

by wire cut electrical discharge machining (AP200L CNC Micro WEDM machine, Sodick, USA). 

Second, a gold layer was sputtered on the titanium one, using the same mask (sputtering 

parameters: 70 W, 2 min, argon atmosphere at a pressure of 10-5 bars). The sensor basement 

oŶ ǁhiĐh the eleĐtƌode ǁas plaĐed aŶd the ǁell ;ǀoluŵe ϴϱϬ ʅLͿ foƌ the Đell Đultuƌe ǁeƌe 

fabricated from polycarbonate and Teflon, respectively, by traditional machining techniques, 

and assembled by means of nylon screws. The assembly was covered with a PDMS cap 

(Sylgard 184, Dow Corning, USA; 2 mm thickness) and blocked with an aluminium frame. The 

cap was fabricated by casting PDMS (10:1 monomer/curing agent ratio) within a 3D-Printed 

mold (Projet HD 3000, 3D Systems, USA). 

 



 

 

 

Figure 5. Bio-hybrid mechanotransduction system. a) Exploded representation of the sensing system. b) The Au-Ti electrode sputtered on 

polystyrene substrate, integrated in the sensing system. c) Fully assembled sensing system filled with cell culture medium. d) Schematic diagram of 

sensor connections to the readout electronics. (from Salgarella et al., 2015 91) 
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The parental line MDCK NBL-2 (ATCC®, USA) was selected as living transduction element, 

since it is characterized by a pronounced mechanotransduction activity and the presence of 

a consistent apical cilium, although in a heterogeneous way 102 (see Figure 6). 

 

Figure 6. MDCK cells cultured on polystyrene substrate and stained in green with 

iŵŵuŶofluoƌesĐeŶĐe teĐhŶiƋue to deteĐt α-Tubulin protein. In this image two apical cilia are 

showed. 

 

Cells were cultured in high-gluĐose DulďeĐĐo͛s Modified Eagle͛s Mediuŵ ;DMEM, 

EuroClone® S.p.a., Italy), added with Fetal Bovine Serum (FBS, Gibco® - Life Technologies, 

USA) to a final concentration of 10%, and Penicillin/Streptomycin (PEN/STREP, Gibco® - Life 

Technologies, USA) to a final concentration of 1%. In order to perform the tests, MDCK cells 

were propagated in a vented flask near to confluence; to harvest cells, the medium was 

removed and the cells were washed twice with PBS and trypsinized at 37 °C (trypsin solution: 

0.25% w/v Trypsin - 0.53 mM EDTA, Gibco® - Life Technologies, USA). Trypsin activity was 

inhibited by adding complete medium, then cells were centrifuged (2500 rpm, 7 min, by 

means of an EBA 20 centrifuge, Hettich Lab Technology, Germany), re-suspended and 

seeded for experiments at a suitable density (118,000 cells/cm2) in the sensor well (area: 

1.69 cm2). Cells were grown within a controlled environment (incubator, 37 °C and 5% of 
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CO2) as a monolayer until confluence. In order to assess cellular viability on the electrode 

surface, a LIVE/DEAD® Viability/Cytotoxicity Assay (Molecular Probes® - Life Technologies, 

USA) was performed, by following the manufacturer directions. 

Different cell culture set-ups were evaluated, either with hydrogel (control, Figure 7 left) or 

growth medium (test, Figure 7 right) used as filler of the sensor, without (control, Figure 7 

up) or with (test, Figure 7 down) cells. In order to experiment the control filling material, 

cells were grown to confluence, then the medium was removed from the well and the 

hydrogel was injected over the cell layer. The hydrogel was obtained with an agar/gelatin 

mix at 20:80% (w/w) and cross-linked with genipin (2.5% w/w). This hydrogel has been 

proposed in the literature as an injectable drug delivery system and three-dimensional 

scaffold for peripheral nerve tissue engineering 103, 106, hence it shows good biocompatibility 

and good handling properties, which allow to easily fill the sensor. Moreover it has a Young's 

modulus of 66 kPa, which is in the range of human skin mechanical properties 107. In 

particular, agar (Sigma Aldrich® Corporation, USA) and gelatin (type A from porcine skin, 

Sigma Aldrich® Corporation, USA) were dissolved in complete cell medium to obtain a 

solution at a concentration of 2% (w/v). For instance, in order to prepare a solution of 5 mL, 

0.02 g of agar were dissolved in 4.2 mL of DMEM at 90 °C for 1 h. The agar solution was kept 

stirring in a heated bath at 50 °C, thus stabilizing the solution temperature. Then 0.08 g of 

gelatin were added and the resulting solution was kept stirring at 50 °C for 1 h. 50 µL of 5% 

w/v genipin-DMSO solution (Sigma Aldrich® Corporation, USA) were diluted in DMEM (1:4 

dilution rate) and added to the agar-gelatin solution, thus obtaining a final concentration of 

0.05% w/v of genipin. The resulting mix was kept stirring at 50 °C until a colour change to 

deep violet occurred, indicative of the first phase of the crosslinking process (genipin grafting 

to the gelatin chains and its partial polymerisation). Afterwards, the temperature was 

decreased to 37 °C, which is in the range of agar gelling temperature, still keeping stirring, 

and 0.5 mL of FBS and 0.05 mL of PEN/STREP were added. The mixture was transferred into 

a syringe where both gelatin crosslinking and agar sol-to-gel transitions were completed, 

leading to the formation of the hydrogel in complete growth medium ready for injection. In 

order to experiment the test filling material, cells were grown to confluence and the medium 

was replaced with fresh one, just before the experimental session. 
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Sensor testing and data analysis 

A programmable automation controller (CompactRIO, National Instruments, USA) with 

graphical software design (Labview 2013, National Instruments, USA) was used to provide 

voltage stimulation and to record current signals in order to detect ions concentration 

variations within the well environment. Three modules were used (Figure 5d): an analog 

voltage output module to provide the voltage stimulation (NI 9263, 4-channel, ±10 V, 16-bit) 

followed by a buffer (OPA547T, Texas Instruments, USA), an analog voltage input module (NI 

9205, 8-channel, ±20 mA, 16-bit) to read the voltage provided by the first module to verify 

lack of voltage drop along the connection wires and a simultaneous, channel-to-channel 

isolated analog current input module (NI 9227, 4-channel, 5 Arms, 24-bit) to read the current 

flowing through the sensor. 

Sensor readout was implemented via electric stimulation provided by using a sinusoidal 

wave voltage with amplitude of 2 Vp and a frequency of 20 Hz. For the frequency selection of 

the electrical signal provided to the electrodes interfaces, a preliminary assessment was 

performed. Firstly, it must be considered that this technology was inspired by the Electric 

Cell-substrate Impedance Sensing108 (ECIS®) technique, that is a real-time, label-free, 

impedance-based method, used to study the activities of cells grown in tissue culture, 

developed by Applied BioPhysics Inc. (please refer to http://www.biophysics.com/ecis-

theory.php). Differently to our system, in this technique the total current is maintained 

constant, voltage changes are measured and the frequency of the current is changed, 

depending on which is the assay to be performed. In particular "high frequency" impedance 

(i.e. higher than 2 kHz) is more affected by cell-coverage of the surface, whereas the "low 

frequency" responds more strongly to changes in the spaces either under or between the 

cells. For this reason lower frequencies were selected for cell stimulation. Moreover, a multi-

frequency voltage signal was provided in order to understand which was the proper 

frequency to optimize the sensor functioning. This signal was constituted by a sum of 5 

cosine waves each with the same amplitude of 0.5 V and with different frequencies (4, 8, 12, 

16, 20 Hz). After the analysis of the sensor output signal, 20 Hz was chosen as the frequency 

component that provided the highest sensor output in terms of signal power. Although our 
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developed sensor differs a lot respect to the ECIS® one, the current that is provided to the 

MDCK cells (in the mA range) is lower than the one used for this impedance measurement 

technique, namely 1 µA, which is considered non-invasive.109 The following experimental 

set-ups were tested (detailed in Figure 7): (1) Electrode without cells (control), using 

hydrogel as filling material (control); (2) Electrode without cells (control), using culture 

growth medium as filling material (test); (3) Electrode with a monolayer of MDCK cells (test), 

using hydrogel as filling material (control); (4) Electrode with a monolayer of MDCK cells 

(test), using culture growth medium as filling material (test). 

In the devices integrating cells, the seeding was with the same density (118,000 cells/cm2) to 

allow a comparative evaluation in similar conditions. The experimental sessions were 

performed at room temperature and they lasted a few minutes each so to avoid cellular 

degeneration. 
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Figure 7. Experimental set-up details. Schematic representation (not in scale) of the four 

experimental set-ups: electrodes without (control) or with (test) MDCK cells, and covered with 

hydrogel (control) or complete growth medium (test) as filling materials. (from Salgarella et al., 

2015 91) 

 

Initially all the four set-ups were experimented with manual mechanical stimulation with a 

pipette tip, applying a single load. Then, all the previous set-ups were evaluated with a 

rectangular probe mounted on a mechatronic indenter (C-863 Mercury 1-axis DC-servo-

motor controller, PI, Germany) to allow a higher degree of controllability in the mechanical 

stimulation and to measure (Nano 17 load cell, ATI, USA) the contact force arising while 

probing the sensory system. 
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During data analysis (Matlab 2013b, MathWorks, USA) the mean current was removed in the 

recorded sensor measurements, and the signals were normalized by dividing by the 

maximum current value. For each signal the normalized wavelet power was computed as: 

𝑁ݎ݁ݓ݋݌ ݐ݈݁݁ݒܽݓ ݀݁ݖ݈݅ܽ݉ݎ݋ =  | ௡ܹ𝛘ሺݏሻ|ଶmaxሺ| ௡ܹ𝛘ሺݏሻ|ଶሻ 

where ௡ܹ𝛘 
 is the continuous wavelet transform of the signal computed using the Wavelet 

Coherence Package 110. In the case of the mechatronic indenter probing, the R2 

determination coefficients were computed between the forces applied and the envelope of 

the current signals modulating around the 20 Hz carrier frequency. To extract the envelope, 

the current signals were squared and filtered with a low pass Butterworth filter (15th order, 

cut-off frequency 4 Hz). 
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Results and discussion 

The cultured cells were observed to reach confluence in a monolayer, adhering promptly on 

the electrode surface and forming a uniform population (Figure 8a). Cellular viability assays 

on the electrode surface clearly showed a green fluorescent layer of healthy cells and a 

negligible number of dead red cells (Figure 8b). 

 

Figure 8. MDCK cell cultures on electrode surface imaged via UV-VIS microscopy analysis (ECLIPSE 

Ti-E, Nikon Corporation, Japan). a) Bright field image (10x magnification) of MDCK cells cultured on 

the Au-Ti polystyrene electrode, which is visible as a shadowed region at the bottom of the picture. 

b) Fluorescence image (10x magnification) showing alive MDCK cells in green and dead/necrotic 

cells in red. (from Salgarella et al., 2015 91) 
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Experiments under manual mechanical probing with a pipette tip were first carried out, in 

order to preliminary assess the sensor response. Results showed a limited response, 

consisting in a slight enhancement in the wavelet power of the signal, in the case of the 

electrode without cells and covered with hydrogel (Figure 9a), whereas no response could 

be qualitatively associated to the load stimulus in the case of the electrode without cells and 

filled with complete growth medium (Figure 9b). Considering the test sensors with cultured 

MDCK cells, different results were observed depending on the filling medium. In particular, 

in the set-up with MDCK cells covered by hydrogel (Figure 9c), the response was qualitatively 

comparable to that with hydrogel without cells. Instead, in the set-up with cells covered by 

complete culture medium, a pronounced response was appreciated with an inverted trend 

compared to the hydrogel-covered set-up, that consisted in an amplitude reduction of the 

current signal and the wavelet power (Figure 9d). A possible explanation is that MDCK cells 

respond to a mechanical load by opening membrane channels, thus producing an ion inflow 

in the cytoplasm as well as by the release of ATP which itself produces a transient increase in 

Ca2+ intracellular levels. This possibly leads to positive charge carriers depletion within the 

sensor cell environment, with a consequential increment of the system impedance and 

reduction of measured current. The transient increase in Ca2+ intracellular levels of MDCK 

cells upon mechanical stimulation (both hydrostatic pressures and fluid shear stresses) has 

already been demonstrated in the literature by several groups, using techniques such as real 

time calcium imaging (with fluorescent probes such as Fluo-4-AM94, 96 or Fura-295). This is the 

main reason why this cell line was selected among others, together with its robustness and 

easy culture routines. 
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Figure 9. Single manual mechanical stimulation. Each panel shows results for the 4 experimental 

set-ups in response to single manual load application: a) hydrogel without cells, b) culture medium 

without cells, c) monolayer of MDCK cells covered with hydrogel and d) monolayer of MDCK cells 

covered with culture medium. Each panel displays, on the left, the normalized current signal I/Imax, 

recorded from the sensor while providing a sinusoidal voltage (2 Vp, 20 Hz), and, on the right, the 

normalized wavelet power of sensor current. (from Salgarella et al., 2015 91) 

 

More quantitative outcomes were obtained by applying loads on the experimental set-ups 

by means of a servo-controlled indenter. A slight/non significant enhancement in the 

wavelet power of the signal in the case of sensor filled with hydrogel is shown (Figure 10a) 

while no significant response can be appreciated in the case of the sensor filled with growth 

medium (Figure 10b), thus confirming manual stimulation results. Experiments under servo-

controlled application of multiple loads showed a tonic response as well as a dynamic 

tracking of stimulus changes in both set-ups with test MDCK cells (Figure 10c-d). A greater 

current modulation was systematically observed in the set-up with MDCK cells covered with 

complete growth medium, as observed in the previous experiments under manual probing. 

This could be associated with a better response of MDCK cells in the liquid environment of 

the culture medium, compared to the viscous environment provided by the hydrogel, since 

their specific function in vivo is to sense flow changes and hydrostatic pressure provided by 

urine in the kidney tubules. The determination coefficients R2 (Table 1) provide evidence 

that for the test-device a simple linear function could model (explaining more than 60% of 
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the signal power) the relationship between the input load force and the envelope of sensor 

outputs. In fact, the fraction of explained variance R2 has the highest value in the case of the 

sensor with a layer of MDCK cells and filled with growth medium whereas the lowest value is 

for the device filled with growth medium but without MDCK cells. Therefore, in the 

mechanotransduction process with MDCK cells a quite high input-output correlation was 

achieved, whereas in a previous study with fibroblasts the determination coefficient was 

used only to assess repeatability of the bio-hybrid sensor readouts73. 

 

Figure 10. Multiple load stimulation with a servo-controlled indenter. Each panel shows results for 

the 4 experimental set-ups in response to a multiple mechanical stimulation applied by the servo-

controlled indenter: a) hydrogel without cells, b) culture medium without cells, c) monolayer of 

MDCK cells covered with hydrogel and d) monolayer of MDCK cells covered with culture medium. 

Each panel displays, on the left, time-plots of the indentation force and the normalized current 

signal I/Imax (blue) and its envelope (red), recorded from the sensor while providing a sinusoidal 

voltage (2 Vp, 20 Hz), and, on the right, the normalized wavelet power of sensor current. (from 

Salgarella et al., 2015 91) 
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Experimental set-up 
Determination 

coefficient (R2) 

Hydrogel without cells 0.36 

Growth medium without cells 0.30 

Hydrogel and MDCK cells 0.59 

Growth medium and MDCK 

cells 
0.62 

Table 1. R2 determination coefficients for the 4 experimental set-ups and testing with the 

mechatronic indenter. 

 

There are two different aspects that show promise for possible future application in the 

tactile field, such as for artificial prosthesis covering and skin. Firstly, the fact that the bio-

hybrid transducer showed a tonic response as well as a dynamic tracking of the provided 

mechanical stimulus. Secondly the fact that the experimented dynamic load force range was 

up to about 30 N (even over the one that is typically targeted in tactile sensing for robotic 

hand manipulation applications82, 111, which is up to about 10 N). 

 

In summary 

The developed system and its preliminary experimental evaluation demonstrate the 

possibility to integrate Madin Darby Canine Kidney cells as the core sensing element of a bio-

hybrid mechanotransduction system. In particular, it has been shown that MDCK cells can 

implement mechanotransduction in an integrated sensing system. As a matter of fact, the 

readout system was implemented providing a voltage stimulation, and the response was 

recorded via measurement of current modulation. Several set-ups were evaluated, to 

compare the sensing system response in a liquid (cell culture medium) and viscous 

(hydrogel) environment. In particular, no significant response of the sensing system was 

observed with cell culture medium only, while a limited but observable response was 

qualitatively appreciated while testing the hydrogel without cells (probably because of 
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increase of density of charge carriers as a consequence of the mechanical compression of 

the hydrogel 112). The highest sensitivity to stimulation was observed in the set-up with the 

monolayer of cells covered by the cell culture medium. This could be explained by the 

consideration that MDCK is a cell line derived from kidney, so that such cells naturally 

respond to fluid flow changes and hydrostatic pressure applications. Moreover, the system 

showed a tonic response when a continuous stimulus was provided. Recent successful tactile 

sensing technologies were based on fluid-filled devices with synthetic transducers 113, 114, 

whereas the novel technology presented in this study integrates fluidic filling material and 

living cellular transducers with promising future applications in prosthetics and other bio-

applied domains. A thorough comparison of metrological characteristics between synthetic 

and bio-hybrid sensors will be targeted in the upcoming studies. Future developments will 

also approach system homeostasis and long-term cell viability, allowing the sensing system 

to become enduring and potentially usable for long periods. This would allow to fully exploit 

the intriguing advantages of the bio-hybrid paradigm with respect to synthetic one, such as 

intrinsic compliance and self-healing capabilities, with the future aim of achieving an ever 

deeper contact between artificial and biological components, in the field of tactile sensing 
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2.2 Fluidic mechanotransducer based on 

biocompatible filling materials 

Framework 

Many fluidic force sensors have been proposed in the literature, but most of them are using 

non biocompatible fluids, like conductive liquid eutectic gallium-indium115 or galistan116-118 (a 

liquid metal alloy composed by gallium-indium-tin), sodium bromide119, 1-ethyl-3-

methylimidazolium tricyanomethanide120. Hence, a fully exploitation of these sensors is 

hampered in applications such as tactile feedback for minimally invasive surgery121, delicate 

surgical procedures in the eye122 and brain123 for example, as well as tissue health 

diagnostics124. This is due to the toxicity these fluids could provide if liquid leakage occurs. 

For this reason, there is a trend towards the development of sensors whose working 

principle is based on the electrochemical impedance change measurements using simple 

biocompatible liquids such as deionised water125, 126 or buffer such as Phosphate-Buffered 

Saline127. 

Along this trend, in this Section we present the electrical and mechanotransduction 

characterization of a fluidic mechanotransducer filled with different biocompatible 

materials. 

Starting from the structure of the bio-hybrid sensor described in the above Section, a fluidic 

mechanotransducer was developed. The electrode shape was maintained the same one, 

while the well was changed (better described in the Methods subsection), thus obtaining a 

single soft polymeric structure made of PDMS. In this way the number of layers was reduced 

in order to provide an improved leakproof. As for the bio-hybrid sensor, the working 

principle of this transducer is based on the detection of system impedance variations 

(implemented as voltage stimulation and current measurement), but differently to that, 

these variations are due not to cellular mechanotransduction, but to the change in the cross 

sectional area between the electrodes, which is filled with different electrolyte materials. 
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This change of cross sectional area is due to the deformation of the filled PDMS well under 

the application of external forces, thus providing mechanotransduction. Eight different filling 

materials were tested, among them some were selected for their low conductivity. The 

mechatronic platform for fluidic transducer stimulation and the readout system were 

improved respect to the version used for bio-hybrid sensing in order to provide a force-

controlled platform, and to allow for a precise synchronization between the recordings of 

the provided force and the transducers' output.  
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Methods 

Fluidic mechanotransducer fabrication 

The fluidic mechanotransducer was designed as a multilayered structure that is 

schematically represented in Figure 11a. It is based on a sensing electrode covered with a 

soft polymeric well in which several fluid filling materials have been inserted. The electrode 

has the same geometry exploited in the previous work for bio-hybrid sensing91, which was 

described in the previous Section. It has a central symmetry as in several state-of-the-art 

technologies104, 105 thus allowing for further scalability and increase of sensing channel 

number. The electrodes were prepared on square polystyrene support (36 mm, 

FisheƌďƌaŶd™ - Fisher Scientific, USA) via DC magnetron sputtering of both titanium and gold 

(RF/DC magnetron sputtering, Kenosistec S.r.l., Italy). Titanium was used for improving 

electrode adhesion, it was sputtered for 2 min on the polystyrene surface, in argon 

atmosphere at a pressure of 10-5 bar, at 120 W through a 0.5 mm wide shadow mask 

fabricated by wire cut electrical discharge machining (AP200L CNC Micro WEDM machine, 

Sodick, USA). Second, a gold layer was sputtered on the titanium one, using the same mask 

(sputtering parameters: 75 W, 2 min, argon atmosphere at a pressure of 10-5 bars). The 

electrode is placed on a polycarbonate basement and covered by the polymeric well. The 

polymeric well is blocked to the assembly by means of a polycarbonate frame and 8 nylon 

screws. All polycarbonate pieces were fabricated by traditional machining techniques, while 

the soft well was fabricated by casting polydimethilsiloxane (PDMS, Sylgard 184, Dow 

Corning, USA; 2 mm thickness) with a monomer/curing agent ratio of 10:1, within an 

aluminium mold. 



 

 

 

 

Figure 11. Fluidic mechanotransduction system and its mechatronic stimulation platform. a) Exploded representation of the sensing system. b) and 

c) 3D-rendering of the stimulation platform and a zoom in on its components: the motorized translational stages (3 degrees of freedom, DOFs), a 

fixed indenter and a load cell.  
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Mechatronic platform for fluidic transducer stimulation and readout system 

The mechanical stimulation was provided by means of a force controlled mechatronic 

platform constituted of two motorized translational stages (3 degrees of freedom, DOFs), a 

fixed indenter and a load cell (see Figure 11b and c). 

One stage was used to provide lateral motion on x and y axes (8MTF-102LS05, STANDA, 

Vilnius, Lithuania), while the other, mounted on top of the lateral stage, was used for vertical 

motion on the z axis (8MVT120-25-4247, STANDA, Vilnius, Lithuania). Both stages were 

characterized by a high precision positioning and smooth travel. Their motion was provided 

step by step with a tunable speed and different resolutions, respectively 2.5 µm for the xy 

stage, and 5 µm for the z one. The two stages were linked each other within a rigid frame 

and the sensor was blocked on top of the z stage. In order to provide mechanical 

stimulation, the sensor was moved towards a fixed cylindrical indenter, mounted facing the 

upper face of the z stage and made of aluminium (with a diameter of 6 mm). The indenter 

was coupled to the lower face of a 6 axis load cell (Nano 43, ATI Industrial Automation, Apex, 

NC, USA) able to measure the forces provided to the sensor during the indentation. The 

measured normal forces (due to the contact between the sensor and the indenter) enabled 

the control of the stages motion, hence providing precise mechanical stimulation protocols. 

A programmable automation controller (CompactRIO 9114, National Instruments, USA) was 

used to provide voltage stimulation, sensor signal readout and synchronization between 

data acquisitions (see Figure 12). It was equipped with an analog voltage output module (NI 

9263, 4-channel, ±10 V, 16-bit), an analog voltage input module (NI 9205, 8-channel, ±20 

mA, 16-bit) and a digital I/O module (NI 9401, 8-channel, 5V/TTL, 100µs, bidirectional). 

In particular the sensor was provided with a voltage stimulation by means of NI 9263 

module, followed by a buffer (OPA547T, Texas Instruments, USA). The buffer allowed to 

provide a stable output stimulation voltage despite system impedance changes. A sinusoidal 

wave voltage VIN with amplitude of 0.5 Vp and a frequency ranging between 10 to 100 Hz 

was provided to the central part of the electrode (cross shape). The current flowing through 

the sensor was collected by the four slanting electrode channels (I0-I3) and converted to 

voltage thanks to a TIA (transimpedance amplifier), made with Texas Instrument© OPA 4277 
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ĐoŶfiguƌed as a TIA ǁith a gaiŶ of ϮϮ kΩ. The fouƌ converted voltage signals (V0-V3) were 

read by NI 9205 module. Please refer to Figure 12b and c. 

The load cell was connected to a data acquisition card (Ni DAQ PCIe 6259) for signal 

conditioning and data recording. A main clock of 800 Hz was generated from the DAQ card 

and shared with the CompactRIO (through NI 9401 module) in order to synchronize the data 

acquired from the load cell and from the different modules of the CompactRIO. The DAQ 

card and the CompactRIO were connected to the same computer while the controller of the 

translational stages was connected to another computer. The two computer shares the data 

of the forces and the position of the translational stages through an Ethernet connection in 

order to implement the force closed loop control. Both the computer and the CompactRIO 

were equipped with a graphical programming software (Labview 2017, National 

Instruments, USA), Please refer to Figure 12a for block diagram of the system. 

 

Figure 12. Mechanotransducer readout system and force closed loop control. a) Block diagram of 

the force closed loop control implementation and signals synchronization. b) and c) Schematic 

diagram of sensor connections to the readout electronics, including the amplification stage. 
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Sensor testing and data analysis 

Different biocompatible and non toxic filling materials were used to fill the soft polymeric 

well of the sensor, prior to its assembly. Namely they are: (1) ultrapure MilliQ water, (2) 

saline solution (NaCl 0.9% wt/vol in water) (3) Dulbecco's Phosphate-Buffered Saline (DPBS), 

(4) high-gluĐose DulďeĐĐo͛s Modified Eagle͛s Mediuŵ ;DMEMͿ, ;ϱͿ Đoŵplete Đell gƌoǁth 

medium composed by high-glucose DMEM, added with Fetal Bovine Serum (FBS) to a final 

concentration of 10%, and Penicillin/Streptomycin (PEN/STREP) to a final concentration of 

1%, (6) FBS in deionized water to a final concentration of 10% v/v (FBS is a mixture of 

plasmatic proteins like albumin, growth factors, salts, vitamins and electrolytes used to 

sustain in vitro cell culture), (7) silk fibroin solution 5% wt/vol in deionized water, extracted 

from Bombyx mori cocoons by the team of Professor Silvestro Micera, following the 

protocols described in 128, (8) silk fibroin gel prepared from the previous solution following 

the procedure explained  in 129. In particular (1), (7) and (8) were selected for their expected 

low conductivity. 

The sensor with each filling material was electrically and mechanically tested. 

In the first case, the Vin provided was a sinusoidal wave voltage with amplitude of 0.5 Vp and 

a set of frequencies, chosen from 10 to 100 Hz with a 10 Hz step. For each frequency the 

stimulation duration was of 10 s and sensor readouts were collected. The complex 

impedance of the system, Z, was computed as  ܼ = ௢௨௧ܫ 𝑖ܸ௡⁄  

 being Iout = I0-I3 the sensors readouts, and provided as module, |Z|, |ܼ| = |௢௨௧ܫ| | 𝑖ܸ௡|⁄  

and phase, ΦZ, 𝛷𝑍 =  𝛷𝐼௢௨௧ − 𝛷𝑉𝑖௡ 

as a function of the frequency in Figure 14. The obtained system impedance Z was then 

fitted by means of MATLAB® software (MathWorks, Massachussets, USA) and its function for 
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non linear regression, nlinfit, using the equation of an electrical equivalent circuit impedance 

proposed by Gutierrez et al. 125 as the model function (Figure 15a). The equation is as follow:  

௙ܼ𝑖௧ሺ𝜔ሻ =  ܴ௦ + ʹ ܴ௖௧ ሺͳ + ݆𝜔ܴ௖௧ܥௗ௟ሻ⁄  

were Rs is the electrolyte/filling material resistance, while Rct and Cdl describe phenomenon 

at each electrode interfaces, which in this case are the cross shaped central electrode and 

one of the four slanting electrode channels. The goodness of the fitting (expressed as R 

coefficient) and the parameters found for each filling material are reported in Table 2.  

Considering the mechanical stimulation, the sensor filled with the different materials was 

provided with a sinusoidal voltage Vin of 0.5 Vp, at 20 Hz and with five consecutive normal 

indentations with different forces (range: 1 - 5 N, step:1 N). The stimulation was applied in 

the centre of the sensor, thanks to the movement of the z stage at a speed of 0.125 mm/s. 

The modulating sensor readouts from each channel (Iout = I0-I3) were normalized by dividing 

for the maximum current values and the mean value was subtracted. To extract their 

eŶǀelope ;ΔIout due to mechanical load application), the signals were time-aligned with the 

normalized Vin voltage and multiplied by it, then filtered with a low pass Butterworth filter 

(5th order, cut-off frequency 10 Hz), as shown Figure 13. R2 determination coefficients were 

computed between the normalized forces applied and the ΔIout of each channel. The ΔIout of 

the channel which gave the highest R2 value and the respective normalized forces applied to 

the transducer are reported in the graphs of Figure 16 for each filling material tested. 
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Figure 13. Signal processing to obtain the current modulation due to the mechanotransduction, 

ΔIout. The normalized stimulation voltage Vout is represented in black color, the normalized 

transducer output Iout in blue and the normalized applied force Fz in red 
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Results and discussion 

The electrical characterization of the transducer filled with different materials is depicted in 

Figure 14. In particular Figure 14a and Figure 14b show respectively the module, |Z|, and the 

phase, ΦZ, of the complex impedance of the system, Z, as a function of the frequency. For all 

the materials a preliminary reduction of the |Z| in the range of 10-20 Hz was seen, reaching 

then a plateaux for the following tested frequencies, while an almost linear increment of ΦZ 

with the frequency was appreciated for all the material except for the MilliQ water, Silk 

fibroin solution and gel. 

 

Figure 14. Module a) and phase b) of the complex electrical impedance of the 

mechanotransduction system (Z) filled with eight different materials, as a function of the 

frequency. 
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As already stated in the Methods subsection, the obtained system impedance Z was then 

fitted by non linear regression analysis using, as model equation, the one of an electrical 

equivalent circuit impedance proposed by Gutierrez et al. 125 (showed in Figure 15a). A 

representative graph of both experimental (in red) and fitted (in blue) |Z| and ΦZ is shown in 

Figure 15b. The parameters obtained by the non linear regression are reported in Table 2 as 

well as the goodness of the fitting expressed as R coefficient values for both module and 

phase of the complex system impedance, Z.  

The fitting achieved with this model was almost very good for all the filling materials and for 

all the four recorded channels (all R coefficients were > 0.9, except for the fitting of |Z|, in 

case of channel I2 of the sensor filled with MilliQ water). 
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Figure 15. a) Equivalent electrical circuit used to model the electrical behavior of the 

mechanotransducer. b) Example of the experimental (red) and fitted (blue) module and phase of 

the sensor electrical impedance obtained by linear regression. The model parameters and the R 

coefficients for both module and phase are reported in Table 2. 
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Filling  Material Channel Rs [kΩ] Rct [MΩ] Cdl [μF] R ( |Z| ) R ( ΦZ ) 

MilliQ water 

I0 73.93 0.90 0.66 0.970 0.981 

I1 77.58 1.00 0.62 0.912 0.974 

I2 92.33 6.06 0.55 0.872 0.983 

I3 108.28 0.95 0.53 0.910 0.971 

Saline solution 

I0 1.07 0.58 5.17 0.996 0.969 

I1 1.08 0.60 4.63 0.997 0.981 

I2 1.28 0.65 3.61 0.996 0.946 

I3 1.18 0.64 3.75 0.997 0.981 

DPBS 

I0 1.14 0.57 5.32 0.997 0.970 

I1 1.20 0.58 4.88 0.992 0.964 

I2 1.22 0.64 3.74 0.997 0.915 

I3 1.07 0.63 3.91 0.998 0.942 

DMEM 

I0 1.46 0.65 3.52 0.997 0.951 

I1 1.55 0.72 2.80 0.998 0.941 

I2 1.45 0.79 2.37 0.998 0.966 

I3 1.48 0.82 2.25 0.997 0.926 

Cell growth 

medium 

I0 1.64 0.70 2.95 0.996 0.965 

I1 1.38 0.70 3.03 0.998 0.934 

I2 1.32 0.73 2.75 0.997 0.940 

I3 1.64 0.83 2.19 0.995 0.929 

FBS 

I0 3.27 0.88 1.88 0.992 0.990 

I1 3.19 0.85 1.97 0.992 0.990 

I2 3.55 0.96 1.68 0.994 0.993 

I3 3.77 1.00 1.61 0.993 0.991 

Silk Fibroin 

solution 

I0 24.63 1.08 0.93 0.981 0.995 

I1 23.57 1.03 0.97 0.982 0.996 

I2 24.62 1.07 0.93 0.981 0.995 

I3 25.01 1.07 0.93 0.982 0.995 

Silk Fibroin gel 

I0 15.46 1.10 1.08 0.981 0.992 

I1 16.13 1.08 1.08 0.980 0.992 

I2 17.73 1.12 1.01 0.980 0.992 

I3 16.45 1.12 1.04 0.982 0.993 

Table 2. Model parameters estimated by non linear regression and R coefficients for the fitting of 

both impendance module and phase. 

 

The values obtained for Rs, which in the model represents the electrolyte/filling material 

resistance, is iŶ the ƌaŶge of feǁ kΩ, eǆĐept foƌ MilliQ ǁateƌ ;fƌoŵ ϳϯ.ϵϯ to 108.28 kΩͿ, Silk 

Fibroin solution (from 23.57 to 25.01 kΩͿ aŶd Silk FiďƌoiŶ gel ;fƌoŵ 15.46 to 17.73 kΩͿ. This is 
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in accordance with the fact that these materials were chosen for their low electric 

conductivity. Rct  and Cdl, which in the model describe phenomena at the 

eleĐtƌode/eleĐtƌolǇte iŶteƌfaĐes, ǁeƌe ƌespeĐtiǀelǇ iŶ the ƌaŶge of MΩ aŶd ʅF. 

The fact that different model parameters values were found for the different channels can 

be partially explained by the "handicraft" production procedure of electrodes and overall 

transducers; this could be improved by using engineered and automated microfabrication 

techniques. 

Concerning the mechanical stimulation of the fluidic transducer, the results obtained are 

shown in Figure 16. Experiments under servo-controlled application of multiple loads 

showed current modulation in terms of amplitude increase for all the tested filling materials, 

except for MilliQ water, that did not provide mechanotransduction. In particular Figure 16 

shows the graph of the simultaneous Ŷoƌŵalized foƌĐe aŶd the ĐuƌƌeŶt ŵodulatioŶ, ΔIout, 

recorded for each filling material and for the channel that provided the highest 

determination coefficient between these two signals. 

 

Figure 16. Graphs representing the force applied to the sensor and the respective current 

modulation ΔIout. The determination coefficients R2 reported on top of the graphs for each filling 

material, are the highest ones obtained among the four sensor output channels. 
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The determination coefficients R2 provide evidence that for all the filling materials, except 

MilliQ water, a simple linear function could model the relationship between the input load 

force and current modulation of sensor outputs, explaining more than 90% of the signal 

power, in some cases. In fact, the fraction of explained variance R2 showed that a high input-

output correlation was achieved, reaching the highest value for the sensor filled with FBS in 

deionized water to a final concentration of 10% v/v. 

 

In summary 

We developed and tested a fluidic mechanotransducer filled with different materials, usually 

used for cell culture routines, starting from an electrode system used for bio-hydrid sensing. 

The working principle of such device is the measurement of electrochemical impedance 

changes due to mechanical stimulation. This approach follows the recent trend of creating 

flexible force sensors by using non toxic filling material such as deionised water and PBS, like 

the ones proposed by Gutierrez et al.125-127. The aim of this trend is to provide reliable and 

high sensitive sensors for delicate applications involving minimally invasive surgery, where 

"less biocompatible" solutions could provoke tissues damages in case of breakage. The 

solutions proposed by Gutierrez et al.125-127 allowed for the detection of forces from 0 up to 

79 mN. This very low range is far below the one usually targeted by fluidic sensors systems, 

filled with toxic fluids (few N 117, 120) which are geared towards general surgical gripping and 

grasping tasks (from 0.1 up to 10 N 130).In our system, we tested, both electrically and 

mechanically, eight different filling material which are often used in cell culture laboratories, 

from simple ultrapure water to complete cell growth medium. Except for the case of MilliQ 

ultrapure water, all tested materials provided very good mechanotransduction, confirmed by 

the high determination coefficients, R2, we found also in the case of the silk fibroin solution 

and gel, which are characterized by lower conductivity.  

Our tested forces are in the range of those used to characterize other fluidic sensors 117, 120, 

but the fact that a dynamic tracking of the force stimulus was achieved by the 

mechanotransducer, lead us to think that a deeper characterization will disclose if a lower 

sensitivity is achievable with the different filled materials. This was done and will be deepen 
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in the future thanks to the proper readout system and force-controlled platform which 

allowed for a precise correlation between the force applied to the transducer and its output 

signals. This platform can be used also for the validation of other sensing system and 

mechanotransducers. Our system is far away from being considered a fully functioning force 

sensor, but thanks to its tunable and flexible characteristic and to the developed stimulation 

structure, it can be used as a platform for the test of different filling materials and their 

application for electrochemical impedance based force sensing. 
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2.3 M2Neural project vision: toward long term 

neural interfaces 

Framework 

Neural interfaces are active medical devices aimed at restoring nervous system functions in 

case of impairments. Peripheral nerve interfaces, in particular, can provide a direct 

connection between the peripheral nervous system (PNS) and an external artificial device. 

They can be used to control limb prostheses bidirectionally, that means both recording the 

signals from the PNS to control the artificial devices and stimulating nerves to restore 

afferent pathways, e.g. the sense of touch in hand prostheses.81 Neural interfaces in general 

can also be used to face other diseases/injuries in which the peripheral nerve function is 

compromised, such as neuropathies, spinal cord injury, deafness, blindness, stroke, urinary 

incontinence, epilepsy, chronic pain, neurological disorders, and psychiatric disorders. The 

latest ones are further pathologies that can be treated by electrically stimulating the nervous 

system by means of active implantable medical devices.131  

Neurotechnology has grown and matured as an industry thanks to the advances in several 

fields of science and technology, including neuroscience, biomaterials and microelectronics. 

MEMS technology had a positive impact on the development of neurotechnology devices. 

Moreover these products and services will experience considerable growth in the worldwide 

healthcare market, in large part because of the continued growth and identification of 

neurological disorders and conditions. Many of these disorders and conditions will become 

even more pronounced as the demographic shift in the aging of the population will exert its 

effects, as well as the life expectancy and demand for a higher quality of life by senior 

citizens. Neurotech Reports projected, in their Market Research Report 2016-2020, that the 

overall worldwide market for neurotechnology products was $7.6 billion in 2016 and will 

reach $12.0 billion in 2020.132 Neurotech Reports divides the market for neurotechnology 

into four segments: neuroprosthetics, neuromodulation, neurorehabilitation and 

neurosensing. The largest segment of the market for neurotechnology is currently 
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neuromodulation, followed by neural prostheses, and neurosensing. Today hardware market 

is just the tip of the iceberg, as illustrated by an analysis of more than 10,000 IP filings 

worldwide by a market research firm, SharpBrains133. Therefore, innovative products based 

on novel advanced materials could drive and increase the estimated market annual growth 

rate. Also, successful neuroprosthetics have been shown to be cost-effective because of the 

reduction in ongoing costs for healthcare and assistive services. Some studies have shown 

that these devices pay for themselves with five to seven years. 

The bottleneck of this approach remains biocompatibility and long-term implant 

stability/functionality. An improved interface based on advanced multifunctional materials 

has the potential to revolutionize invasive nerve interfaces, and thus neuroprosthetic 

technologies. Such technological advancement would provide enormous benefits for people 

with neurological disorders or amputations. In addition, it could be also exploited in other 

health conditions, as stated before, normally treated by stimulation of the peripheral 

nervous system (PNS) by using active implantable medical devices (AIMDs), e.g. chronic pain 

and incontinence. 

Chronic implant of electrodes in the PNS leads to the formation of scar-like fibrotic tissue 

and low axonal health, determining a loss of functionality after few months from the 

implant134, thus strongly limiting their clinical use. In fact both the insertion of the electrode 

and its permanence in the body cause peripheral nerve injury and lead to responses such as 

neuropathic pain and fibrosis. This determines the replacement of active tissues with passive 

ones, bringing to a consequent loss of electrode's functionality.135 This non-desired host 

response is mostly due to the mismatch of both biochemical and mechanical properties 

between the electrode surface and the nerve tissue.136 Recent strategies to partly overcome 

these problems focused on polyimide surface functionalization, for example with amino 

acids or peptides137 and on engineered coatings, e.g. based on poly(ethylene glycol) (PEG)35, 

138. 
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M2Neural focus 

The focus of M2Neural project, funded in the FP7 M-ERA.NET Transnational framework, is 

the development of an advanced novel multifunctional polymeric coating for polyimide 

based peripheral nerve interfaces. In particular M2Neural project focuses on the surface 

modification of a particular type of polyimide-based electrode used for interfacing the PNS, 

called SELINE139 (SELf-opening Intrafascicular NEural interface), which is commercialized by 

SMANIA S.r.l. 

A scheme of the overall concept is represented in Figure 17.  

 

Figure 17. Concept representation of M2Neural project and its main elements. (1) Biocompatible 

and nondegradable soft polymeric coating doped with anti-inflammatory/neurotrophic factors and 

piezoelectric nanoparticles to reduce inflammation and promote neural health. (2) Tunable 

external ultrasound stimulation system to cause local mild hyperthermia and to activate 

piezoelectric nanoparticles. (3) Coating of a polyimide-based electrode used for interfacing the 

PNS, SELINE (SELf-opening Intrafascicular NEural interface) commercialized by SMANIA S.r.l. 

 

 



56 

 

The desired multifunctional polymeric coating should be able to: 

minimize the mechanical mismatch between the implanted device and the tissue by 

means of a soft coating made of a biocompatible synthetic polymer. The target is a 

biocompatible and non-degradable hydrogel with a thickness in the micrometer 

range, capable to minimize both the mechanical and chemical mismatches between 

the implanted electrodes and the peripheral nerves. This can be achieved with a 

tuŶed YouŶg͛s ŵodulus ŵiŵiĐkiŶg the oŶe of Ŷeuƌal tissues ;~ 1 kPa); 

promote neural health by means of embedded piezoelectric nanoparticles such as in 

the hydrogel layer, able to provide neurons with indirect electrical stimuli when 

activated by external mechanical stimulations, i.e. ultrasound. In the literature, an 

enhancement of neurite outgrowth in neuronal-like cells following piezoelectric 

particles-mediated stimulation has been demonstrated using boron nitride 

nanotubes (BNNT)140 as well as significantly increase of the intracellular calcium 

concentration using barium titanate nanoparticles (BTNP)141. Hence, we envision a 

tunable external ultrasound stimulation causing local mild hyperthermia and 

activating piezoelectric nanoparticles during few weeks after the implant would 

dramatically improve neural health; 

further increase the level of electrode performance in terms of biocompatibility and 

axonal health by means of neurotrophic factors and anti-inflammatory factors, 

embedded in the hydrogel layer and gradually released. 

Along point 1. of M2Neural focus, preliminary work has been done on the production and 

the characterization of an hydrogel coating for polyimide substrate. The results obtained and 

the methods used are proposed in Section 3.1.1. The sole hydrogel was designed to provide 

by itself direct stimuli of the biological component, both chemical and physical. In fact the 

hydrogel was produced with zwitterionic copolymers thus exploiting their non-biofouling 

pƌopeƌties aŶd aĐhieǀiŶg loǁ YouŶg͛s ŵodulus ǀalues, iŶ the ƌaŶge of the Ŷeuƌal tissue ;iŶ 

our case from 2 to 19 kPa). The hydrogel was covalently attached to the PI surface and 

crosslinked with photoactivated groups. This work is still going on, and further work has to 

be done to load nanoparticles, drug and anti-inflammatory factors. 
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Considering instead the stimulation by means of ultrasound (point 2.), we already stated 

that in general it is also desirable that the external stimulus contributes itself also to the 

desired body response, providing an augmented beneficial effect to the process of 

regeneration. Moreover it is fundamental to control precisely the external stimulus and to 

know its bioeffects. For this purpose a proper fully tunable stimulation system with an 

ultrasound-transparent cell culture well was developed, thus enabling correlation between 

the ultrasound delivered and the triggered bioeffects. This cell culture well, as well as the 

platform, were validated on mouse myoblast cell line. The detailed description of the system 

and the in vitro systematic investigation of the bioeffects on muscle cells of low intensities 

ultrasound exposures (LIPUS) at different frequencies and intensities are reported in Section 

3.1.2. 

Considering instead a strategy for obtaining a controlled drug delivery of neurotrophic and 

anti-inflammatory factors from the polymeric matrix (point 3.), a pilot study on the 

possibility to achieve ultrasound mediated dexamethasone release form poly(2-oxazolines) 

micelles is presented in Section 3.2. These structures could be exploited in the future with 

hydrogel matrices further modulating (e.g. slowing down) the release rate. 
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The neural interface 

Neural interfaces have been recently successfully used for the bidirectional control of limb 

prostheses and in brain-computer interfaces 142-144. In this field, polyimide (PI) has been 

identified as a good candidate material for the development of advanced neural interfaces. 

Different PI-based interfaces have been developed, for interfacing with central nervous 

system as in the case of intracortical neural activity recordings 145, 146 or cortical surface field 

potential recordings 147 and for interfacing with peripheral nerves. 

One of the main challenges of these neural interfaces is to achieve the best tradeoff 

between recording/stimulation selectivity and invasiveness. In fact the alteration of action 

potentials recording and stimulation thresholds is mainly due to the formation of fibrotic 

capsule. The injury due to the invasive procedures of implantation leads to an acute 

inflammation, characterized by leucocytes accumulation at the site of injury; then the 

inflammation becomes chronic and granulation tissue is produced by fibroblast and the 

foreign body reaction proceeds with the accumulation of giant cells (fusion of macrophages) 

and fibrosis 148, 149. Please see Figure 18 for the representation of the possible host response 

mechanisms in case of a peripheral nerve interface (namely SELINE interface). Moreover this 

is worsened in the central nervous system, where gliosis establishes due to microglia 

activation and consequent implant encapsulation by means of astrocytes 135. In peripheral 

nervous system a damage to the nerve during insertion or after extended time in the body 

can also provoke the so called "Wallerian degeneration" which is the breakdown of the distal 

stump of a severed nerve, that can cause signal loss if the distal nerve is close to an 

electrode, as this nerve will no longer convey signals to the device. 135 
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Figure 18. Schematic representation of possible mechanisms of peripheral nerve tissue response to 

insertion and chronic implantation of polyimide-based intra-neural implant. (from Wurth et al., 

2017150) 

 

In particular, considering peripheral neural system interfaces they can be classified 

depending on nerve invasiveness as extraneural, interfascicular, intraneural, or regenerative. 

Extraneural interfaces such as cuff electrodes 151 are implanted around a peripheral nerve to 

stimulate or record large groups of axons at a time, thus resulting in poor selectivity, while 

interfascicular solutions tried to improve selectivity by means of perpendicular contacts that 

can provide electrical access to the different fascicles of the nerve152. Intraneural electrodes 

are implanted within a nerve; the intimate contact with different fascicles provides a lower 

threshold for axonal stimulation, the improvement of selectivity and a higher signal-to-noise 

ratio of recordings. In this case both longitudinal (LIFE 153) and transversal (TIME 154 and 

SELINE 139) solutions have been proposed. Regenerative interfaces are implanted in a 

sectioned nerve forced to grow through them.155 (See Figure 19). 
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Figure 19. Peripheral nerve interface classification in terms of their invasiveness vs selectivity. 

 

Despite a good compromise between selectivity and invasiveness, and a proper 

biocompatibility showed by TIME and LIFE interfaces, some problems remained. The SELINE 

interface, the target of the M2Neural project, was developed for this purpose. In fact 

movements of the limbs where the electrode is implanted can produce changes in the 

position of the active sites within the nerve, with a decrease in the signal-to-noise ratio of 

recorded signal when the distance between the electrode and the axons increases. For this 

reason a SELf-opening Intrafascicular NEural interface was designed. The innovative aspect 

of this neural interface is its three-dimensional geometry conferred to the electrode by 

means of polyimide plastic deformation: the electrode has a main body and two lateral 

"wings" on each side, provided with active sites. Each device has a total of ten active sites. 

The structure is inserted into the nerve and then gently pulled back, allowing the transversal 

opening of the wings. Thanks to this working principle, wings can open through the tissue 

and remain anchored to it. Furthermore, the three-dimensional geometry offers a second 
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dimension for contacting more axons from different sub-fascicles.139 See Figure 20 for 

SELINE structure. 

Recently the selectivity, stability, functionality, and biocompatibility of the SELINE polyimide-

based intra-neural implant have been tested.150 They were inserted into the sciatic nerve of 

28 healthy rats for durations of up to 6 months. SELINE electrodes exhibited remarkably 

stable responses to charge delivery that supported robust stimulation selectivity over 

extended periods of time, despite the development of an encapsulating layer around the 

implant, in particular during the first month after insertion. A tight relationship was found 

between the thickness of the encapsulating layer around the implant and the increases in 

stimulation thresholds and electrode impedance. The fibrotic network and sustained foreign 

body reaction triggered by the implant did not prevent regenerative sprouting of peripheral 

nerve axons, suggesting a potential for long-term clinical applications. The development of a 

multifunctional coating could enhance this already promising features. The procedure for 

the coating needs to be engineered and optimized with the aim of adapting it to the 

industrial production pipeline of the interface. 
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Figure 20. SELf-opening Intrafascicular NEural interface (SELINE) produced by SMANIA srl spin-off 

company. a)-d) different views of the peripheral nerve interface and its details as well as its 3D 

structures, namely the " wings". e) SELINE implanted in a rat sciatic nerve. (from Cutrone et al., 

2015139) 



63 

 

3. Stimulation of biological components 

to achieve targeted response 

Bio/non-bio interfaces can be exploited to promote/inhibit a specific body response, through 

a modulation of certain biological effects. This can be achieved by devising a proper 

stimulation. Such stimulation can be provided directly to the biological component by 

chemical or physical means (e.g. by functionalizing the material surface, by varying its 

stiffness, by providing ultrasound stimulation, etc.). It can be also provided indirectly, e.g. by 

means of externally triggered drug release systems. 

3.1 Direct stimulation 

This Section addresses the direct stimulation of biological components. In particular, in 

Section 3.1.1. the production and the in vitro characterization of soft coatings for polyimide 

substrate is presented. The coatings are based on zwitterionic hydrogels covalently attached 

to polyimide via a photolabile group. They show non-biofouling properties and low stiffness, 

approaching the one of nervous tissues. In this way a direct physical and chemical 

stimulation to cells is provided, in order to be exploited in the future as coatings for 

polyimide neural interfaces, with the aim to reduce foreign body reaction. Section 3.1.2 

focuses on the investigation of the bioeffects triggered on muscle cells by ultrasound 

stimulation. To this purpose, a tunable and repeatable ultrasonic stimulation system and an 

ultrasound-transparent cell culture well are described to provide a controlled and well 

known dose to the biological component. 
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3.1.1 Mechanical stiffness and surface chemistry 

Framework 

Implantable devices are gaining an increasing relevance in the biomedical engineering field. 

This is due to their high potential to restore the body functions after impairments and, 

geŶeƌallǇ, to iŵpƌoǀe the patieŶts͛ ƋualitǇ of life.156 To address these clinical goals, it is 

desirable to achieve a long-term functionality of implanted systems keeping them stable 

within the body environment and avoiding undesired biological processes. 

The implant long-term functionality is particularly important in the case of neural interfaces. 

As stated in Section 2.3, these systems are active implanted medical devices aimed at 

restoring a connection with the central and peripheral nervous system after pathological 

conditions, such as neuropathies, multiple sclerosis, amyotrophic lateral sclerosis or spinal 

cord injuries and limb amputations.135, 157 Exciting results have been recently achieved, 

which demonstrated the potential of this implantable technology.142-144 As mentioned, 

among the different options, polyimide (PI) has been identified as a promising candidate 

material for the development of advanced neural interfaces. Indeed, it is a biocompatible 

and flexible polymer featured by proper dielectric properties, thermal stability, resistance to 

solvents and strong adhesion to metals and metal oxides. Moreover, it can be easily 

patterned with lithographic and dry etching techniques and produced in the form of thin 

layers by spinning deposition.158-160 Different PI-based interface designs have been 

developed in the last years for selectively interfacing with the central nervous system for 

intracortical neural activity recordings,145, 146 cortical surface field potential recordings147 as 

well as for intraneural interfacing with peripheral nerves.139, 151, 153, 154 

Currently, a full medical and commercial exploitation of neural interfaces is hampered by a 

limited long-term implant stability. Intraneural implants are highly demanding since they 

provide an intimate contact with axons, and trigger foreign body response and molecular 

cascades related to chronic inflammation. This leads to the formation of a scar-like fibrotic 

tissue that engulfs and electrically insulates the neural interface, thus altering the recording 
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of nerve action potentials and stimulation thresholds.135, 150, 153 This process starts already 

with the injury produced by the invasive implantation procedure, which results in an acute 

inflammation and leucocytes accumulation at the site of injury. Afterwards, the 

inflammation becomes chronic, granulation tissue is produced by fibroblasts, and the foreign 

body reaction proceeds with the accumulation of giant cells and fibrosis.149, 161 

Several strategies have been proposed to overcome the foreign body and inflammatory 

reactions stimulated by implanted neural electrodes. In some cases the material surface was 

functionalized with the aim of improving tissue integration within the implant. To this 

purpose, adhesion molecules,162 specific peptides,163-165 and whole engineered proteins166 

have been proposed. Another strategy was based on the physical modification of the 

implant surface, e.g. by providing it with proper patterns.167-169 A further option was to 

suppress adverse local reactions by means of polymeric coatings exhibiting advanced 

features, such as controlled release of bioactive molecules and/or non-biofouling surface 

properties.35, 170-172 The undesired host response to implants is due not only to their surface 

chemical properties, but it is also determined by the mechanical mismatch between the 

implant and the surrounding tissue.136, 158, 173 The use of PI-based interfaces reduces this 

mismatch compared to silicon- and glass-based interfaces. Nevertheless, the PI Young's 

modulus of a few GPa is significantly higher than the Young's modulus of neural tissue, which 

ranges between 0.1 and 10 kPa.174 Moreover, it is known that the substrate stiffness 

influences the behavior of a wide variety of cells, including macrophages, which are directly 

and primarily involved in the body reaction to implants. Indeed, Blakney et al. demonstrated 

that macrophage activation is reduced on softer poly(ethylene glycol)-based hydrogels 

exhibiting the elastic modulus in the range from 130 to 840 kPa.175 Softer hydrogels also 

induced a lower expression level of genes involved in the production of inflammatory 

cytokines and showed a less severe foreign body reaction in vivo. Hydrogel-based coatings 

can thus be considered a promising solution to minimize the mechanical mismatch between 

implanted devices and tissues. These hydrogel coatings can be produced in a wide range of 

Young's moduli (even a few kPa)176 and made of polymers exhibiting non-biofouling 

properties. 
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Most of the polymeric layers proposed so far as neural interface coatings were based on 

poly(ethylene glycol) (PEG) and PEG-based copolymers utilizing the PEG non-biofouling 

properties.35, 138, 171, 177 However, the role of stiffness was not investigated in these studies. 

Spencer et al. recently reported PEG-based hydrogels with controllable elastic moduli as 

scarring-reducing coatings on neural probes.178 However, PEG is known to produce 

undesired effects in vivo, e.g. oxidative damage in biological fluids, bioaccumulation in cell 

lysosomes and generation of anti-PEG antibodies that may lead to a severe immune 

response.179-181 Therefore, the exploration of other types of non-biofouling polymers for a 

functional protective coating of neural electrodes represents an ongoing challenge. 

Zwitterionic polymers, including poly(carboxybetaines), poly(sulfobetaines) and 

poly(phosphobetaines), are non-toxic materials with a high hemocompatibility and ultralow 

non-specific protein and cell adhesion.182-184 The mechanism behind this behavior was 

ascribed to the formation of a hydration layer,185 which prevents hydrophobic interactions of 

proteins and lipidic membranes of cells with the polymer surface. It was recently 

demonstrated that surfaces decorated with zwitterionic molecules bind water molecules 

more strongly than PEG due to electrostatically induced hydration.186 Strategies for surface 

attachment of zwitterion-ďased ĐoŵpouŶds ĐaŶ ďe diǀided iŶto ͞gƌaftiŶg fƌoŵ͟ aŶd 

͞gƌaftiŶg to͟ ŵethods. IŶ the fiƌst Đase, ŵethaĐƌǇlates aŶd ŵethaĐƌǇlaŵides ĐoŶtaiŶiŶg 

zwitterionic moieties in a side chain are polymerized via surface-initiated controlled radical 

polymerizations.187 The ͞gƌaftiŶg to͟ ŵethod tǇpiĐallǇ iŶǀolǀes ĐheŵiĐallǇ iŶduĐed 

attachment of zwitterionic polymers, containing suitable chemical moieties, to the surface of 

other materials.188  

Recently, zwitterionic polymers bearing photoactivated groups were used for the 

preparation of covalently attached coatings via a photochemically controlled process. The 

overall benefits of a photochemical surface modification are (i) formation of a stable bond 

with hydrocarbon groups on various polymer substrates, (ii) simple manufacturing in dry 

state, and (iii) possibility of micropatterning. Photoreactive copolymers bearing zwitterionic 

phosphorylcholine and benzophenone units were used for modification of a commercial 

cyclic polyolefine.189 Similarly, photoreactive poly(sulfobetaines) and poly(carboxybetaines) 
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bearing photolabile arylazide groups were applied for modification of various polymeric 

substrates.188, 190-192 However, to the best of our knowledge, zwitterionic polymers have 

never been photochemically coupled with PI substrates in view of a future use in the domain 

of neural interfaces. 

Hence, zwitterionic hydrogel coatings of PI substrates are proposed in this Section. The 

hydrogels are based on poly(carboxybetaine methacrylamide) and the coatings are obtained 

through a photoactivated process enabled by a photolabile azidophenyl group. The aim is to 

exploite the non-biofouling properties of zwitterionic hydrogels and achieve loǁ YouŶg͛s 

modulus values in the range of the neural tissue. The hydrogel layers were characterized to 

ǀeƌifǇ the pƌeseŶĐe of hǇdƌogel attaĐhed to the PI suƌfaĐe, hǇdƌogel thiĐkŶess aŶd YouŶg͛s 

modulus. In vitro tests with fibroblasts and macrophages were carried out to evaluate the 

adhesion of these cells on the hydrogel-modified PI surfaces and to correlate these results 

with hydrogel stiffness. In addition, the coatings were tested for cytotoxicity and 

macrophages activation. Preliminary work has been done for engineering the hydrogel 

deposition methods in order to include it in the electrode production process and some 

insertion tests have been carried out to prove coating stability, thus contributing to create a 

strategy for PI based devices coatings, e.g. neural interfaces, and envisioning future 

applications of these materials in vivo.  

This work has been done in strict collaboration with the Department for Biomaterials 

Research of the Polymer Institute of the Slovak Academy of Sciences, in Bratislava (Slovakia). 

Thanks to their specialized skills in chemistry, polymer synthesis and characterization, and 

their deep knowledge on zwitterions, we were able to obtain the hydrogel coatings and a 

detailed chemical analysis.  
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Methods 

Materials 

N-[3-(dimethylamino)propyl]methacrylamide, ethyl bromoacetate, 4-azidoaniline 

hydrochloride, methacryloyl chloride, Ϯ,Ϯ͛-azobis(2-methylpropionamidine) dihydrochloride 

(AIBA), amberlite IRA 400 chloride, and Pluronic F-127 were purchased from Sigma Aldrich 

(Steinheim, Germany) and used as received. Sodium hydroxide, sodium carbonate, and 

dioxane were purchased from Lachema (Brno, Czech Republic). Acetone, ethanol, and 

dichloromethane were purchased from CentralChem (Slovakia) and distilled prior to use. 

Preparation of 2-{dimethyl[3-(2-methylprop-2-enamido)propyl]ammonio}acetate (M1) 

Monomer M1 was prepared by adapting the procedure described by Abraham and 

Unsworth193 (see Figure 21). N-(3-(dimethylamino)propyl)methacrylamide (5 g, 29 mmol) 

was diluted in 20 mL of acetone. Then ethyl bromoacetate (3.1 mL, 28 mmol) was added 

dropwise into the reaction mixture under an argon atmosphere. The reaction mixture was 

stirred overnight at room temperature. The white precipitate was filtered off, washed with 

acetone and dried under reduced pressure. The resulting white powder was dissolved in 

distilled water and applied onto a column filled with basic ionic exchange resin (Amberlite 

IRA 400) activated for 30 min with 1 M aq. NaOH. After ion exchange, the solvent was 

evaporated and the product was dried under reduced pressure. The resulting product was 

obtained as a colorless viscous compound with a yield of 7 g (~ 100%). For 1H NMR spectrum 

of M1, see Figure 22. 

1H NMR (400 MHz, D2O, δ, ppm): 1.79 (s, CH3-C=CH2, 3H), 1.88 (m, -CH2-, 2H), 3.07 (s, (CH3)2-

N+, 6H), 3.22 (t, NH-CH2-, 2H), 3.43-3.47 (m, -CH2-N+, 2H), 3.72 (s, N+-CH2-COO-, 2H), 5.33 (s, 

CH2=, 1H), 5.59 (s, CH2=, 1H). 

 

Figure 21. Synthesis of 2-{dimethyl[3-(2-methylprop-2-enamido)propyl]ammonio}acetate (M1). 
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Figure 22. 1H NMR spectrum of 2-{dimethyl[3-(2-methylprop-2 enamido)propyl]ammonio}acetate 

(M1). 

 

Preparation of N-(4-azidophenyl)-2-methylprop-2-enamide (M2) 

Monomer M2 was prepared according to the procedure described by Ito et al (see Figure 

23).194 Azidoaniline hydrochloride (501 mg, 2.9 mmol) was dissolved in 60 mL distilled water 

containing sodium carbonate (933 mg, 8.8 mmol), and cooled down to 4 °C by using an ice 

bath. Then, methacryloyl chloride (492 L, 5.0 mmol) in 10 mL of dioxane was added 

dropwise and the reaction mixture was stirred for 3 h in dark. The obtained precipitate was 

filtered off, washed with distilled water and dried under reduced pressure. The resulting 

product was obtained as a grey powder with a yield of 0.64 g (~ 100%). For 1H NMR 

spectrum of M2, see Figure 24. 

1H NMR (400 MHz, CDCl3, δ, ppm): 2.05 (s, 3H, CH3), 5.45 (s, 1H, =CH2), 5.77 (s, 1H, =CH2), 

6.97-6.99 (dd, 2H, NH-Ar-H), 7.53-7.56 (dd, 2H, N3-Ar-H). 

 

Figure 23. Synthesis of N-(4-azidophenyl)-2-methylprop-2-enamide (M2). 
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Figure 24. 1H NMR spectrum of N-(4-azidophenyl)-2-methylprop-2-enamide (M2). 

 

Copolymerization of M1 and M2 

For the preparation of copolymers, two feeding molar ratios of M1/M2 were selected, 

namely 97.8/2.2 (copolymer C1) and 96.6/3.4 (copolymer C2). C1 was prepared as follows: 

M1 (320 mg, 1.4 mmol) was first dissolved in 3 mL of water/ethanol mixture (1:1 v/v), then 

M2 (6.2 mg, 0.031 mmol) and AIBA (8.2 mg, 0.03 mmol) were added. Three freeze-pump-

thaw cycles were applied and the reaction flask was filled with argon. The reaction mixture 

was stirred for 4 h at 60 °C in dark. After cooling down, the reaction mixture was dialyzed 

against a water/ethanol mixture (1:1 v:v, 3x) and distilled water (2x) using a Spectra/Por® 

dialyzing tubing (MWCO 3.5 kDa, Spectrum Laboratories, Inc., CA, USA). After freeze-drying, 

195 mg (yield 60%) of white powder were obtained. C2 was prepared with a similar 

procedure in a yield of 287 mg (yield 71%). The dialysis steps as well as all subsequent 

manipulation with copolymers C1 and C2 in either powder or solution forms were performed 

in dark.  

1H NMR (400 MHz, D2O, δ, ppm): 3.76 (s, N+-CH2-COO-, 2H), 3.50 (m, -CH2-N+, 2H), 3.10 (m, 

(CH3)2N+ and NH-CH2-, 8H), 1.85 (s, -CH2-, 2H), 0.97-0.84 (m, CH3, 3H). 
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Preparation of polyimide covered silicon wafers and round glass coverslips 

Two different types of PI plates were prepared on different substrates, namely (i) round 

glass coverslips (diameter: 6 mm), and (ii) square silicon (Si) wafers (2 x 2 cm2). Si wafers are 

typically used as substrate for the preparation of PI based neural interfaces, by lithographic 

and dry etching techniques, while for in vitro experiments glass coverslips were identified as 

a more appropriate solution, so not to provide undesired biological response and to have 

rather transparent substrates. Anyhow, on both substrate types a uniform PI layer was 

achieved. For (i), a layer of PI resin (PI2610, HD Microsystems, Germany) was spun at 10,000 

rpm for 30 s onto the polished glass coverslips. Samples were then cured at 130 °C for 120 s 

and subsequently hard baked in oven with nitrogen flux at 350 °C for 1 h (Carbolite, UK). 

Finally, PI samples were washed twice with a liquid detergent (RBS 35 Concentrate, Belgium) 

in order to eliminate contaminants and dust. For (ii), Si wafers (Si-Mat, Germany) were cut 

into square samples (2 x 2 cm2) by using a diamond tip. Samples were cleaned in acetone for 

10 min, rinsed with deionized water, cleaned with isopropanol for 10 min, and dried. Two 

layers of PI resin were subsequently spin-coated at 2,000 rpm for 30 s. Samples were cured 

at 130 °C for 120 s and hard baked in oven with nitrogen flux at 350 °C for 1 h. 

Deposition of copolymers C1 and C2 onto polyimide plates 

Both types of PI plates were coated with the C1 and C2 copolymers. PI plates were first 

washed in distilled water (3 min), ethanol (3 min), and dichloromethane (10 min) and 

subsequently dried at room temperature and atmospheric pressure. Dry plates were then 

uniformly covered with an aqueous solution of Pluronic F-127 (average molecular weight 

12.6 kDa) with a concentration of 0.1 and 0.5 wt.%, respectively, using the solution volumes 

of 20 µL, in the case of (i) plates, and 283 µL, in the case of (ii) plates. Plates were dried 

overnight at room temperature and atmospheric pressure. Aqueous solutions of C1 and C2 

with a concentration of 0.5 and 1.0 wt.%, respectively, were subsequently pipetted and 

homogeneously spread on the plate surface (20 µL in the case of (i) plates and 283 µL in the 

case of (ii) plates) to create a uniform layer of a copolymer solution. Plates were dried 

overnight at room temperature and atmospheric pressure in dark. Then they were irradiated 

by UV light for 20 min (UV Black Ray B100-A, 100 Watt, 365 nm, distance 5 cm) with a light 
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intensity of 20-24 mW/cm2. After irradiation, the samples were washed in distilled water for 

5 min and dried overnight at room temperature and atmospheric pressure prior to 

characterization. The procedure used for formation of zwitterionic hydrogel layers attached 

to PI surfaces is illustrated in Figure 25. The long-term storage conditions were room 

temperature and protection from dust and light. 

The experimental conditions used for hydrogel fabrication, such as distance between the UV 

lamp and the surface, irradiation time, copolymer concentration and concentration of 

surfactant, were optimized to obtain hydrogel layers stably bound to the surface. Based on 

these data, we selected the irradiation conditions, which were kept constant for all 

experiments. Additionally, we selected combinations of two copolymer types differing in the 

content of 4-azidophenyl group, two different copolymer concentrations and two different 

surfactant concentrations, which all were expected to affect the thickness and mechanical 

properties of resulting hydrogel layers. In summary, six different protocols for fabricating 

polyzwitterionic hydrogel layers covalently attached to the PI plates were selected using the 

experimental conditions listed in Table 3 The hydrogel layers formed at the surface of PI 

plates were characterized by attenuated total reflectance Fourier-transform infrared 

spectroscopy, white light interferometry, confocal laser scanning microscopy, water contact 

angle measurements, and nanoindentation (details given below). 
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Figure 25. Procedure for covalent modification of PI plates by zwitterionic hydrogel layer: 1.) 

cleaning (in distilled water for 3 min, in ethanol for 3 min, and in dichloromethane for 10 min); 2.) 

deposition of the surfactant solution; 3.) deposition of the copolymer solution; 4.) irradiation step; 

5.) cleaning (in distilled water for 5 min); 6.) characterization. 

 

Nuclear magnetic resonance spectroscopy 

Nuclear magnetic resonance spectroscopy (NMR) measurements were used to characterize 

the structure of monomers and copolymers. 1H NMR spectra were measured at room 

temperature in deuterated solvents (D2O, CDCl3) using a Varian 400-MR spectrometer 

(Varian, USA) and tetramethylsilane (TMS) as an internal standard. 

Attenuated total reflectance Fourier-transform infrared spectroscopy 

Attenuated total reflectance Fourier-transform infrared spectroscopy (ATR-FTIR) spectra of 

monomers, copolymers and hydrogel layers deposited on (ii) were measured by means of a 

Nicolet 8700 FT-IR spectrometer (Thermo Scientific, USA) equipped with a Nicolet 

Continuum Microscope and a germanium ATR crystal. Spectra were collected with a 

resolution of 4 cm-1 using 128 scans. A software Omnic 8 (Thermo Scientific, USA) was used 

for spectra evaluation.  
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UV/Vis absorbance spectroscopy 

UV/Vis absorbance spectroscopy was used to determine the amount of M2 (N-(4-

azidophenyl)-2-methylprop-2-enamide) in C1 and C2 copolymers using a Shimadzu 1650 PC 

spectrometer (Kyoto, Japan). A calibration curve was prepared from UV/Vis data for 

monomer M2 dissolved in distilled water at the concentrations ranging from 0.01563 to 

0.00125 g·L-1 (6.2 x 10-6 to 7.7 x 10-5 mol·L-1) and plotting the absorbance maxima at 273 nm 

against concentration (Figure 26). Then the absorption spectra of C1 and C2 copolymers in 1 

g·L-1 aqueous solutions were measured and molar content of M2 (cM2) in copolymers was 

calculated from the following equation: 

ܿ𝑀ଶ ;ŵol%Ϳ = ௡𝑀మ௡𝑀మ+ ௡𝑀భ ∙ϭϬϬ =
𝐴మ7య

𝐴మ7య


+భ−𝐴మ7య
 ∗𝑀𝑀మ𝑀𝑀భ

 ∙ϭϬϬ  

where A273 is the absorbance at 273 nm, MM1 and MM2 are the molar masses of the 

corresponding monomers (MM1 = 228.29 g·mol-1, MM2 = 202.21 g·mol-1), nM1 and nM2 are the 

molar fractions of monomers and  is the extinction coefficient of monomer M2 (equivalent 

to 4-azidophenyl group), equal to 10 680 L·mol-1·cm-1. 

 

Figure 26. Calibration curve for absorbance of azide monomer M2 at 273 nm as a function of 

concentration. 
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Water contact angle  

The hydrogel water contact angle was measured using the sessile drop technique with a 

Surface Energy Evaluation system (SEE system with CCD camera, Advex Instruments, Czech 

Republic). Dried hydrogel surfaces were wetted with a 3 L water drop. For each sample, six 

independent measurements were performed. 

White light interferometry (WLI) 

Topography, surface roughness and thickness of hydrogel layers deposited on (ii) in their dry 

state were assessed by white light interferometry (WLI). A GT-K1 interferometer (Bruker, 

USA) in vertical scanning interferometry mode, using a broad-band white light source, was 

employed. Data were acquired and evaluated using a dedicated control and an analysis 

software package, Vision 64. The topography was analyzed at the sample center, in order to 

capture the topography of a continuous hydrogel layer, and at the edge, in order to capture 

the topography of the layer and the PI substrate simultaneously. The surface area of 

approximately 4.5 x 3.5 µm2 was assessed for seven different positions of each hydrogel. A 

dry hydrogel layer thickness was determined from controllably scratched layers in a swollen 

state (in distilled water) using a scalpel to remove hydrogel and uncover the PI substrate. 

Subsequently, the samples were washed with distilled water and dried for 24 h at room 

temperature and atmospheric pressure prior to the WLI analysis (see Figure 27 for a 

depiction of the procedure). The reported thickness values represent the average of six 

independent measurements made for each hydrogel type.  
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Figure 27. Determination of hydrogel layer thickness in a dry state using a WLI method: a) 

Illustration of manual scratching of the hydrogel layer in a swollen state by a scalpel. b) Evaluation 

of the hydrogel thickness as a difference between hydrogel surface and PI plate surface based on 

the WLI 2D scan. The green arrow is positioned at the layer surface while the red arrow is 

positioned at the bare PI plate level. The left bottom image shows the line scan through these two 

regions of the sample. 

 

Confocal laser scanning microscopy 

Confocal laser scanning microscopy (CLSM) in reflection and fluorescence modes was used 

to determine the thickness of hydrogels deposited on (ii) in a swollen state. A LSM 510 META 

scanning confocal microscope head on Axiovert 200M inverted microscope (Zeiss, Germany) 

was used with a 488 nm line of Ar ion laser for sample excitation. Fluorescence emission was 

detected through a 500-550 nm bandpass emission filter, the reflected laser light was 

detected through a 435-485 nm bandpass filter and both channels were featured by a 

pinhole setting of 1 Airy unit. Samples for CLSM measurements were prepared by careful 

peeling off the PI layer with deposited hydrogel coating from the wafer surface. These 

samples were placed on a microscope glass coverslip; a glass spacer was put around the 

samples to provide a chamber. Then the chamber was closed with another glass coverslip. 

Before closing, the chamber was filled with a solution of immunoglobulins G (IgG) labelled 

with Alexa Fluor® 488 (goat anti-human IgG, ThermoFisher Scientific, USA) in PBS 

(concentration of 0.5 mg/mL) for 10 min prior to a measurement. All measurements were 

done at room temperature. Images were obtained by scanning in the transversal XZ plane 
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with a 16x line-averaging protocol using either PlanApochromat 20x/0.75 or C-Apochromat 

40x/1.2W Corr objectives. This method was used to visualize the swollen hydrogel, 

overcoming the influence of strong fluorescence emission of the PI layer. In fact the labeled 

IgG did not significantly penetrate inside the hydrogel volume within the time-scale of CLSM 

analysis, and the hydrogel layer was seen as a dark object well-visible between the 

fluorescent IgG solution and the fluorescent PI layer. Please refer to Figure 28 for the 

process. At least five independent images were acquired, with a total number of 15 

measured height values determined for each hydrogel type, and averaged. 

 

 

Figure 28. Determination of the thickness of hydrogel layers swollen in PBS by CLSM. a) Schematic 

illustration of experiment arrangement for CLSM measurement: 1. Glass coverslip, 2. Solution of 

Alexa 488-labeled IgG in PBS (c = 0.5 mg/mL), 3. PI layer, 4. Hydrogel layer, 5. Glass spacer, b) 

comparison of fluorescence spectra of PI layer and solution of Alexa 488-labeled IgG in PBS. 

 

Nanoindentation via atomic force microscopy 

Atomic force microscopy (AFM) in force spectroscopy mode195, 196 was carried out by a 

collegue from the Department of Physics of University of Genova to determine the Young's 

modulus of hydrogels deposited on (ii) by using a Nanowizard III (JPK Instruments, Germany) 

set-up. A Si nitride cantilever (DNP, Bruker, USA) with a nominal spring constant of 0.24 N·m-

1 was used. The tip shape was pyramidal and the nominal radius at the tip apex was 20 nm. 

The actual spring constant of each cantilever was determined by using the in situ thermal 
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noise method.197 All measurements were performed in a liquid environment (PBS, Sigma-

Aldrich, USA) at room temperature. The maximum force applied on the samples was 2 nN. 

The velocity of the piezo-scanner was maintained constant at ϯ ʅŵ∙s-1. Force curves were 

corrected for the cantilever bending198 to calculate the tip-sample separation and to build 

force vs indentation (F-IͿ Đuƌǀes. The YouŶg͛s ŵodulus of the saŵple ǁas ĐalĐulated ďǇ 

fitting the corresponding F-I curves with the Bilodeau model for a pyramidal indenter.199 A 

proper fitting of the F-I curves was performed by means of a dedicated data processing 

software provided by JPK Instruments. Five independent samples were analyzed for each 

hydrogel type and each sample was indented at least in 50 different points, randomly 

selected over the entire surface area. 

Cell cultures and in vitro characterization: Fibroblast culture, adhesion and cytotoxicity 

tests 

Normal human dermal fibroblasts, nHDFs (Cat. # CC-2511, Lonza, Basel, Switzerland) were 

cultured using a complete growth medium composed of high-gluĐose DulďeĐĐo͛s Modified 

Eagle͛s Mediuŵ ;DMEM, GiďĐo™ - Thermo Fisher Scientific, Waltham, Massachusetts, USA) 

with phenol-ƌed suppleŵeŶted ǁith Fetal BoǀiŶe Seƌuŵ ;FBS, GiďĐo™-Thermo Fisher 

Scientific, Waltham, Massachusetts, USA) to a final concentration of 10%, and with 

PeŶiĐilliŶ/StƌeptoŵǇĐiŶ ;PEN/STREP, GiďĐo™-Thermo Fisher Scientific, Waltham, 

Massachusetts, USA) to a final concentration of 1%. 

For adhesion tests, round glass coverslips (6 mm diameter) covered with PI (i) (control 

samples) and with PI further coated with selected zwitterionic hydrogels were used. Briefly, 

the samples were placed in 48-well plates, washed once with PBS and then incubated for 1 h 

in PBS, in order to let hydrogels swell. Then, samples were washed again with PBS 

supplemented with PEN/STREP (1%) and conditioned with the complete growth medium for 

5 h. nHDFs were then seeded on the samples at a density of 15,000 cells/cm2 and cultured 

for 24 h. To evaluate cell adhesion on the different substrates, cells were stained for nuclei 

ǁith HoeĐhst ϯϯϯϰϮ ;MoleĐulaƌ Pƌoďes™-Thermo Fisher Scientific, Waltham, Massachusetts, 

USA). Hoechst 33342 was diluted to a fiŶal ĐoŶĐeŶtƌatioŶ of ϭϬ ʅg∙mL-1 in Dulbecco's PBS 

;DPBS, GiďĐo™-Thermo Fisher Scientific, Waltham, Massachusetts, USA), added to cells and 
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kept for 5 min at room temperature. Glass plates were then turned upside down to bypass PI 

autofluorescence and imaged by means of a UV/Vis microscope (ECLIPSE Ti-E, Nikon 

Corporation, Minato-ku, Tokyo, Japan). Images of the blue channel (stained nuclei, bandpass 

filter value equal to 461 nm) were acquired at 10x magnification and the number of nuclei 

per image was quantified through the ImageJ® software (National Institutes of Health, 

Bethesda, Maryland, USA; available at https://imagej.nih.gov/ij/). Three independent plates 

were analyzed for each sample type, including the control, to quantitatively evaluate cell 

adhesion. Three images on different areas were acquired for each sample.  

Whole cell morphology was also qualitatively assessed. To this purpose, at the same time-

point (24 h) cells were fixed with a paraformaldehyde (Sigma Aldrich® Corporation, St. Louis, 

Missouri, USA) solution in PBS (4% w/v) for 15 min, then permeabilized with 0.1% Triton X-

100 (Sigma Aldrich® Corporation, St. Louis, Missouri, USA) in PBS for 15 min and finally co-

stained for 15 min for actin fibers with tetramethylrhodamine B isothiocyanate labeled 

Phalloidin (Sigma Aldrich® Corporation, St. Louis, Missouri, USA) as well as for nuclei with 

Hoechst (as described above). Fluorescence images (blue and red channels, bandpass filter 

values equal to 461 and 570 nm) were acquired at 10x magnification. 

For cytotoxicity tests, a Pierce LDH Cytotoxicity Assay kit (Thermo Fisher Scientific, Waltham, 

Massachusetts, USA) was used. Lactate dehydrogenase (LDH) is a cytosolic enzyme that is 

released in the cell culture medium after the cell plasma membrane is damaged. LDH can be 

quantified spectrophotometrically by means of a coupled enzymatic reaction that leads to 

the formation of red insoluble formazan, which is directly proportional to the amount of LDH 

released. To perform this experiment, round glass coverslips (6 mm diameter) covered with 

PI (i) (control samples) and with PI further coated with selected zwitterionic hydrogels were 

placed into 96-well plates, pretreated with PBS and complete growth medium as described 

above. nHDFs were then seeded at a density of 25,000 cells/cm2 (200 µL of cells suspension 

in complete growth medium, without phenol red that would interfere with the 

measurements, per each well) both on covered round glass coverslips (3 coverslips per 

sample type) to assess substrate-induced LDH activity, and on polystyrene wells to assess 

spontaneous and maximum LDH activity (3 wells per type). Cells were cultured for 24 h, then 
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tƌeated aĐĐoƌdiŶg to the LDH kit ŵaŶufaĐtuƌeƌ͛s iŶstƌuĐtioŶs pƌoperly adapted to the 

samples. Absorbance at 490 nm (related to LDH amount) was measured (3 replicates for 

each sample) with a plate reader (Victor X3, Perkin Elmer, Waltham, Massachusetts, USA). 

Background was removed and the cytotoxicity was computed for each hydrogel and for PI 

as:  

ݕݐ݅ܿ݅ݔ݋ݐ݋ݐݕܥ % = ݕݐ݅ݒ݅ݐܿܽ ܪܦ𝐿 ݀݁ܿݑ݀݊݅ ݁ݐܽݎݐݏܾݑݏ  − ݕݐ݅ݒ݅ݐܿܽ ܪܦ𝐿 ݉ݑ݉݅ݔܽ݉ݕݐ݅ݒ݅ݐܿܽ ܪܦ𝐿 ݏݑ݋݁݊ܽݐ݊݋݌ݏ − ݕݐ݅ݒ݅ݐܿܽ ܪܦ𝐿 ݏݑ݋݁݊ܽݐ݊݋݌ݏ  

 

Cell cultures and in vitro characterization: Macrophage culture, adhesion and activation 

tests 

The murine RAW 264.7 macrophage cell line (ATCC® TIB-ϳϭ™, ATCC®, Manassas, Virginia, 

USA) was cultured in the same complete growth medium used for nHDFs.  

For adhesion tests, round glass coverslips covered with PI (i) (control samples) and with PI 

coated with selected zwitterionic hydrogels were placed in 48-well plates and pretreated 

similarly to fibroblasts (see above). RAW 264.7 cells were then seeded at a density of 30,000 

cells/cm2 and cultured for 24 h. The cell nuclei were stained with Hoechst 33342 and 

imaged, similarly to nHDFs. Three independent plates were analyzed for each sample type, 

including the control, and three images were acquired for each sample on different areas.  

Similarly to nHDFs, qualitative cell imaging was also performed through 

tetramethylrhodamine B isothiocyanate labeled Phalloidin and Hoechst. In order to compare 

macrophage morphology changes due to activation, the same cell density was seeded on 

polystyrene wells and left to attach for 4 h. Then, lipopolysaccharide (LPS) from Escherichia 

coli 055:B5 (Sigma Aldrich® Corporation, St. Louis, Missouri, USA) was added to a 

ĐoŶĐeŶtƌatioŶ of ϭ ʅg∙mL-1 and incubated for 24 h, to provide a positive control for 

activation. Then, cells underwent fixation, permeabilization and staining as described above. 

Macrophage activation was evaluated through the assessment of nitric oxide production. 

Nitrite (NO2-), a stable breakdown product of NO, was measured by means of a Griess 

Reagent system (Promega Corporation, Madison, Wisconsin, USA). Round glass coverslips (6 
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mm diameter) covered with PI (i) (control samples) and with PI further coated with selected 

zwitterionic hydrogels were placed in 96-well plates and pretreated as described above. 

RAW 264.7 were seeded at a density of 80,000 cells/cm2 (150 µL of cells suspension in a 

complete growth medium without phenol red per each well) both on samples and on bare 

polystyrene. The latter samples were used as positive controls to assess nitrite release from 

activated macrophages: the cells were cultured for 4 h, then 50 µL of complete growth 

medium supplemented with LPS to a fiŶal ĐoŶĐeŶtƌatioŶ of ϭ ʅg∙mL-1 were added to induce 

macrophage activation, while all other PI samples were only provided with complete growth 

medium in order to compensate for volume increase. Cells were exposed to the different 

substrates or to LPS for 24 h, then the Griess assay was performed, according to the 

ŵaŶufaĐtuƌeƌ͛s iŶstƌuĐtioŶs. The aďsoƌďaŶĐe at ϱϲϬ Ŷŵ foƌ eaĐh saŵple ǁas ŵeasuƌed ǁith 

a plate reader (Victor X3, Perkin Elmer, Waltham, Massachusetts, USA). Three independent 

samples were analyzed for each sample type and three absorbance reading replicates were 

measured for each sample. 

Data analyses 

Data underwent a non-parametric statistical analysis using a Kruskal-Wallis post-hoc test and 

a Dunn's multiple comparison test in order to evaluate significant differences among the 

samples. Results were considered statistically different for p-ǀalues ≤ Ϭ.05. 

Preliminary optimization of electrodes coverage and ex vivo insertion tests 

After the achievement of a zwitterionic hydrogel based PI coating with the young modulus in 

the range of neural tissue one, and after having understood their in vitro response, we 

started to optimize the hydrogel integration in the electrodes production process. Several 

drawbacks were found, since the hydrogel layer must be deposited on top of the electrodes 

which are fabricated by lithography technique, and be patterned prior to their peel off from 

Si wafers. For these reasons the photolabile azidophenyl group content in the 

poly(carboxybetaine methacrylamide) was modified (3.3 mol.%) and optimized as well as the 

coating deposition method in order to be included in the production process of thin film PI 

intraneural interfaces. This work has just started and is in progress. A water solution of 

Pluronic F-127 0.5 wt.% and NaCl 0.3 M was used to dissolve the modified zwitterionic 
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copolymer to a concentration of 8 wt%. This solution was spin-coated at 1000 rpm for 40 s 

on the electrodes prior to their peel off from the silicon wafer and then irradiated for 180 s 

with a UV mask aligner (Karl Suss, Germany). The coated interfaces were stained with a red 

liquid food dye (E122). This dye was able to penetrate into the hydrogel without colouring 

the PI interface and was used to check for coating integrity. Then the coated intraneural 

interface was inserted in dry state in both calf and pig sciatic nerve. After insertion the 

coating was washed with PBS in order to remove possible residues of the tissues and then 

again immersed in the liquid dye to prove the coating stability during the insertion 

procedure. Both manually insertion in calf nerve and controlled insertion in pig nerve were 

performed. In particular the second one was done thanks to a mechanical testing 

equipment, namely Instron 4464 (Instron, Norwood, Massachusetts, USA), that allowed for a 

controlled insertion velocity of 15 mm/min. Six different electrode were tested with this 

procedure. 
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Results and discussion  

Preparation and photoimmobilization of zwitterionic copolymers 

Two photoreactive zwitterionic copolymers C1 and C2, differing in the content of photolabile 

4-azidophenyl groups, were prepared by the radical copolymerization of 2-{dimethyl[3-(2-

methylprop-2-enamido)propyl]ammonio}acetate (M1) with N-(4-azidophenyl)-2-

methylprop-2-enamide (M2) bearing photoreactive 4-azidophenyl unit (Figure 29). The 

chemical structure of monomers and copolymers was determined by NMR and ATR-FTIR 

spectroscopies. The presence of small broad signals in the range from 7 to 7.5 ppm in 1H 

NMR spectrum revealed the presence of 4-azidophenyl group in the structure of both 

copolymers (Figure 30 and Figure 31). 

 

Figure 29. Scheme of the synthesis of zwitterionic copolymers C1 and C2 containing photolabile 4-

azidophenyl groups.  
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Figure 30. 1H NMR spectrum of copolymer C1. 

 

 

Figure 31. 1H NMR spectrum of copolymer C2. 

 

In the ATR-FTIR spectra of C1 and C2, a small vibration band of the azide group was observed 

at 2119 cm-1 (Figure 32). Asymmetric and symmetric stretching vibrations of carboxylate 

group of zwitterionic unit were present at 1630 and 1380 cm-1. Vibration bands connected to 

N-H bond of zwitterionic unit were also visible at 1529 and 1483 cm-1. All signals were in 

aĐĐoƌdaŶĐe ǁith ƌesults puďlished ƌeĐeŶtlǇ ďǇ Soďolčiak et al.192 
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Figure 32. ATR-FTIR spectra of C1 and C2 copolymers in the region from 2200 to 600 cm-1. 

 

Molar percentages of 4-azidophenyl groups in copolymers C1 and C2 of 1.6 and 3.1 mol.%, 

respectively, were calculated from UV/Vis absorbance spectra of copolymers in water using 

the calibration curve for M2 (Figure 26). These values were slightly lower compared to 

feeding M2 comonomer content equal to 2.2 and 3.4 mol.% for C1 and C2, respectively, 

probably due to an incomplete conversion and a minor compositional drift in favor to 

consumption of M1 comonomer. 

Characterization of PI plates modified by polyzwitterionic layers 

The aim of this study was to identify the conditions for a covalent attachment of soft 

zwitterionic hydrogel layers (with a thickness in the micrometer range) to the PI surface. In 

order to achieve this goal, we adapted principles that employ a photoactivated attachment 

of zwitterionic polymers via a C-H insertion reaction using 4-azidophenyl groups.188, 192 The 

characterization of polyzwitterionic hydrogel layers on PI substrates included surface 

chemical analysis and measurement of wettability, thickness, surface roughness and 

mechanical properties. These data are summarized in Table 3, together with the conditions 

used for fabricating the six representative hydrogel types (H1 - H6).     

                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                                 



 

 

 

 

Table 3. Preparation conditions and properties of zwitterionic hydrogel coatings covalently attached to PI substrates. Water contact angles, dry 

(hdry) and wet (hwet) thickness, surface roughness (RaͿ iŶ a dƌǇ state, aŶd YouŶg’s ŵoduli aƌe eǆpƌessed as the ŵean value ± standard deviation. 

a) the measured water contact angle for PI plate was 75 
b) determined by white light interferometry for dried hydrogels 
c) hdry theoretical values are 3.5 and 7.0 m for coatings using 0.5 and 1.0 wt.% of copolymer, respectively, assuming Pluronic F-127 does not take 

part in the layer formation and the copolymer density is 1 g·cm-3 

d) determined by confocal laser scanning microscopy for wet hydrogels in PBS 
e) determined by AFM nanoindentation for wet hydrogels in PBS 

  
 

 
     

Sample 

M2 in 

copolymer

[mol.%] 

Copolymer

[wt.%] 

Pluronic  

F-127 

[wt.%] 

Contact 

angle a) 

[°] 

hdry
b,c) 

[m] Ra
b) [m] 

hwet
d) 

[m] 

YouŶg’s 
moduluse) 

[kPa] 

H1 1.6 1.0 (C1) 0.1 59  3 5.1  0.3 0.16 ± 0.06 13 ± 2 2.7  0.2 

H2 
 

1.0 (C1) 0.5 66  9 6.4  0.4 0.10 ± 0.03 32 ± 5 2.0  0.2 

H3 3.1 0.5 (C2) 0.1 33  6 4.6  0.6 0.13 ± 0.05 28 ± 6 12  3 

H4  1.0 (C2) 0.1 45  4 5.2  0.2 0.30 ± 0.10 24 ± 6 15  2 

H5  0.5 (C2) 0.5 34  6 4.8  0.9 0.14 ± 0.02 14 ± 3 5.2  0.8 

H6  1.0 (C2) 0.5 39 4 3.1  0.4 0.12 ± 0.05 24 ± 4 19  4 
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In the absence of alternative surface analytical techniques such as X-ray photoelectron 

spectroscopy, the modification of PI substrates by hydrogel layers was characterized by ATR-

FTIR, shown in Figure 33, using non-modified PI substrate and C1 and C2 copolymers as 

controls. In agreement with previously published data,200 the spectrum of non-modified PI 

consists of peaks, which can be assigned to the asymmetric stretching vibration of C=O 

group at 1773 cm-1, the symmetric stretching vibration of C=O group at 1708 cm-1, C-N 

stretching vibration at 1352 cm-1 and imide five-ring deformation vibration at 734 cm-1 

(Figure 34a). 

The PI and copolymer vibration peaks in the ATR-FTIR spectra of hydrogel layer-coated PI 

plates were present at different intensities depending on the sample type (Figure 33). The 

layers prepared of lower 0.5 wt.% copolymer concentration (H3 and H5, Figure 33b) showed 

a significant presence of PI vibrations in the spectra compared to the layers prepared of 1.0 

wt.% copolymer concentration. This observation did not correlate with the WLI analysis. In 

fact this analysis shows, in Figure 35, a complete coverage of PI plates with an hydrogel 

thickness, hdry, in the range from 3 to 6 µm (Table 3). Considering that the ATR-FTIR has a 

penetration depth of the infrared beam of approximately 1 µm for Ge crystal201, we propose 

that the presence of the PI in the FTIR spectra was rather due to the use of ATR mode for 

these very soft hydrogel layers, featured by a thickness of few micrometers. During the 

analysis, the hydrogel layers were likely compressed by the ATR crystal towards the hard 

substrate (PI on silicon wafer, (ii)) resulting in an analytical thickness that was within the 

infrared beam penetration depth. 
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Figure 33. ATR-FTIR spectra of a) H1 and H2 hydrogel layers compared to PI surface and copolymer 

C1 and b) H3-H6 hydrogel layers compared to PI surface and copolymer C2, in a wavenumber 

region from 2200 to 600 cm-1. Dashed lines depict the characteristic bands for PI, copolymers and 

Pluronic F-127. 
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Figure 34. ATR-FTIR spectrum of a) non-modified polyimide and b) Pluronic F-127 in the region 

from 2200 to 600 cm-1. 

 

As stated before, Figure 35 shows the WLI images for hydrogel layers in their centers, 

verifying a complete PI surface coverage and a high degree of layer smoothness, which was 

quantitatively expressed by the surface roughness values, Ra, ranged from 0.1 to 0.3 µm 

(Table 3). Figure 35 also reveals the images of the plate edges to visualize the situation for 

imperfect PI surface coverage that is in contrast to complete coverage of the sample central 
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areas. The Ra values resulted less than 10% of the thickness values for the dry layers, 

determined as the height difference between the surface of hydrogel and the PI surface 

obtained after careful removal of the hydrogel layers by a scalpel, in a swollen state. 

Overall, the ATR-FTIR and WLI data show that the PI vibration peaks in the ATR-FTIR spectra 

displayed in Figure 33 could not result from a non-coated PI surface or from the extensive 

surface roughness, but rather due to the aforementioned compression of the soft hydrogel 

layer during ATR-FTIR measures.  

The ATR-FTIR spectra for all hydrogel layers in Figure 33 highlighted also the position of the 

high intensity C-O stretching vibration at 1102 cm-1 for Pluronic F-127 (the individual ATR-

FTIR spectra for Pluronic F-127 are shown in Figure 34b). Pluronic F-127 was used as a 

surfactant during the hydrogel fabrication, for wetting the PI hydrophobic surface prior to 

deposition of the copolymer solution. Its presence in the hydrogel layer was assumed since 

the C-H insertion reaction may proceed also with the alkyleneoxy units of Pluronic F-127 

molecule. The Pluronic F-127 concentration is in the range of copolymer concentration (0.1 

and 0.5 wt.%, Table 3); therefore, its high intensity vibration at around 1100 cm-1 was 

expected to be detected. However, this was not the case (Figure 33) and it is not trivial to 

understand whether this behavior corresponds with a negligible incorporation of this 

surfactant into the hydrogel layer followed by its gradual washing from the hydrogel, or with 

the overlap of PI and Pluronic F-127 bands in this region of FTIR spectra. The high 

hydrophobicity of PI surface required as the key factor using of a surfactant (Pluronic F-127 

in our case) in order to achieve uniform wetting of the PI surface for deposition of the 

copolymer solution. We selected this surfactant in order to avoid any toxic effect on cells in 

case that it would contribute to the composition of the hydrogel layer. In fact, Pluronic F127 

has been approved by Food and Drug Administration202, 203 for use as food additives and 

pharmaceutical ingredients. Future work will be done in order to better understand the 

structure of the hydrogel, for example by using Confocal Raman microscopy. 
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Figure 35. White light interferometry visualization of hydrogel coatings on a PI substrate in the 

sample center and edge, respectively, for selected samples H1-H2 (made of the copolymer C1), H3-

H6 (made of the copolymer C2). The main preparation conditions of hydrogels are given in Table 3. 

 



92 

 

The hydrogel layer deposited on PI substrates modified the surface wettability. The contact 

angle determined for a non-modified PI plate was 75°, a value close to the one reported in 

the literature (72°).66 The coating of PI plates by zwitterionic hydrogels reduced this contact 

angle to values included in the range between 33° and 66°, as reported in Table 3. 

These values are in the same range as previously reported for other zwitterionic polymer 

layers, with a thickness typically in the sub-micrometer range.188, 191, 192, 204-206 A higher 

contact angle and, hence, a slightly more hydrophobic surface, was observed for layers 

formed from C1 copolymer of lower 4-azidophenyl content compared to the layers based on 

C2 copolymer, especially at the lower C2 content of 0.5 wt.%. During the formation of these 

hydrogel layers, two competing C-H insertion reactions of nitrene radicals proceed 

concurrently, i.e., with the PI surface and within the copolymer chains, resulting in the 

attachment of the hydrogel layer to the surface and the intra- and intermolecular 

crosslinking of C1 and C2 copolymer chains. The competition between these two pathways 

was suggested to control the water contact angle for poly(carboxybetaine) layers deposited 

by photoactuation to various polymer substrates.192 In our case, the obtained water contact 

angle data provide no clear reason why the hydrogels made of C1 copolymer would 

experience a higher intra- and intermolecular crosslinking compared to hydrogels made of 

C2 copolymer with a slightly higher content of 4-azidophenyl group. This issue remains open 

also iŶ ǀieǁ of the YouŶg͛s ŵodulus data ;ƌepoƌted in Table 3 and discussed below), showing 

that the hydrogel layers based on C2 copolymer are stiffer than those based on C1 

copolymer, under identical conditions. 

Hydrogel thickness values in a swollen state, hwet, ranged between 13 and 32 µm (Table 3). 

They were determined by a CLSM technique, as shown in Figure 36. This is an important 

feature of the layers, for their future deposition on the surface of real neural electrodes. This 

method enabled to precisely visualize the swollen layer as a dark object well-visible in the 

PBS solution containing the IgG labeled with Alexa 488 (Figure 36). The labeled IgG did not 

significantly penetrate inside the hydrogel volume within the time-scale of CLSM analysis. 

This arrangement eliminated the influence of strong fluorescence emission of the PI layer 

compared to Alexa 488-labeled IgG. The CLSM images of hydrogels H2, H5 and H6 (i.e., the 
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samples used for the in vitro experiments discussed further below) are shown in Figure 36. 

The hwet values did not correlate with either preparation conditions or hdry values. In 

addition, the thickness of individual swollen hydrogels exhibited a significant variation that 

was not expected from the low Ra values obtained for the dry layers (Table 3) 

This suggests that the uneven swelling of hydrogel layers may be caused by a crosslinking 

reaction that did not proceed homogeneously within the entire hydrogel volume irradiated 

in the dry state. 

 

Figure 36. CLSM images of H2, H5 and H6 in solution of Alexa 488-labeled IgG in PBS (scale bar is 20 

µm). 

The hǇdƌogel YouŶg͛s ŵoduli, deteƌŵiŶed iŶ a PBS liƋuid eŶǀiƌoŶŵeŶt ďǇ AFM 

measurements are reported in Table 3 and plotted in Figure 37. The layers made of C1 

copolymer with a lower 4-azidopheŶǇl ĐoŶteŶt eǆhiďited YouŶg͛s ŵodulus of aƌouŶd Ϯ kPa. 

A higher content of 4-azidophenyl groups in the C2 ĐopolǇŵeƌ ƌesulted iŶ a YouŶg͛s ŵodulus 

increase up to 20 kPa depending on the copolymer concentration. YouŶg͛s ŵodulus data do 

not correlate with the content of Pluronic F-127. Rather, they are associated to the network 

density, which is in turn proportional to the 4-azidophenyl content and to the polymer 

concentration. Note that the higher network density for C2 copolymer was not 

demonstrated by the hwet with expected lower thickness in the swollen state than for C1 
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copolymer due to lower swelling. Neither the higher network density for C2 copolymer 

resulted in a higher water contact angle compared to hydrogels made of C1 copolymer. Even 

though some of the obtained data would require further understanding, the employed 

strategy successfully served the primary aim of this study that was to covalently coat stiff PI 

plates by zwitterionic hydrogels of low stiffness, thus approaching the stiffness of neural 

tissues. 

 

Figure 37. YouŶg’s ŵoduli of zwitteƌioŶiĐ hǇdƌogels Hϭ-H6 deposited on PI plates, and of the PI 

plate assessed by AFM nanoindenting in PBS. Box and whisker plots show the median values and 

interquartile ranges (whisker represent the maximum and minimum values obtained). **** = p < 

0.0001.  
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In vitro experiments 

In vitro tests were performed on three hydrogel types coated on the PI plates (i): H2, H5 and 

H6. These ǁeƌe seleĐted ďased oŶ theiƌ YouŶg͛s ŵodulus aŶd ĐheŵiĐal ĐoŵpositioŶ. IŶ 

particular, we selected the hǇdƌogels ǁith the loǁest aŶd the highest YouŶg͛s ŵodulus, 

respectively, H2 and H6, which featured the same amount of copolymer and Pluronic F-127, 

but different content of 4-azidophenyl groups. As a third sample type, we selected the H5 

hydrogel, which shoǁed aŶ iŶteƌŵediate ǀalue of YouŶg͛s ŵodulus aŶd the saŵe PluƌoŶiĐ F-

127 content as H2 and H6 samples (see Table 3). 

Fibroblast adhesion and morphology were evaluated by fluorescence imaging of living and 

fixed nHDF cells cultured on H2, H5 and H6 hydrogels and on PI controls. Figure 38a shows 

the fluorescence patterns of actin (stained in red) and nuclei (stained in blue) in cells 

attached on the different substrates. In particular, almost no adhesion was found on H2 

samples, while cells formed few clusters in scattered areas of the H5 and H6 samples. In 

contrast, cells on PI samples were well spread on the entire sample surface and there was no 

cluster formation. The cell density (in terms of cells/cm2) was evaluated by counting the 

stained nuclei of living nHDFs attached on the different substrates; the results are reported 

in Figure 38b. Overall, a strong reduction of cell adhesion was observed for the samples 

covered with zwitterionic hydrogels compared to PI samples (median value reduction: H2 = 

97.4%, H5 = 79.4% and H6 = 72.6%). Comparing the fibroblast adhesion on the three 

different hydrogels, a statistical difference was found between sample H2 and H5 (p = 

0.0087) and between H2 and H6 (p = Ϭ.ϬϬϬϯͿ, ǁhiĐh suggests that the loǁest YouŶg͛s 

modulus of H2 hydrogel reduces the cell adhesion in a higher degree than for hydrogels H5 

and H6 of soŵeǁhat higheƌ YouŶg͛s ŵodulus. 
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Figure 38. In vitro evaluation of zwitterionic hydrogels on fibroblast cells. a) Fluorescence images at 

10x magnification of nHDF cells on zwitterionic hydrogels H2, H5, H6 and on PI samples, showing 

nuclei stained in blue and actin in red (scale bar = 100 µm). b) Quantification of the adhesion of 

nHDF fibroblasts on zwitterionic hydrogels and on PI samples after 24 h culture. The box and 

whisker plots represent the median values and interquartile ranges of the number of adherent 

cells per cm2 (whiskers represent the maximum and minimum values obtained). ** = p < 0.01, *** 

= p < 0.001. c) Quantification of the cytotoxicity percentage of zwitterionic hydrogels and PI by LDH 

cytotoxicity assay measured using nHDF fibroblasts after 24 h culture on substrates. The box and 

whisker plots represent the median values and interquartile ranges (whiskers represent the 

maximum and minimum values obtained). 

 

The obtained results are in a good agreement with previously published data. Stach et al. 

described significant reduction of RAT-2 fibroblasts adhesion on poly(sulfobetaine) modified 

conductive surfaces using electrografting method.207 Significant reduction of RAT-2 

fibroblasts adhesion was observed also in the case of zwitterionic hydrogels spin-coated on 

glass coverslips.208 Similarly, the photoimmobilized sulfobetaine and carboxybetaine-based 
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polymeric films significantly inhibited the non-specific adhesion of fibroblast-like STO 

mammalian cells in comparison with non-modified substrates.191 In the work of Chien et al., 

L929 cells well adhered on the non-modified poly(styrene) surface while cell adhesion was 

inhibited almost completely on the poly(carboxybetaine)-modified surfaces.188 All these 

data, including those obtained in this work, indicate that immobilization of either sulfo- or 

carboxybetaine zwitterionic polymers on different surfaces enables to reduce cell adhesion 

in a significant way. Concerning neural electrode coatings featured by tuned mechanical 

properties, the sole recent study we can refer to is the work of Spencer et al.178 Here, the 

authors demonstrated that PEG-based hydrogels with a YouŶg͛s ŵodulus of ~ ϭϬ kPa 

significantly reduced the scarring process in vivo with respect to stiffer implants (glass 

Đapillaƌies, ǁith a YouŶg͛s ŵodulus of ~ ϳϬ kPaͿ. The sĐaƌƌiŶg pƌoĐess iŶǀolǀes seǀeƌal eǀeŶts, 

included the adhesion of fibroblasts on the implant surface. Thus, although with several 

differences, i.e. in vitro vs in vivo data, different materials involved, different stiffness values 

investigated, our results can be considered in line with those reported by Spencer et al.178 It 

is worth mentioning that in our work we further clarified the role of stiffness in this process, 

showing that values well below 10 kPa (almost one order of magnitude smaller) prevent 

fibroblast adhesion more efficiently. 

Cytotoxicity of the different substrates was evaluated using nHDFs fibroblasts by quantifying 

the LDH release; results are reported in Figure 38c. Almost no cytotoxicity was observed for 

all the samples (the highest median value was 0.7%, found for the H5 sample), in agreement 

with previous studies performed with NIH-3T3 fibroblasts on zwitterionic hydrogels.209, 210 

No statistical difference was found between the different hydrogels and the PI samples. 

As for fibroblasts, macrophages adhesion and morphology was evaluated by fluorescence 

imaging of both living and fixed RAW 264.7 cells cultured on H2, H5 and H6 hydrogels and on 

PI controls. Fluorescence images of actin (stained in red) and nuclei (stained in blue) of cells 

attached on different substrates are shown in Figure 39a. Macrophages reflected the 

fibroblasts behavior: almost no adhesion was observed on H2 samples and cells formed few 

clusters in scattered areas of H5 and H6 samples, while well spread cells were found on the 

PI samples, without cluster formation. A large reduction of cell adhesion was observed in the 
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samples covered with zwitterionic hydrogels with respect to PI samples (median value 

reduction: H2 = 98.9%, H5 = 93.2% and H6 = 90.8%), see Figure 39b. This cell behavior is in 

agreement with the one observed in the study of Khandwekar et al., where sulfobetaine 

molecules were entrapped on poly(methyl methacrylate) surfaces leading to a reduction of 

RAW 264.7 cells adhesion.211 Comparing adhesion of macrophages on the three different 

hydrogels, a statistical difference was found between sample H2 and H5 (p = 0.0247) and 

between H2 and H6 (p = 0.0019). The lower adhesion of macrophages on H2 samples may be 

again explained by its low Young's modulus value. In the literature, a stiffness-based 

influence on macrophages adhesion has been reported, although on another cell line, THP-

1.212 Differently, Blakney et al. indicated that substrate stiffness did not play a role in RAW 

264.7 cell attachment. However, in this case, the iŶǀestigated YouŶg͛s ŵoduli ǁeƌe iŶ the 

range of hundreds of kPa.175 
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Figure 39. In vitro evaluation of zwitterionic hydrogels on macrophage cells. a) Fluorescence 

images at 10x magnification of RAW 264.7 cells on zwitterionic hydrogels and on PI samples, 

showing nuclei in blue and actin in red (scale bar = 100 µm). b) Quantification of the adhesion of 

RAW 264.7 macrophages on zwitterionic hydrogels H2, H5, H6 and on PI samples after 24h of 

culture. Box and whisker plots represent the median values and interquartile ranges of the number 

of adherent cells per cm2 (whiskers represent the maximum and minimum values obtained). * = p 

< 0.05, ** = p < 0.01. c) Spontaneous nitric oxide production of cells seeded on zwitterionic 

hydrogels and PI samples for 24 h. Box and whisker plots represent the median values and 

interquartile ranges of the concentration of nitric oxide produced (whiskers represent the 

maximum and minimum values obtained). d) Morphological difference between non-stimulated 

and LPS-stimulated macrophages seeded on polystyrene. LPS-stimulated macrophages show 

activation-dependent morphology, with higher adhesion and spreading, compared to non-

stimulated ones. Nuclei are stained in blue and actin in red (scale bar = 100 µm).  
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Macrophages activation was evaluated by assessing nitric oxide (NO) production, in 

particular by measurement of nitrite release in the supernatant. NO is a physiological 

messenger and effector molecule involved in several biological processes. It is released in 

excess during host response and it contributes to pathogenic conditions by promoting 

oxidative stress. The nitrite concentrations are reported in Figure 39c. There was no 

statistical difference between the samples exhibiting very low absolute concentration for 

each hydrogel type (the highest median value was found for H5 = 0.3 µM), especially when 

these data are compared with the amount of nitrite released by LPS-activated macrophages 

used as control (Figure 39c). This was confirmed by morphological evaluation: on each 

sample, the cells that attached maintained a round shape (Figure 39a), a morphology that is 

typical of non-activated cells (Figure 39d, top image), whereas LPS-stimulated cells tend to 

spread on the surface and thus increase their adhesion surface (Figure 39d, bottom image). 

Preliminary optimization of electrodes coverage and ex vivo insertion tests  

As stated in the Methods subsection, after the achievement of zwitterionic hydrogel based 

PI-coatings with the young modulus in the range of neural tissue one, and having understood 

their in vitro response, we started to optimize the hydrogel integration in the electrodes 

production process. The hydrogel layer had to be deposited on top of the electrodes which 

are fabricated by lithography technique, and be patterned by UV-masking in order to expose 

the electrode active sites and to facilitate electrodes peel off from Si wafers. For these 

reasons the photolabile azidophenyl group content in the poly(carboxybetaine 

methacrylamide) was modified (3.3 mol.%) and optimized as well as the coating deposition 

method in order to be included in the production process of thin film PI intraneural 

interfaces. PI-based interfaces produced by SMANIA S.r.l were coated with the modified 

zwitterionic hydrogel adopting the procedure described in details in the Methods 

subsection. 

For these preliminary tests the hydrogel was not patterned, hence also the active sites were 

covered by the soft layer. As envisioned in future in vivo application, the hydrogel was 

inserted in a dry state to reduce the probability of hydrogel detachment. Figure 40 shows 

the manual insertion procedure in calf sciatic nerve. 
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Figure 40. Manual procedures of intraneural interface insertion  

 

The coating deposited on intraneural interface showed quite good stability during the 

insertion in the sciatic nerve. This was better demonstrated by controlled insertion tests 

performed on six different interfaces. The images obtained before and after the insertion 

were analyzed by eye and also by comparing the colour histogram of the red component. 

Just on two out of six interfaces, a detachment of the coating was noticed. Figure 41 

represents the dyed coated electrodes before (a and c) and after (b and d) the insertion. In 

particular Figures 41 a and b show a case in which the coating detached from the interface 

surface, leaving the bare PI exposed, while Figures 41 c and d show a case in which the 

coating remained well attached on the surface, except for some little parts at the external 

borders of the interfaces, maybe due to the fact that the hydrogel was not patterned and 

hence it was ripped off during the peeling of the electrode from the Si wafer. Figure 42 

shows the red colour histograms of the images acquired before (red) and after (green) the 

insertion in the nerve tissue. 
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Figure 41. Qualitative images of intraneural interfaces coated with zwitterionic hydrogel taken 

with a Hirox digital microscope before a) and c), and after b) and d) the insertion in a sciatic nerve, 

to verify coating stability. To ease the visualization, the hydrogel was stained by using a red dye. b) 

shows a case in which the coating was removed by the insertion procedure, thus leaving the bare 

PI. 

 

 

Figure 42. Red colour histograms of the images obtained before (red) and after (green) the 

electrodes insertion in the nerve for all the 6 tested electrodes. The coordinates of the peaks were 

compared, showing that electrode 1 and 3 underwent coating detachment.  

 



103 

 

Moreover few preliminary tests were performed to assess the possibility of patterning the 

hydrogel by UV-masking during the crosslinking process. The modified zwitterionic 

copolymer and the changed concentration and deposition method show promise for the 

future implementation in PI based intraneural electrodes, as showed in Figure 43. 

 

Figure 43. Zwitterionic hydrogel deposited in PI surface and patterned by UV masking technique, 

normally used in lithography. 

 

This optimization process to obtain a fully covered PI interface has just begun and is still in 

progress. A considerable amount of work has to be carried out in order to characterize this 

obtained coating. 

 

In summary 

Due to their biocompatibility, flexibility and patternability with lithographic and dry etching 

techniques, polyimides (PI) are widely used both as implant encapsulation materials and as 

substrates for implanted neural interfaces. Despite these promising properties, they cannot 

prevent the formation of a fibrotic capsule. Several approaches have been reported aiming 

at reducing the formation of a scar-like tissue around the implant. The inhibition of protein 

and cell adhesion by means of non-biofouling coatings is one of these strategies. Moreover, 

it has been shown that the undesired host response to implants is also determined by the 

mechanical mismatch between the implant and the surrounding tissue. To this aim, in this 

Section we presented a strategy for covalently attaching carboxybetaine polyzwitterionic 
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hydrogel coatings to PI substrates, obtained by means of a photoactivated process. These 

coatings were featured by low stiffness values in the range of the neural tissues, for their 

possible future application as coatings for neural interfaces. Modified PI plates were 

characterized by a set of physico-chemical methods to evidence the presence of coatings, to 

visualize the completeness of the surface coverage by hydrogels, and to characterize the 

laǇeƌ thiĐkŶess aŶd YouŶg͛s ŵodulus. The in vitro response of both fibroblasts and 

macrophages (the main cell types involved in the foreign body response) was assessed. The 

zwitterionic hydrogel coatings reduced the adhesion of both cell lines respect to PI control, 

showing almost no cytotoxicity and a clear correlation with the hydrogel stiffness. Moreover, 

the hydrogel layers did not induce macrophages activation, evaluated through the 

quantification of nitric oxide production. These results demonstrate the non-biofouling 

properties, low stiffness and UV patternability of zwitterionic hydrogels and thus establish 

the foundation for their possible in vivo investigation as coatings for PI-based neural 

interfaces.  
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3.1.2 Low intensity pulsed ultrasound stimulation 

(LIPUS) on muscle cells 

Framework 

As already mentioned, soft tissue regeneration is one of the main goals of tissue engineering 

and regenerative medicine. Such disciplines combine engineering and life sciences to 

restore, maintain, replace and improve the functions of tissues and organs that are lost, due 

to injuries or diseases 8, 213. In particular, skeletal muscle regeneration represents an 

interesting research domain. Thanks to resident stem cells and precursor cells, skeletal 

muscle is constantly renewed in response to injury, damage or aging214. According to 

Musarò215, muscle injury and regeneration processes can undergo five interrelated and time-

dependent phases, the first of which is degeneration (necrosis); then, inflammation, 

regeneration, remodeling, and maturation/functional repair occur. After the intervention of 

macrophages for the removal of necrotic cellular debris, the satellite cells (particular stem 

cells localized between the basal lamina and the muscle fiber membrane) and other 

myogenic progenitors are activated and undergo proliferation, differentiation and fusion to 

one another or to undamaged portions of the fibers, thus forming new myofibers or 

myofiber segments 216. Some of these processes reiterate the sequence of events observed 

during embryonic myogenesis 215. Severe damages due to diseases such as muscular 

dystrophies, or traumatic lesions such as contusions and strains (that are common in sports 

medicine), cause necrosis of myofibers, stimulate the inflammatory response and trigger the 

consequent regeneration process216. Several approaches have been proposed to improve 

and accelerate muscle regeneration. In the most critical cases, the self-repairing capability of 

skeletal muscle can be seriously impaired due to subject ageing, severe muscle diseases such 

as different types of congenital myopathies featured by progressive muscle wasting and 

weakness or large mass loss following trauma, aggressive tumor removal and prolonged 

denervation. In these cases bio/non-bio interfaces play an important role; invasive 

regenerative medicine approaches can be pursued and new genetic and cell therapy 

strategies have been proposed. For example, myogenic cells from embryonic stem cells and 
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induced pluripotent stem cells have been considered for the reconstruction of whole muscle 

tissue parts, by engineering functional three-dimensional skeletal muscle tissues using 

biocompatible smart materials 217-219. Along this research line, several efforts have focused 

both on the direct stimulation of biological components thanks to surface properties such as 

surface topography 220-222, material stiffness 223, surface electrical properties 224 as well as 

the effects of external physical stimuli such as electro-mechanical inputs 225on myogenesis. 

Considering less severe muscle injuries, typical of sport activities, less invasive strategies 

have been suggested to improve tissue healing and regeneration. First of all, immediate 

tƌeatŵeŶt of aŶ iŶjuƌed skeletal ŵusĐle usuallǇ folloǁs the ͚RICE͛ pƌiŶĐiple ;Rest, IĐe, 

Compression and Elevation) with the aim to minimize bleeding into the injury site. Then, 

different therapies can be exploited, such as rehabilitation exercises, use of non-steroidal 

anti-inflammatory drugs or glucocorticoids and hyperbaric oxygen therapy 226, 227. It has been 

shown that microcurrent electrical neuromuscular stimulation can reduce signs and 

symptoms of muscle damage, thus strongly suggesting that it can facilitate the regeneration 

of injured skeletal muscles 228. Moreover, it is known that skeletal muscle is sensitive to 

mechanical stimulation, that can be provided by means of massages and exercises, by using 

smart materials or by exploiting therapeutic ultrasound 226, 227, 229, 230. 

Ultrasound is commonly used for imaging and diagnostic applications and has the advantage 

over other imaging modalities of being non-ionizing. It has been shown that ultrasound can 

be used also for therapeutic purposes, both in low and high intensity ranges. Several 

bioeffects due to ultrasound exposure have been observed in the literature at a tissue, 

cellular and protein level 231-233. Healing properties have been assigned in particular to Low 

Intensity Pulsed Ultrasound (LIPUS) stimulation 231. At a cellular level, LIPUS has been 

observed to increase proliferation and migration of aortic endothelial cells, and increase 

proliferation of fibroblasts, Schwann cells and other cell types 233. 

Therapeutic ultrasound produces a combination of non-thermal effects (acoustic streaming 

and cavitation) that are difficult to isolate. Acoustic streaming is defined as the physical 

forces of the sound waves that provide a driving force capable of displacing ions and small 

molecules.234 At the cellular level, organelles and molecules of different molecular weight 
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exist. While many of these structures are stationary, many are free floating and may be 

driven to move around more stationary structures. This mechanical pressure applied by the 

wave produces unidirectional movement of fluid along and around cell membranes.235 

Cavitation is defined as the physical forces of the sound waves on microenvironmental gases 

within fluid. As the sound waves propagate through the medium, the characteristic 

compression and rarefaction causes microscopic gas bubbles to contract and expand, in the 

tissue fluid.236 It is generally thought that the rapid changes in pressure occur both in and 

around the cell. Substantial injury to the cell can occur when microscopic gas bubbles 

expand and then collapse. In the case of low intensity ultrasound (30–1000 mW/cm2), it is 

possible that the mechanisms are non-cavitational, and the processes involved are not well 

understood.233 

What is known is that LIPUS is able to induce micromotion on the extra cellular matrix (ECM) 

and that the process of signal transduction starts at the cell membrane. These strains are 

transduced by the cell membrane and coupled into the cell cytoskeleton and cytoplasm, 

where they initiate intracellular signalling cascades.233 Additional reports suggest that 

ultrasound alters cellular membrane properties (cellular adhesion, membrane permeability, 

calcium flux, and proliferation), activating signal-transduction pathways that lead to 

proteomes regulation 237, 238. Importantly, exposure to ultrasound causes an increase in 

intracellular calcium in many cells types, such as fibroblast, monocyte and mesenchymal 

stem cells. Cells employ calcium as a cofactor in regulating the activity of enzymes, many of 

which are associated with signal-transduction pathways and relative proteomes 

modulation.239 

We mentioned in the Introduction section that in the field of bio/non-bio interfaces it is very 

important to know which are the bioeffects that can be generated by the external stimulus 

itself so to provide an augmented beneficial effect to the regeneration process. For this 

reason, a deep analysis of the literature has been done on the effect of LIPUS on muscle 

tissues, in this case. 

Considering muscle regeneration, as reported by Abrunhosa et al.240, therapeutic 

applications of ultrasound have been used in physiotherapy and rehabilitative settings since 
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the 1950s in order to induce both thermal and mechanical bioeffects. Despite the wide use 

of this instrument in the clinical practice, in vitro and in vivo studies aimed at evaluating the 

bioeffects triggered by ultrasound led to rather divergent results. 

Concerning in vivo tests, Wilkin et al. 241 and Markert et al. 242 found no evidences that LIPUS 

was able to enhance and accelerate skeletal muscle regeneration after contusion injury. In 

these studies, the authors stimulated rats at different intensities and in a pulsed mode at a 

frequency of 3.3 MHz and continuously at a frequency of 3 MHz. In contrast, Fisher et al. 243 

proved that rat muscles receiving pulsed ultrasound at a frequency of 870 kHz responded in 

a positive way in comparison with continuous stimulation and non-stimulated controls, with 

a significant production of contractile proteins. Chan et al. 244 found an enhancement in 

regenerative myofiber formation after injury, when mice muscles were stimulated by LIPUS 

at a frequency of 1.5 MHz, while Matsumoto et al. 245 suggested that pulsed ultrasound 

irradiation can inhibit the development of disuse muscle atrophy in rats (partly via activation 

of satellite cells), by stimulating muscles in a continuous mode at 1 MHz. Nagata et al. 246 

found a reduction of the inflammatory infiltrate cell number and an increase of the 

regenerating myofiber size in the experimental group of C57BL/6 mices that were treated 

with pulsed ultrasound at 1 MHz, in comparison with the control group. 

Considering in vitro tests, Chan et al. 244 performed differentiation experiments on C2C12, a 

murine skeletal muscle cell line, showing an increase of the myogenin protein during 

differentiation, due to LIPUS treatment at a frequency of 1.5 MHz. Nagata et al. 246 observed 

an enhancement of myogenin mRNA expression in the same cell line due to LIPUS treatment 

at a frequency of 3 MHz, simulating an inflammatory environment. Abrunhosa et al. (2014) 

240 compared the effects of continuous and pulsed ultrasound treatment at a frequency of 1 

MHz on primary cultures of chick skeletal muscle cells, determining in both cases an increase 

of differentiation due to stimulation with respect to the non-stimulated controls and 

showing better results in the case of continuous stimulation. Ikeda et al. 247 demonstrated 

that LIPUS pushes the differentiation pathway of C2C12 cells more in the osteoblast and/or 

chondroblast lineage than in the myoblast one, by activating the phosphorylation of ERK1/2 

and p38 MAPK. 
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The wide range of exposure parameters and metrics used in the studies discussed here 

makes it difficult to observe clear correlations between ultrasound exposure conditions and 

the muscle regeneration efficacy. This is mainly due to the lack of standardization of 

stimulation protocols and to the lack of systematic investigations that compare different 

exposure conditions. In addition, the different biological models used and the different types 

of injuries analyzed contribute to a scarce coherence of the results. As reported by 

Abrunhosa et al. 240(2014), ultrasound are broadly used in the frequency range 0.5 - 5.0 MHz, 

but the typical equipment used can be set only at 1 or 3 MHz. The most common intensities 

range from few tens of mW/cm2 up to 1 W/cm2. The treatment duration also varies among 

studies, making comparison of the results difficult. Moreover, in many cases, poorly 

controlled cell exposure conditions are used. A full list of employed exposure parameters is 

often not provided and the lack of standardized dose concepts for ultrasound248 makes 

difficult the comparison between studies. Most stimulation set-ups do not consider 

undesired artifacts such as standing waves, ring interferences, temperature elevations and 

cross-stimulation of adjacent wells. In many cases, ultrasound transducers are directly 

placed at the bottom of standard cell culture plates. Although gels or water-filled gaps can 

help to improve the acoustic coupling between transducer and plate, attenuation and 

reflection of ultrasound cannot be avoided with this approach 249. Puts et al. 250, 251 

suggested a solution to overcome these issues, providing a focused low-intensity pulsed 

ultrasound (FLIPUS) stimulation set-up. They stimulated C2C12 cells, taking into account the 

possible attenuation of the ultrasound by the polystyrene wells and the spatial variations of 

intensities across them. They found pronounced transmission losses at the frequencies of 3 

MHz, 4.5 MHz, 5 MHz, while maximum transmission was found at 3.3, 4.2 and 4.9 MHz. The 

authors limited the stimulation protocol to only one frequency, 3.6 MHz, which was not the 

one showing the maximum transmission, but it allowed to minimize spatial variations across 

cell chambers. Table 4 and Table 5 summarize the in vivo and in vitro evidences reported in 

the state-of-the-art described above. 

To the best of our knowledge, no studies report an in vitro systematic investigation of the 

effects of LIPUS exposures at different frequencies and intensities. This was done by 

exploiting a proper fully tunable stimulation system with an ultrasound-transparent cell 



110 

 

culture well, thus enabling correlation between the ultrasound delivered and the triggered 

bioeffects, and it is presented in this Section. In particular, we performed highly controlled 

LIPUS on C2C12 cells, by comparing 4 different selected frequencies (500 kHz, 1 MHz, 3 MHz 

and 5 MHz) and 3 different selected intensities (250, 500 and 1000 mW/cm2) and quantifying 

the triggered bioeffects for the different conditions, in terms of cell proliferation and 

differentiation. 

The work reported in this Section is published in:  

Salgarella A.R., Cafarelli A.., Ricotti L., Capineri L., Dario P., Menciassi A. (2017). "Optimal 

Ultrasound Exposure Conditions for Maximizing C2C12 Muscle Cell Proliferation and 

Differentiation". Ultrasound in Medicine & Biology, 43(7), pp.1452-1465.252 

 



 

 

 
            

In vivo  

Reference 
US 

frequency  

Treatment 

duration 

US 

Intensity 
Mode Animal model Bioeffects 

Wilkin et al. 

2004 
3.3 MHz 

5 min daily 

for 7 days 
1 W/cm2 

Pulsed (duty 

cycle 20%) 
Wistar rats 

No influence of the treatment on the markers of skeletal 

regeneration such as muscle mass, total protein concentration, 

myonuclear number and density, respect to the controls. 

Markert et al. 

2005 
3 MHz 

5 min daily 

for 4 days 

100 

mW/cm2 
Continuous Wistar rats 

No significant effect on muscle mass, mean cross-sectional area, 

number of nuclei per cell, myonuclear density and concentration of 

contractile protein, respect to the controls. 

Fisher et al. 

2003 
870 kHz 

5 min daily 

for 6 days 
1 W/cm2 

Continuous 

or Pulsed 

(duty cycle 

not 

available)  

Sprague-Dawley 

rats 

Increment in the production of proteins responsible for the 

contractile machinery due to Pulsed US, with respect to both non-

stimulated controls and continuous US treatment. 

Chan et al. 

2010 
1.5 MHz 

20 min daily 

for 28 days 

30 

mW/cm2 

Pulsed (duty 

cycle 20%) 

C57BL10J+/+ 

mices 

Increase of the regeneration of myofibers, fast-twitch and tetanus 

of LIPUS-treated muscles. No major strength difference between 

the normal non-injured muscle and the group treated with LIPUS. 

Matsumoto 

et al. 2013 
1 MHz 

15 min daily, 

for 4 weeks 

(6 

days/week) 

1 W/cm2 
Pulsed (duty 

cycle 20%) 
Wistar rats 

Inhibition of the development of disuse muscle atrophy by means 

of pulsed US. Increase of diameter of all types of muscle fibers and 

activation of satellite cells (BrdU-positive muscle nuclei), respect to 

the controls. 

Nagata et al. 

2013 
1 MHz 

15 min daily, 

for 7 days 

150 

mW/cm2 

Pulsed (duty 

cycle 20%) 
C57BL/6 mices 

Reduction of the number of inflammatory infiltrate cells and 

increase of the size of regenerating myofibers and of Pax7-positive 

cells in the US treated group. 

Table 4. In vivo studies on ultrasound stimulations of muscles. ("US" = ultrasound)252  



 

 

In vitro              

Reference 
US 

frequency 

Treatment 

duration 
US Intensity Mode Cell Line Bioeffects 

Chan et al. 

2010 
1.5 MHz 

20 min daily 

for 8 days 
30 mW/cm2 

Pulsed (duty 

cycle 20%) 
C2C12 

Significantly higher proliferative rate and cell number, increase in 

myogenin and actin proteins in the experimental group treated 

with LIPUS  

Nagata et al. 

2013 
3 MHz 

15 min 

single 

exposure 

30 mW/cm2 
Pulsed (duty 

cycle 20% 

C2C12 

stimulated by 

TNF-α or IL-1β to 

simulate 

inflammation 

Significant down-regulation of COX-2 mRNA expression and up-

regulation of myogenin mRNA expression and protein synthesis in 

C2C12 cells stimulated by TNF-α or IL-1β and treated with 

ultrasound, respect to the controls only provided with the chemical 

compounds.  

Abrunhosa et 

al. 2014 
1 MHz 

5 or 10 min 

single 

exposure 

500 mW/cm2 

or 1 W/cm2 

Continuous 

or Pulsed 

(duty cycle 

not 

available) 

Myogenic cells 

from chick 

embryos 

Significant differences in myotube thickness between treatments in 

continuous mode at 0.5 W/cm2 for 5 or 10 min, in continuous mode 

at 1.0 W/cm2 for 5 min, and in pulsed mode at 1.0 W/cm2 for 5min, 

compared with non-stimulated samples. The treatment in 

continuous mode at 0.5 W/cm2 for 5 min induced the higher 

increase in desmin protein, myotube thickness, number of nuclei 

per image field and number of nuclei per myotube, compared with 

non-treated samples 

Ikeda et al. 

2006 
1.5 MHz 

20 min 

single 

exposure 

70 mW/cm2  

Pulsed (duty 

cycle not 

available) 

C2C12 

Increase of Runx2, Msx2, Dlx5, AJ18, and Sox9 gene expression, 

Runx2 protein expression and ERK1/2 and p38 MAPK 

phosphorylation in the US stimulated samples compared with non-

stimulated controls. US treatment pushed the differentiation 

pathway of C2C12 cells into the osteoblast and/or chondroblast 

lineage instead of the myogenic one. 

Puts et al. 

2015, 2016 
3.6 MHz 

5 min or    

30 min or 1h 

single 

exposure 

29.4 mW/cm2 

(2015)          

44.5 mW/cm2 

(2016) 

Pulsed (duty 

cycle 27.8%) 
C2C12 

Focused LIPUS increases C2C12 proliferation and activates 

mechanosensitive transcription factors such as TEAD, AP-1 and Sp1. 

US stimulation also affects the expression of mechanosensitive 

genes such as c-fos, c-jun, HB-Gam and Cyr61. 

Table 5. In vitro studies on ultrasound stimulations of muscle cells. ("US" = ultrasound)252 
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Methods 

LIPUS stimulation set-up 

The ultrasonic set-up for cell stimulation (shown in Figure 44a) was composed of a 

programmable wave generator (33220A, Agilent technologies, Santa Clara, California, USA) 

connected in series with a power amplifier and an immersion ultrasound transducer (WS75-

0.5, WS75-2 and WS75-5, Ultran Group, State College, Pennsylvania, USA) with an active 

diameter of 19 mm. Three different transducers were used for exploring four different 

stimulation frequencies: WS75-0.5 for 500 kHz, WS75-2 for 1 and 3 MHz and WS75-5 for 5 

MHz. For the WS75-0.5 and the WS75-2 transducers, a radio frequency (RF) power amplifier 

(50 dB gain, 240L, Electronics & Innovation, Rochester, New York, USA) was used. Due to the 

very low electrical impedance (Z) of the WS75-ϱ tƌaŶsduĐeƌ ;|Z| = ϯ.ϱ Ω @ ϱ MHz, ŵeasuƌed 

with a vector network analyzer, DG8SAQ, SDR-Kits, Trowbridge, Wilts, UK), a linear 15 MHz 

bandwidth power amplifier was used instead of the broadband RF amplifier in order to 

maximize the power transfer to the ultrasonic transducer253. The latter amplifier was 

designed with very low output impedance and low distortion for power ultrasonic 

applications. For the experiments at 500 kHz a low pass impedance matching electric circuit, 

with an inductance of 122 µH and a capacitance of 443 pF, was designed and interposed 

between the RF amplifier and the WS75-Ϭ.ϱ tƌaŶsduĐeƌ ;Re;ZͿ = ϲϰ Ω aŶd Iŵ;ZͿ = -ϴϭϯ Ω 

@500 kHz) in order to maximize the power transferred to the transducer and to minimize 

the reflected signal. 

The transducer and the sample were coaxially aligned in a tank of deionized and degassed 

water (Figure 44a). A linear rail allowed movement of the sample along the beam axis of the 

transducer to enable alignment of the cells at the location of the axial maximum of the 

pressure field. In order to determine the geometry of the acoustic field generated by each 

transducer, the acoustic pressure was measured under free field conditions using a 

hydrophone mounted on a 3 axis step-by-step motorized positioning frame (XYZ BiSlide, 

Velmex Inc, Bloomfield, New York, USA), immersed in a dedicated calibration tank and 

connected to an oscilloscope (7034B, InfiniiVision, Agilent Technologies, Santa Clara, 

California, USA). A 0.2 mm PVDF needle hydrophone (calibrated from 1-30 MHz, Precision 
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Acoustics Ltd, Dorchester, Dorset, UK) was used for the characterization of transducers in 

the MHz range and an ITC-6128 hydrophone (100-600 kHz, International Transducer 

Corporation, Santa Barbara, California, USA) was used for characterization in the kHz range. 

A dedicated LabVIEW program (National Instruments Corporation, Austin, Texas, USA) 

allowed the synchronization between the motors, the wave generator and the signal 

acquired by the oscilloscope. Pressure field maps (normalized to the maximum pressure) in 

the axial planes of each of the transducers are reported in Figure 44b, for each frequency 

investigated in this study. 

Each transducer was characterized also in terms of intensity vs driven voltage. For each 

frequency, the Spatial Peak Pulse Average Intensity (SPPA intensity) was evaluated at the 

point of maximum amplitude and it was computed as ܵ𝑃𝑃𝐴 ݅݊ݕݐ݅ݏ݊݁ݐ = ଶ ሺ𝜌݌  ∙ ܿ ሻ⁄  

where p denotes the root mean squared acoustic pressure detected by the hydrophone, ρ 

the density of water and c the speed of sound in water, while the driven voltage was 

measured at the output of the power amplifier. To enhance the reliability of the study, all 

cell stimulation experiments were performed in deionized and degassed water with samples 

positioned in the point of maximum pressure (dashed vertical red lines, in Figure 44b). The 

water in the stimulation tank was kept at room temperature (~ 28°C); all samples were 

immersed in the tank for the duration of the stimulation task (5 min). Control samples were 

also immersed for 5 min, although not stimulated, so to exclude possible manipulation- and 

temperature-dependent effects on the final results. 
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Figure 44. Custom ultrasound stimulation set-up. a) Ultrasound stimulation set-up and its 

components. b) Normalized pressure field maps for each frequency under investigation, obtained 

during the transducer characterization phase. Dashed vertical red lines highlight the highest 

pressure field conditions for each frequency, which correspond to the positions in which the 

samples were placed during stimulation. (from Salgarella et al., 2017252) 

 

Temperature measurements 

Temperature rising inside the cell culture well due to ultrasound stimulation was evaluated 

by means of a fine wire thermocouple (COCO-001, OMEGA, Stamford, Connecticut, USA), 

positioned inside the well for each ultrasound stimulation condition. A type T thermocouple 

(resolution of 0.1 C°) with a diameter of 25 µm was selected in order to minimize scattering 

and reflections of the ultrasound wave and to minimize the consequent errors in 

temperature measurements, which could occur using probes with typical dimensions equal 

to or greater than 1/2 of the square root of the wavelength (Hynynen and Edwards 1989). 

Temperature data were acquired at 1 Hz of sampling frequency by means of a thermocouple 

measurement device (USB-TC01, National Instruments Corporation, Austin, Texas, USA). 

Tests were performed at room temperature (~ 28 °C). 
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Ultrasound-transparent wells 

An ultrasound transparent cell culture well was needed in order to guarantee a known and 

reproducible ultrasound cell exposure. To this purpose, a multilayered structure for cell 

cultures was designed (Figure 45). It consisted of a thin polystyrene membrane ;Ϯϱ ʅŵ 

thickness, Goodfellow, Huntington, Cambridge, UK) secured within a cylindrical well (1 cm in 

diameter) made of polytetrafluoroethylene and containing the cell culture medium. Secure 

mounting of the structure was guaranteed by a custom perforated cup produced by 3D 

printing (Projet HD 3000, 3D Systems, Rock Hill, South Carolina, USA) that allowed 

ultrasound waves to directly reach the membrane. Moreover, the cup houses an agarose 

disk during the culture, which was used to provide cells with a uniform support. The disk was 

removed during ultrasound stimulation. 

 

Figure 45. Ultrasound-transparent cell culture well. a) Exploded representation of the culture well, 

showing its components. The polystyrene membrane is featured by a thickness of 25 µm, thus 

resulting transparent to ultrasound waves. b) Picture of a fully assembled well, filled with cell 

culture medium. (from Salgarella et al., 2017252) 
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Thanks to its small thickness (much smaller than the ultrasound wavelengths, which range 

from 2.96 mm to 0.3 mm), the polystyrene membrane did not attenuate ultrasound waves. 

The transmission through the membrane was measured by using a through-transmission 

technique in which the signal was acquired in absence and in presence of the membrane 

interposed between the emitting transducer and the hydrophone 254. The transmission 

values for the different frequencies resulted as follows: (1) f = 500 kHz, transmission: 

99.86%; (2) f = 1 MHz, transmission: 99.74%; (3) f = 3 MHz, transmission: 99.36%; (4) f = 5 

MHz, transmission: 99.10%. For these measurements, the transducers were driven with a 

sinusoidal tone burst of 40 cycles at frequency f, in presence and absence of the sample. 

Then, the root mean squares of the two corresponding signals acquired were calculated and 

divided each other. For all measurements, signals were averaged 10 times in order to 

significantly reduce the noise. 

Before use, all parts of the wells were washed with Ethanol 70% (Sigma Aldrich® 

Corporation, St. Louis, Missouri, USA) and ultrapure MilliQ® water (Merck Millipore, 

Darmstadt, Assia, Germany) and exposed to UV light for 30 min; then all components were 

assembled under sterile conditions. In order to avoid liquid leakage, UV sterilized Parafilm 

M® (Bemis Company, Neenah, Wisconsin USA) was used as a gasket to be placed on the 

opposite side of the well, to close it during stimulation. Sterile agarose disks (2% wt/vol, 

Sigma Aldrich® Corporation, St. Louis, Missouri, USA) were prepared in the autoclave. Once 

removed from the autoclave, the solution was allowed to cool down to 45 ºC, when 

PeŶiĐilliŶ/StƌeptoŵǇĐiŶ ;PEN/STREP, GiďĐo™ - Thermo Fisher Scientific, Waltham, 

Massachusetts, USA) and Amphotericin B (Sigma Aldrich® Corporation, St. Louis, Missouri, 

USA) were added to the agarose solution, to a final concentration of 1% each. The solution 

was then cast into a disk and left to set. 

The polystyrene membrane, within the assembled wells, was then treated with oxygen 

plasma (Colibrì, Gambetti Kenologia S.r.l., Binasco, Milan, Italy; parameters: 100% O2, 50 s at 

50 W and 0.5 mBar), to make it hydrophilic and to promote the formation of a stable protein 

ĐoatiŶg. The ŵeŵďƌaŶe ǁas iŶĐuďated foƌ ϲ h at ϯϳ °C ǁith ϭϬϬ ʅL of a CollageŶ TǇpe I 

solution from rat tail (Sigma Aldrich® Corporation, St. Louis, Missouri, USA), diluted in sterile 
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ǁateƌ ;ϭϬϬ ʅg/ŵLͿ. Afteƌ the iŶĐuďatioŶ peƌiod, the liƋuid ǁas ƌeŵoǀed aŶd the ŵeŵďƌaŶe 

was left to dry overnight. Just before cell seeding, the wells were exposed again to UV light 

for 30 min. This protein coating was performed to improve cell attachment to the 

polystyrene membrane and to help the formation of multinucleated myotubes avoiding their 

detachment from the surface. 

Cell cultures and biological assays 

The CϮCϭϮ Đell liŶe ;ATCC® CRLϭϳϳϮ™, ATCC®, MaŶassas, ViƌgiŶia, USAͿ ǁas used iŶ this 

study. It is a subclone of the mouse myoblast cell line established by D. Yaffe and O. Saxel 

(Yaffe and Saxel 1977) which can differentiate, forming contractile myotubes and producing 

characteristic muscle proteins. C2C12 cells were cultured and propagated in vented flasks to 

near 80% confluence. The proliferation medium was composed of high-gluĐose DulďeĐĐo͛s 

Modified Eagle͛s Mediuŵ ;DMEM, GiďĐo™ - Thermo Fisher Scientific, Waltham, 

MassaĐhusetts, USAͿ added ǁith Fetal BoǀiŶe Seƌuŵ ;FBS, GiďĐo™- Thermo Fisher Scientific, 

Waltham, Massachusetts, USA) to a final concentration of 10%, and PEN/STREP, to a final 

concentration of 1%. To harvest cells, the medium was removed and the cells were washed 

tǁiĐe ǁith PBS ;GiďĐo™- Thermo Fisher Scientific, Waltham, Massachusetts, USA) and 

trypsinized for 2-3 min at 37 °C (trypsin solution: 0.25% w/v Trypsin - Ϭ.ϱϯ ŵM EDTA, GiďĐo™ 

- Thermo Fisher Scientific, Waltham, Massachusetts, USA). Trypsin was inhibited by adding 

complete medium, and removed by centrifuging cells (2500 rpm, 7 min, EBA 20 centrifuge, 

Hettich Lab Technology, Tuttlingen, Germany). Then cells were re-suspended and seeded in 

the wells for experiments at the desired density. 

For proliferation tests, cells were seeded at a density of 10,000 cells/cm2 and kept in culture 

for 24 h. 12 h post ultrasound treatment, cells were harvested using trypsin and centrifuged 

to form a cell aggregate (pellet). Then the liquid above the pellet (surnatant) was removed 

and the pellet was washed twice with PBS. Finally, sterile milliQ water was added and cells 

underwent two freeze-thaw cycles to lyse cell membranes. The lysates were analyzed using 

the Quant-iT™ PiĐoGƌeeŶ® dsDNA AssaǇ ;IŶǀitƌogeŶ™ - Thermo Thermo Fisher Scientific, 

Waltham, Massachusetts, USA) to quantify double-stranded DNA (dsDNA). 
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For differentiation tests, cells were seeded at a density of 50,000 cells/cm2 and kept in 

culture for 24 h, after which they reached confluence. Then cells were switched to 

differentiation medium, composed of high-glucose DMEM added with FBS to a final 

concentration of 1%, PEN/STREP to a final concentration of 1% and 1% of Insulin-transferrin-

sodium selenite media supplement (ITS, Sigma Aldrich® Corporation, St. Louis, Missouri, 

USA). The medium was changed once per day for 7 days. 24 h after the last stimulation, cells 

were fixed with a paraformaldehyde (Sigma Aldrich® Corporation, St. Louis, Missouri, USA) 

solution in PBS (4% w/v) for 15 min, then permeabilized with 0.1% Triton X-100 (Sigma 

Aldrich® Corporation, St. Louis, Missouri, USA) in PBS for 15 min. The cells were then stained 

for actin fibers with Tetramethylrhodamine B Isothiocyanate Labeled Phalloidin (Sigma 

Aldrich® Corporation, St. Louis, Missouri, USA) and for nuclei with Hoechst 33342 (Molecular 

Pƌoďes™ - Thermo Fisher Scientific, Waltham, Massachusetts, USA) for further 15 min. 

Fluorescence images were obtained by means of a UV-VIS microscopy analysis (ECLIPSE Ti-E, 

Nikon Corporation, Minato-ku, Tokyo, Japan). Images of the blue channel (nuclei) and the 

red channel (actin) were acquired for each sample at 10X magnification in 5 different areas 

of the well. Differentiation was evaluated by quantifying length and width of the myotubes 

formed, by means of the ImageJ® software (National Institutes of Health, Bethesda, 

Maryland, USA) and by computing the fusion index. This, for each image, was calculated as 

the number of nuclei in multinucleated structures divided by the total number of nuclei in 

the image (Figure 46). 
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Figure 46. Depiction of the fusion index calculation procedure. Fluorescence images show cell 

nuclei in blue, F-actin in red. Yellow lines indicate nuclei, green lines indicate nuclei embedded in 

myotubes (elongated multinucleated structures). (from Salgarella et al., 2017252) 

 

Moreover, images at 4X magnification of the red channel (actin) were taken for each sample, 

in order to have an overall low-magnification qualitative view of the different sample types. 

Stimulation protocol 

The protocol for proliferation tests consisted of a single LIPUS stimulation performed 24 h 

after cell seeding; the evaluation of the effects produced was carried out 12 h after such 

single ultrasound exposure (Figure 47a). The protocol for differentiation tests, instead, 

consisted of LIPUS exposures repeated daily for 7 days, associated with medium renewals for 

7 days, starting 24 h after cell seeding. The effects of the treatment were evaluated 24 h 

after the last ultrasound stimulation (Figure 47b). 
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Figure 47. Stimulation protocols for C2C12 cells. LIPUS stimulation protocol depiction for 

proliferation (a) and differentiation (b) tests. (from Salgarella et al., 2017252) 

 

In both proliferation and differentiation tests, each LIPUS exposure lasted for 5 min, with a 

pulse repetition frequency of 1 kHz and a duty cycle of 20%. As a first trial, the following 

exposure conditions were tested: (1) f = 500 kHz, SPPA intensity = 500 mW/cm2 (peak 

negative pressure, Pn= 122 kPa); (2) f = 1 MHz, SPPA intensity = 500 mW/cm2 (Pn= 122 kPa); 

(3) f = 3 MHz, SPPA intensity = 500 mW/cm2 (Pn= 122 kPa); (4) f = 5 MHz, SPPA intensity = 

500 mW/cm2 (Pn= 122 kPa); (5) control without stimulation. 

The control wells were placed in the stimulation tank for 5 min, similarly to the other 

samples, but without switching on the generator. 

After evaluating the optimal frequencies for maximum cell proliferation and differentiation, 

the same protocols were repeated at those frequencies at each of the following SPPA 

intensities: (1) 250 mW/cm2 (Pn= 86 kPa) (2) 500 mW/cm2 (Pn= 122 kPa) and (3) 1 W/cm2 

(Pn= 172 kPa) 

Three and four independent samples per exposure condition were analyzed for proliferation 

and differentiation tests, respectively. 
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Statistical analyses 

The data obtained in proliferation tests (dsDNA concentration in the cell lysate) and in 

differentiation tests (myotube length, myotube width and fusion index), for the different 

ultrasound exposure conditions, underwent a non-parametric statistical analysis using the 

Kruskal-Wallis post-hoc test and the Dunn's multiple comparison test in order to evaluate 

significant differences among the samples. Results were considered statistically different for 

p-ǀalues ≤ Ϭ.Ϭϱ. 
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Results and discussion 

C2C12 proliferation 

As previously mentioned, in order to assess the bioeffects triggered by different ultrasound 

exposure conditions on C2C12 cell proliferation, the quantification of dsDNA was performed 

12 h after ultrasound stimulation. The aim of the first set of experiments was to identify the 

ultrasonic frequency that maximized this cellular process. Thus, 4 different ultrasound 

frequencies were tested, at a constant intensity of 500 mW/cm2. Non stimulated control 

samples have been also added. As shown in Figure 48a, an increase of dsDNA (and 

consequently of cell proliferation) was found in all samples treated with ultrasound with 

respect to the non stimulated ones. Such differences were statistically significant for 

exposures at 500 kHz (p = 0.0097), 1 MHz (p = 0.0274), 3 MHz (p < 0.0001), but not for 5 

MHz. Moreover, a significant difference was observed between samples treated with 

ultrasound at 3 MHz and at 5 MHz, (p = 0.0080). Samples stimulated at 3 MHz showed an 

amount of dsDNA that appeared higher in comparison with samples stimulated at 500 kHz 

and 1 MHz. However, the differences with such sample types were not statistically 

significant: the p value between 3 MHz and 500 kHz samples was 0.1265, while the one 

between 3 MHz and 1 MHz samples was 0.0514. 

However, data suggested quite clearly that 3 MHz was the stimulation frequency that 

maximized cell proliferation; for this reason, it was selected for the following experiments, in 

which the frequency was kept constant at 3 MHz and different SPPA intensity values were 

evaluated, so to identify the optimal LIPUS exposure to maximize proliferation. Figure 48b 

shows the obtained results. The sample stimulated at the highest intensity (1 W/cm2) 

showed a significant increment in the dsDNA with respect to both samples stimulated at 250 

mW/cm2 and at 500 mW/cm2 (p = 0.0081 and p = 0.0168, respectively). 
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Figure 48. Proliferation tests. a) Box and whiskers plots representing the median values and 

interquartile ranges of the dsDNA concentrations found in the cell lysates of samples subjected to 

LIPUS treatment at an SPPA intensity of 500 mW/cm2 and at different frequencies, and non-

stimulated samples (whiskers represent the maximum and minimum values obtained). b) Box and 

whiskers plots of the dsDNA concentrations found in samples subjected to LIPUS treatment at the 

fixed frequency of 3 MHz and at different SPPA intensities. In proliferation experiments, three 

independent samples were analyzed for each sample type. * = p < 0.05, ** = p < 0.01, **** = p < 

0.0001. (from Salgarella et al., 2017252) 

 

From these results, it appears that the optimal LIPUS exposure conditions, among those 

tested, which maximize proliferation are 3 MHz and 1 W/cm2. Although it is rather difficult 

to compare results obtained with different stimulation set-ups, it must be mentioned that 

Puts et al. 250, 251 demonstrated that stimulation at 3.6 MHz, although at lower intensities 

than the ones tested in this study, led to an increase in the activator protein-1 (AP-1) with 

respect to non-stimulated C2C12 cells. AP-1 is a heterodimeric protein activated by the 

mechanical tension applied to cells, which has a pro-mitogenic function. Thus, we may 

hypothesize that the optimal exposure conditions found in our study maximized the activity 

of this protein, probably in synergy with other extracellular and intracellular mechanisms, 

such as the Rho A, ROCK and ERK pathways255. 
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C2C12 differentiation 

The effects of LIPUS at different frequencies on C2C12 cell differentiation were evaluated 

after 7 days of stimulation in differentiation medium. First, 4 different ultrasound 

frequencies were tested, by keeping the same intensity of 500 mW/cm2, in addition to non-

stimulated control samples. Figure 49a,b show fluorescence images of the myotubes 

formed. In particular, Figure 49a shows low-magnification (4X) images of actin, stained in red 

for each stimulation condition, while Figure 49b shows images at 10X magnification for each 

stimulation conditions with nuclei stained in blue and actin in red. Figure 49c shows the 

results of a quantitative morphological analysis of myotube width i) and length ii) and of the 

cell fusion index iii). A statistically significant enhancement of myotube length (Figure 49c ii)) 

and width (Figure 49c i)) was found in samples treated with ultrasound at a frequency of 1 

MHz with respect to all other treatments and to non-stimulated controls (p < 0.0001). No 

significant differences were found in myotube width (Figure 49c i)) between 500 kHz, 3 MHz, 

5 MHz treatments and non-stimulated samples, while for myotube length (Figure 49c ii)) a 

difference was observed by comparing 5 MHz samples with control samples and also with 

500 kHz samples (p = 0.0364 and p = 0.0019, respectively). 500 kHz samples and 3 MHz 

samples also slightly differed (p = 0.0208). 
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Figure 49. Differentiation tests - different frequencies. a) Fluorescence images at 4X magnification 

of differentiated C2C12 cells after 7 days of daily LIPUS stimulation and differentiation medium 

renewal. Control samples underwent only medium renewal. Different stimulation frequencies 

were tested, at a fixed SPPA intensity of 500 mW/cm2. Actin filaments are shown in red (scale bar = 

500 µm). b) Fluorescence images at 10X magnification of differentiated C2C12 in the same 

stimulation conditions of point a), showing nuclei in blue and actin in red (scale bar = 100 µm). c) 

Box and whiskers plots representing the median values and interquartile ranges of the 3 

parameters used to quantify cell differentiation, namely myotube width i), myotube length ii) and 

fusion index iii), obtained for the different stimulation frequencies tested, at a fixed SPPA intensity 

of 500 mW/cm2 (whiskers represent the maximum and minimum values obtained). In 

differentiation experiments, four independent samples were analyzed for each sample type. * = p 

< 0.05, **** = p < 0.0001. (from Salgarella et al., 2017252) 

 

Analysis of the fusion index (Figure 49c iii)) revealed an increase of this parameter in the 

samples treated at a frequency of 1 MHz. This increment was statistically significant in 

comparison with the samples stimulated at 500 kHz and 5 MHz and with control (non-

stimulated) samples (p < 0.0001). The difference between samples stimulated at 1 MHz and 
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those stimulated at 3 MHz was not statistically significant (p = 0.0814), although samples 

stimulated at 1 MHz showed a clear tendency to develop myotubes with higher fusion index 

levels. 

Overall, the absolute fusion index values obtained (maximum median value obtained for 1 

MHz = 21.07%) are in general smaller respect to the ones that can be found in some 

literature examples. This can be due to the sub-optimal culture conditions, in terms of 

substrate and extracellular environment features, used in this study. Our culture well was in 

fact designed with the main aim to provide an ultrasound-transparent interface, so to 

properly correlate the bioeffects to the actual ultrasound delivered. To improve skeletal 

muscle differentiation, a variety of stimuli are needed, such as chemical 256, topographical 

222, mechanical 257, electrical 258 and intracellular ones 259. The scope of this scientific 

research was to study the effects of ultrasound stimulation on muscle development, thus a 

multi-stimulation platform would be out of the scope of this work. 

Overall, the LIPUS treatment at a frequency of 1 MHz showed an enhancement in myotube 

development in comparison with the other conditions. Thus, it was identified as the optimal 

frequency to induce skeletal muscle differentiation. The following tests were thus based on 3 

different SPPA intensities values (250 mW/cm2, 500 mW/cm2 and 1 W/cm2) at a constant 

frequency of 1 MHz.  
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Figure 50. Differentiation tests - different intensities. a) Fluorescence images at 4X magnification of 

differentiated C2C12 cells after 7 days of daily LIPUS stimulation and differentiation medium 

renewal. Stimulation was performed at the fixed frequency of 1 MHz and at different SPPA 

intensities (scale bar = 500 µm). b) Fluorescence images at 10X magnification of differentiated 

C2C12 in the same stimulation conditions of point a), showing nuclei in blue and actin in red (scale 

bar = 100 µm). c) Box and whiskers plots representing the median and interquartile ranges of 

myotube width i), myotube length ii) and fusion index iii), obtained for the treatments at the fixed 

frequency of 1 MHz and at different SPPA intensities (whiskers represent the maximum and 

minimum values obtained). In differentiation experiments, four independent samples were 

analyzed for each sample type. * = p < 0.05, ** = p < 0.01, **** = p < 0.0001. (from Salgarella et al., 

2017252) 

 

As shown in the fluorescence images of Figure 50a,b and in the quantitative analysis of 

Figure 50c, the SPPA intensity of 500 mW/cm2 appeared to increase all the 3 differentiation 

parameters (Figure 50c i), ii), iii)) with respect to the other two intensities tested. Such 

differences were significant, for all parameters, in the case of comparisons between 500 

mW/cm2 samples and 1 W/cm2 samples (p < 0.0001). Significant differences were also found 
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between 500 mW/cm2 samples and 250 mW/cm2 samples concerning myotube width 

(Figure 50c i)) and fusion index (Figure 50c iii)) (p < 0.0001 and p = 0.0134, respectively), but 

not concerning myotube length (Figure 50c ii)) (p = 0.2000). Finally, a significant difference 

was also found by comparing myotube width (Figure 50c i)) between 250 mW/cm2 samples 

and 1 W/cm2 samples (p = 0.0097). Overall, these results suggest that 1 MHz and 500 

mW/cm2 are the optimal LIPUS exposure conditions, among the ones tested, to maximize 

C2C12 cell differentiation. 

Considering the different in vitro studies on cell differentiation and ultrasound stimulation 

(reported in Table 5), some of them showed an increase in term of myogenin or desmin 

protein content and gene expression, that is representative of an increase of differentiation. 

Among these studies, Abrunhosa et al. 240 reported an analysis of the myotube morphology 

that is similar to the one presented in this study, although with a different cell line. The 

bioeffects obtained in this work, in terms of fusion index and myotube width, are higher 

than the ones achieved by Abrunhosa et al. 240. This group used similar ultrasound 

stimulation parameters, although they found better results in continuous than in pulsed 

mode. This discrepancy could be due to the different ultrasound stimulation set-ups used; 

thus, a direct comparison is difficult. 

There are different cellular pathways involved in the enhanced muscle differentiation due to 

ultrasound exposure. Ikeda et al. 247 showed that ultrasound activates phosphorylation of 

p38 MAPK. Despite they demonstrated that the ultrasound stimulation of C2C12 cells pushes 

their differentiation towards an osteoblast and/or chondroblast lineage, it is well known that 

phosphorylation and aĐtiǀitǇ of the α aŶd β isofoƌŵs of pϯϴ MAPK is gƌaduallǇ iŶduĐed 

during the differentiation of myoblast 260. Moreover, a change in its activity affects the 

transcriptional pattern of muscle-specific genes, indicating that it may modulate 

transcriptions factors involved in the differentiation process 260-262. Calcium ions may also 

have an important role: they are in fact essential for muscle cell contraction and 

differentiation. These ions can enter cells through stretch-activated channels, which are 

strictly connected to the cell stress fibers. Porter et al. 263 reported that calcium channel 
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blockade decrease both the number and the size of differentiated myotubes. Ultrasound 

may be a trigger for an increased activation of such channels. 

C2C12 cell line consists of murine myoblast cells derived from satellite cells, whose behavior 

corresponds to the one of the progenitor lineage. It is considered a good model of skeletal 

muscle development and it is widely used to this purpose 264. C2C12 cells are indeed a 

subclone of C2 myoblasts that can differentiate in culture, and it is known that they 

reproduce a number of skeletal muscle features 265, representing a reliable model for the 

study of muscle tissue in a variety of normal and pathological conditions. For these reasons 

the results obtained could partly clarifies why some in vivo ultrasound-based experiments 

reported in the literature showed significant muscle regeneration, while others did not. In 

fact, a significant improvement of muscle regeneration after injuries was observed in some 

studies featured by a stimulation frequency around 1 MHz 243, 245, 246. Other studies that did 

not report significant bioeffects on muscles due to ultrasound stimulation, were based on 

stimulation frequencies around 3 MHz 242 241. It is obviously premature to affirm that a 

strong correlation can be drawn between our findings and these previous studies, because in 

vivo stimulation conditions varied between studies in terms of intensity and duration and it 

is also well known that attenuation in tissues is frequency-dependent and it also varies 

between tissues 266. Since the same free field intensity may result in different conditions at 

the target tissue, further investigation is needed to translate the results obtained in this 

study to in vivo settings, with the aim of evaluating the bioeffects triggered by ultrasound on 

muscle tissues. 

Overall, our results showed that two different frequencies allow to maximize the 

proliferation and the differentiation processes in myoblasts. This is coherent with the fact 

that these processes are governed by completely different and often mutually exclusive 

cellular pathways 267. In fact, myoblast must exit the proliferation cycle in order to 

differentiate and to fuse in multinucleated myotubes. Additional investigations could further 

clarify the cellular pathways activated by the different ultrasound exposures, e.g. by means 

of gene expression microarrays. Since literature findings suggest that therapeutic ultrasound 

can modulate signal-transduction pathways (leading to regulation of gene expression and/or 
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the modulation of RNA translation to a protein product), we have proposed some possible 

activated pathways that bring to LIPUS induced proliferation (increase in AP-1250, 268 protein 

which is activated by the mechanical tension applied to cells and has a pro-mitogenic 

function) and differentiation (activation of MAPK p38 phosphorylation247, increase of 

calcium ions239). The frequency resonance hypothesis proposed by John (2002)269 could 

support our findings. The central premise of the frequency resonance hypothesis is that the 

mechanical energy within the ultrasound wave is absorbed by proteins, altering their single 

structural conformation of or the function of a multimolecular complex. Moreover, the 

ultƌasouŶd ǁaǀe ŵaǇ iŶduĐe ƌesoŶaŶt aĐtiǀitǇ iŶ the pƌoteiŶ, ŵodulatiŶg the ŵoleĐule͛s oƌ 

ŵultiŵoleĐulaƌ Đoŵpleǆ͛s effeĐtoƌ fuŶĐtioŶ. CoŶsideƌiŶg eŶzǇŵatiĐ pƌoteiŶs as a ŵoleĐulaƌ 

model, he suggested that the energy provided to the enzyme by the ultrasound wave may 

iŶduĐe tƌaŶsieŶt ĐoŶfoƌŵatioŶal shifts, alteƌiŶg the eŶzǇŵe͛s aĐtiǀitǇ ;i.e., kiŶases oƌ 

phosphatasesͿ aŶd the oǀeƌall fuŶĐtioŶ of the Đell. AlteƌŶatiǀelǇ, ultƌasouŶd͛s ƌesoŶatiŶg 

force may result in the dissociation of functional multimolecular complexes or in the release 

of a sequestered molecule (dislodging an inhibitor molecule from the multimolecular 

complex). Hypothetically, frequency resonance may imply that different frequencies 

establish different resonant forces. Hence, various frequencies may affect combinations of 

proteins or multimolecular complexes in different ways, lending to the possibility of targeted 

effects at the cellular and molecular levels.269 

Temperature measurements 

As mentioned, few works associate temperature measurements to the ultrasound 

stimulation regimes used, but this is crucial to discriminate between thermal and mechanical 

bioeffects. The results of temperature measurements in our case are reported in Figure 51.  



 

132 

 

 

Figure 51. Temperature measurements. a) Graph representing the temperature variations inside 

the cell culture well for the following stimulation conditions: 500 kHz, 1 MHz, 3 MHz, 5 MHz, at an 

SPPA intensity of 500 mW/cm2. b) Graph representing the temperature variations due to LIPUS 

stimulation at 3 MHz (the optimal one in proliferation tests) and 250 mW/cm2, 500 mW/cm2 and 1 

W/cm2. c) Temperature variations measured during LIPUS stimulation at 1 MHz (for the optimal 

one in differentiation tests) and 250 mW/cm2, 500 mW/cm2 and 1 W/cm2. (from Salgarella et al., 

2017252) 

 

Results show that for the different conditions tested (intensity fixed at 500 mW/cm2 and 

different frequencies - Figure 51a, frequency fixed at 3 MHz and different intensities – Figure 

51b, frequency fixed at 1 MHz and different intensities – Figure 51c, all temperature rises 

were equal to or lower than 0.6 °C. These findings are in line with the typical temperature 

rise reported in LIPUS stimulation (< 1 °C) 270. Thus, our experimental conditions can be 

classified as non-thermal ultrasound exposures 271. Moreover, it must be pointed out that a 

contribution of this temperature increase could be due in part to viscous heating artefacts. 

In fact, we did not use viscous-free sensors, such as thin film termocouples, for these 

measurements 272. This probably led to an overestimation of the real temperature rise within 

the culture wells, due to ultrasound stimulation. Since the temperature increase was almost 

the same for all the different frequencies tested (Figure 51a), it can be affirmed that the 

different results obtained concerning proliferation and differentiation at diverse stimulation 

frequencies are surely due only to non-thermal bioeffects. 

 

I 
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In summary 

Skeletal muscle tissue possesses an intrinsic regeneration capability, but this self-repairing 

property can be seriously impaired in certain conditions, due to ageing, severe muscle 

diseases or loss of large muscle mass; patients would thus strongly benefit from external 

inputs promoting muscle regeneration. In other cases, the damage is less severe, but it 

would be highly desirable to hasten the regeneration process. For example this could be 

needed for physiotherapy purposes to get in shape professional athletes, bringing them to 

the best performances after injuries as quick as possible. Therapeutic ultrasound, in 

particular LIPUS stimulation, have been proposed for this purpose and show promises in 

these domains. In this study we overcame the limitations of previous state-of-the-art 

evidences, which showed rather incoherent results in terms of LIPUS treatment efficacy on 

muscle regeneration. For this purpose, a systematic in vitro investigation and comparison of 

the effects triggered by controlled LIPUS exposures at different frequencies and intensities 

was performed. To this aim, an ad hoc tunable stimulation system and an ultrasound-

transparent cell culture well were used. Results allowed identification of the most effective 

parameters to maximize proliferation, which were 3 MHz and 1 W/cm2, and differentiation, 

which were 1 MHz and 500 mW/cm2. Results also demonstrated that only mechanical 

effects play in this process, while thermal effects are negligible. The outcomes of this work 

shed light on the optimal ultrasound stimulation parameters for muscle regeneration in vitro 

and show promises for a future in vivo translation of these findings. 
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3.2 Indirect stimulation 

Ultrasound-responsive micelles for dexamethasone 

release 

Framework 

Triggerable drug release systems based on stimuli-responsive polymers are emerging 

platforms aiming at increasing the effectiveness and reducing the side effects of traditional 

therapies.273 This on-demand targeted therapy is based on nanocarriers,274 thin films and 

hydrogels,275 nanogels,276 and other miniaturized systems applied for several pathological 

conditions. Such pathologies include nervous system disorders, bone inflammation and 

infections, chronic pain, oncological diseases, and diabetes.277, 278 As for all the bio/non-bio 

interfaces, also polymeric carriers can be designed in order to respond to different stimuli 

(chemical and physical ones), so to deliver the desired drug dose at the site of interest. Such 

stimuli can be internal to the body, such as pH changes, redox gradients, enzymes action, 

temperature changes.279 In this case, the triggering action is determined by local alterations 

of the diseased tissues with respect to the healthy ones. As stated in the Introduction 

section, stimuli can be also external to the body: this makes a remote triggering possible, 

thus adding a degree of controllability to the therapy. The remote drug release triggering can 

be based on different driving physical inputs, including electric and magnetic fields, light and 

ultrasound.280 

We have already mentioned that, among these external stimuli, ultrasound (US) has a high 

potential. In fact, US possesses several advantages281, 282: (1) penetrates through a number 

of different tissues, especially the soft ones, in a safe and reliable way without a dramatic 

attenuation of the wave energy, (2) is a versatile tool able to trigger both mechanical and 

thermal phenomena, and (3) has promising theragnostic abilities, being an effective tool for 

enhancing a drug release and visualizing the target during the therapeutic action. 

Consequently, the US stimulation raises an interest in the biomedical community, especially 
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in the need to understand the mechanism of US waves interaction with nanocarriers for a 

controlled delivery of therapeutic agents.283 

Nanocapsules, microbubbles liposomes and micelles are typical carriers developed for this 

purpose.282 In all these systems, the polymeric structure is permanently or temporarily 

perturbed by mechanical and/or thermal action of US, resulting in a modulated drug 

delivery.284 Micelles are particularly interesting since they can be easily prepared by self-

assembling of block copolymers.285 Their small size (diameter between 10 and 100 nm) 

enhances the penetration into the target tissue and decreases the renal excretion.284 Some 

examples of US-triggered micelles used for drug release have been recently reviewed.282, 286, 

287 The US mediates release of drug from a micellar core proceeds (1) irreversibly via ester 

hydrolysis induced typically by high intensity focused ultrasound (HIFU, 1.1 MHz)288, 289 or (2) 

reversibly via transient cavitation effect of low-frequency ultrasound (20 - 90 kHz).290 The 

impact of chemical structure of copolymers on the degradation and release was studied to 

some extent by Zhao et al. for irreversible degradation by HIFU.288 In contrast, in case of 

reversible perturbation/disruption of polymeric micelles, the drug release experiments are 

typically performed on one selected type of copolymer. The most commonly examined 

parameters are frequency, power density, pulse duration of US, concentration of polymer 

and drug, especially in the case of Pluronic P-105 micelles.291, 292 More versatile materials 

with tunable hydrophobicity, higher drug loading capacity and stealth properties would be 

desirable, in this field. A promising polymer family showing these features is the one of 

poly(2-oxazoline)s. 

Poly(2-oxazoline)s (POx) are synthetic polymers that can be prepared by living cationic 

polymerization of 2-oxazolines. The living nature of the polymerization process enables to 

control molar mass, dispersity and overall architecture of resulting polymers.293 Moreover, it 

allows to prepare well-defined block copolymers by a simple subsequent addition of 

properly selected monomers.294 A large library of 2-oxazoline monomers, including 

hydrophilic, thermoresponsive and hydrophobic ones, allows for forming versatile POx 

structures that exhibit significantly different chemical and physical characteristics. POx 

exhibit stealth behaviour295, 296 and have been found to be non-toxic both in vitro297, 298 and 
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in vivo299, 300. For these reasons, they are attracting an increasing attention in different 

biomedical fields, including the preparation of drug and protein conjugates301, anti-fouling302 

and thermoresponsive303 membranes, hydrogels304, 305, and vectors for gene306 and 

radionuclide307 delivery. 

It has been reported that amphiphilic block and gradient copolymers of (2-oxazoline)s self-

assemble in aqueous solution, resulting in polymeric micelles308, 309, polymersomes310, and 

vesicles311 formation. The hydrophobic core of such self-assembled aggregates can be used 

for a confinement of hydrophobic drugs. As recently demonstrated312-314, triblock copoly(2-

oxazoline)s containing a 2-butyl-2-oxazoline monomer are able to solubilize large amounts, 

more than 40 wt%, of anticancer drugs. The performance of POx-based drug delivery 

systems, including micelles, is highly dependent on the chemical composition of both the 

copolymer and the drug.315-317 Thus, a systematic investigation of different POx types, based 

on different comonomers and chain lengths, is crucial for well-tuned drug delivery 

applications. This potential is mostly under-investigated, since most of studies in this field 

focus on a single condition used for micelle formulation in combination with a specific drug. 

This Section focuses on a systematic analysis of the drug release profiles from POx-based 

polymeric micelles with and without low-frequency ultrasound stimulation. No study 

investigated US as a possible means to modulate drug release from POx-based micelles, so 

far. We have selected POx-based copolymers especially for their chemical versatility with 

well tunable hydrophilic-lipophilic balance and outstanding drug loading capacity. Moreover 

this polymer family shows good stealth properties295, 296 and no toxicity297-300. To this 

purpose, five different copoly(2-oxazoline)s were prepared and characterized. Two diblock 

copolymers and one triblock copolymer composed of 2-n-propyl-2-oxazoline and two diblock 

terpolymers containing 2-butyl-2-oxazoline-co-2-(3-butenyl)-2-oxazoline as hydrophobic 

part. Their ability to encapsulate dexamethasone, an anti-infammatory drug, was assessed 

by means of high performance liquid chromatography and the stability of such prepared 

micelles in PBS was studied by dynamic light scattering. Drug release measurement were 

performed with and without US stimulation and the variation in the release profiles after US 

was computed. Finally, delivery profiles were fitted by means of different mathematical 
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models. This analysis aims at filling a knowledge gap in the current state-of-the-art, 

concerning the responsiveness of POx-based micelles to ultrasound waves.  

Also this work has been done in strict collaboration with the Department for Biomaterials 

Research of the Polymer Institute of the Slovak Academy of Sciences thanks to their deep 

knowledge on POx synthesis and chemical characterization. 

The work reported in this Section has been recently accepted for publication in ACS 

Langmuir journal:  

Tƌeľoǀa D.#, Salgarella A.R.#, RiĐotti L., Giudetti G., CutƌoŶe A., Šƌáŵkoǀá P., ZahoƌaŶoǀá A., 
Choƌǀát Jƌ. D., Haško D., CaŶale C., MiĐeƌa S., KƌoŶek J., MeŶĐiassi A., LaĐík I. "Soft hǇdƌogel 
zwitterionic coatings minimize fibroblast and macrophage adhesion on polyimide 

substrates" accepted in ACS Langmuir. 
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Methods 

Synthesis of monomers 

Monomers were synthesized by adapting known procedures, as reported in detail in the 

following part. The purity of the synthesized monomers was verified by HPLC measurement 

using Agilent 1200 Series HPLC System (UV detection at 210 nm, Zorbax Eclipse Plus column 

C18, 4.6*250 mm, 5 µm, eluent methanol/water 90/10). 

2-n-Propyl-2-oxazoline 

2-n-Propyl-2-oxazoline (nPropOx) was prepared according to the procedure for the first time 

reported by Witte and Seeliger318 adopted with slight modifications. In a round bottom flask, 

butyronitrile (55.6 g, 0.805 mol) and zinc acetate (2.68 g, 0.015 mol) were heated to 100 °C. 

Next, 2-aminoethanol (44.7 g, 0.731 mol) was added dropwise into the reaction mixture. The 

reaction mixture was stirred at 130 °C for 48h to yield dark brown liquid. The colourless 

nPropOx was obtained from the reaction mixture by fraction distillation. The third fraction of 

the product was dried over KOH and CaH2 and distilled prior to use (25.6 g, yield 31%, 

bp30mBar =55 °C, lit. bp40mBar = 68 °C 319).  

1H NMR (400 MHz, CDCl3, δͿ Ϭ.ϵϳ ;t, ϯH; CH3-CH2-CH2), 1.65 (m, 2H; CH3-CH2-CH2), 2.25 (m, 

2H; CH3-CH2-CH2), 3.82 (t, 2H; CH2-N), 4.21 (t, 2H; CH2-O). 

 

Figure 52. 1H NMR spectrum of 2-n-propyl-2-oxazoline in CDCl3. 
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2-Butyl-2-oxazoline 

2-Butyl-2-oxazoline (ButOx) was prepared according to the procedure for the first time 

reported by Witte and Seeliger318 adopted with slight modifications. Briefly, in a round 

bottom flask the valeronitrile (23.85 g, 0.287 mol) and zinc acetate (0.96 g, 0.005 mol) were 

heated to 130°C. 2-Aminoethanol (16 g, 0.262 mol) was subsequently added dropwise into 

the reaction mixture. Reaction was stirred under the argon atmosphere at 130°C for 20h 

followed by addition of dichloromethane (50 ml). After the washing with brine and water, 

the organic layer was dried over anhydrous sodium sulfate. Sodium sulfate was filtered off 

and solvent was evaporated. Brownish liquid was dried over KOH for two days and distilled 

over CaH2 to yield ButOx as colourless liquid (17.22 g, yield 47%, bp14mbar= 57 °C, lit. bp16 

mbar.= 61 °C 312). 

1H NMR (400 MHz, CDCl3, δͿ Ϭ.ϴϱ ;t, ϯH, CH3-CH2-CH2-CH2-), 1.3 (m, 2H; CH3-CH2-CH2-CH2-), 

1.54 (m, 2H; CH3-CH2-CH2-CH2-), 2.19 (t, 2H; CH3-CH2-CH2-CH2-), 3.74 (t, 2H; CH2-N), 4.13 (t, 

2H; CH2-O). 

 

Figure 53. 1H NMR spectrum of 2-butyl-2-oxazoline in CDCl3. 
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2-(3-Butenyl)-2-oxazoline  

2-(3-Butenyl)-2-oxazoline (EnOx) was synthesized in two steps according to a procedure 

described previously for bis(2-oxazolines)320. First, 4-pentenoyl chloride (26.85 g, 0.226 mol) 

dissolved in dichloromethane (300 mL) was added dropwise to aqueous KOH (38.12 g, 0.679 

mol) with 2-chloroethylamine hydrochloride (31.52 g, 0.272 mol) cooled in ice bath. After 

addition of 4-pentenoyl chloride solution, the reaction mixture was stirred overnight at room 

temperature. Organic layer was separated, washed with brine and water and dried over 

anhydrous sodium sulfate. Dichloromethane was evaporated and the obtained liquid 

yellowish N-(2-chloroethyl)pent-4-enamide (yield 33.68 g, 92%) was used for second step 

without purification. The intermediate product was dissolved in 0.1 M methanolic KOH (250 

mL) and refluxed for 6h. Product was dissolved in chloroform and residual KCl was filtered 

off. Chloroform was evaporated and yellowish product was distilled over CaH2 and stabilized 

with 2,6-di-tert-butyl-4-methoxyphenol to give a EnOx as a colourless liquid (yield 13.64 g, 

52%, bp8mbar= 47 °C, lit. bp20mBar= 67 °C 321).  

1H NMR (400 MHz, CDCl3, δ, ppŵͿ: 2.38 (s, 4H, CH2=CH-CH2-CH2-), 3.82 (t, 2H; CH2-O), 4.22 (t, 

2H; CH2-N), 5.00-5.09 (m, 2H, CH2=CH-), 5.80-5.89 (m, 1H, CH2=CH-).  

 

Figure 54. 1H NMR spectrum of 2-(3-butenyl)-2-oxazoline in CDCl3. 
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Synthesis of copolymers MeOxn-b-nPropOxm (P1, P2) 

Two diblock copolymers from 2-methyl-2-oxazoline and 2-n-propyl-2-oxazoline differing in 

chain length and ratio of blocks were prepared. As an example, the synthesis of P1 was 

performed as follows. The initiator methyl 4-nitrobenzene sulfonate (71.9 mg, 0.331 mmol) 

was dried in a Schlenk flask under reduced pressure for 1 h. Subsequently, benzonitrile (12 

mL) and 2-methyl-2-oxazoline (4.7 g, 55.2 mmol) were injected into the flask. The 

polymerization of the first copolymer block proceeded under stirring in oil bath at 100°C for 

24 h. Then, 2-n-propyl-2-oxazoline (1.5 g, 13.3 mmol) and benzonitrile (10 mL) were added 

into the reaction mixture, which was polymerized at 100°C for further 24 h until full 

conversion was achieved, as confirmed by ATR-FTIR measurement. Termination was 

performed by treatment of the cooled polymerization mixture with 1 M methanolic KOH (1 

mL) for further 3 h. Resulting diblock copolymer was precipitated into cold diethylether. 

Dried copolymer was dissolved in distilled water and purified by dialysis against distilled 

water (SpectraPor® of 1 kDa molecular weight cut-off, Spectrum Laboratories, Inc., USA) for 

72 h and freeze-dried. Resulting diblock copolymers were achieved as white powder (yield 

P1 = 5.0 g, 81%).  

Copolymer P2 was prepared accordingly, using 72.3 mg (0.333 mmol) of methyl 4-

nitrobenzene sulfonate and 1.09 g (12.8 mmol) of 2-methyl-2-oxazoline in 4 mL of 

benzonitrile for the first step, and 1.9 g (16.8 mmol) of 2-n-propyl-2-oxazoline in 5.5 mL of 

benzonitrile for the second step. Following the same work-up procedure as for P1, the 

product was obtained as yellow powder with the yield 74% (2.16 g). 

 

Figure 55. Polymerization reaction scheme of diblock copolymer P1 and P2. 
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Figure 56. 1H NMR spectrum of polymer P1 in CDCl3. 

 

 

Figure 57. 1H NMR spectrum of polymer P2 in CDCl3. 
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Synthesis of copolymers MeOxm-b-(ButOxn1-EnOxn2)stat (P3, P4)  

Diblock copolymers containing double bonds were prepared in two sequential steps starting 

from hydrophobic block based on 2-butyl-2-oxazoline (ButOx) and 2-butenyl-2-oxazoline 

(EnOx) in statistical arrangement. The preparation of block copolymer P3 with composition 

MeOx/ButOx/EnOx = 40/20/10 was performed as follows. The initiator methyl 4-

nitrobenzenesulfonate (MeONs, 0.134 g, 0.62 mmol) was dried in a Schlenk flask under 

reduced pressure for 1 h. Subsequently, acetonitrile (4 mL), ButOx (1.57 g, 12.34 mmol) and 

EnOx (0.77 g, 6.15 mmol) were injected into the flask and solution was degassed by three 

freeze-thaw cycles. The reaction mixture was stirred in oil bath at 80°C for 24 h, until the full 

conversion was achieved, as confirmed by ATR-FTIR. Subsequently, the MeOx (2 mL, 23.62 

mmol) and additional acetonitrile (4 mL) were added into the reaction mixture, which was 

polymerized for further 24 h at the same temperature until full conversion was achieved. 

Termination was performed by treatment of the cooled polymerization mixture with 

methanolic KOH for further 3 h. Resulting diblock copolymer was precipitated into cold 

diethylether. Dried copolymer was purified by dialysis against distilled water (MWCO: 1 kDa; 

Spectrum Laboratories, Inc., USA) for 72 h and freeze-dried. Resulting diblock copolymer 

were obtained as white powders (yields P3 = 2.3 g, 53%).  

Copolymer P4 was prepared accordingly, starting with 53 mg of MeONs (0.244 mmol), 0.87 g 

of ButOx (6.84 mmol), 0.3 g of ButEnOx (2.4 mmol) in 2.4 mL of acetonitrile as a first step. As 

a second step, 2 g of MeOx (23.5 mmol) in 4 mL of acetonitrile was added. Following the 

same work-up procedure as P3, the product was obtained as white powder (yield 1.45 g, 

46%). 

 

Figure 58. Polymerization reaction scheme of diblock copolymer P3 and P4 
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Figure 59. 1H NMR spectrum of polymer P3 in CDCl3. 

 

 

Figure 60. 1H NMR spectrum of polymer P4 in CDCl3. 
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Synthesis of copolymers MeOx25-b-nPropOx145-b-MeOx25 (P5) 

Triblock copolymer consisting of 2-methyl-2-oxazoline and 2-n-propyl-2-oxazoline was 

synthesized as previously described.322 To a pre-dried Schlenk flask initiator 1,3-propanediol 

di-p-tosylate (193 mg, 0.5 mmol), dissolved in benzonitrile (25 mL), was added. 

Subsequently, 2-n-propyl-2-oxazoline (8.21 g, 72.6 mmol) was added. The reaction mixture 

was stirred in an oil bath at 100 °C until the full conversion was achieved as verified by 1H-

NMR. The polymerization mixture was then cooled with an ice bath and 2-methyl-2-

oxazoline (2.13 g, 25.0 mmol) and benzonitrile (8 mL) were added under inert atmosphere. 

The mixture was then stirred at 100 °C until the full conversion of the second monomer was 

achieved. The polymerization was terminated by adding an excess of piperidine (0.76 g). 

After several hours of stirring at room temperature (RT), an excess of K2CO3 was added. The 

product was purified by repeated precipitation in cold diethyl ether followed by dialysis 

against distilled water (MWCO: 1 kDa; Spectrum Laboratories, Inc., USA) and freeze-dried. 

The polymer was obtained as a white powder (yield 45%). 

 

Figure 61. Polymerization reaction scheme of triblock copolymer P5. 
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Figure 62. 1H NMR spectrum of polymer P5 in methanol-d4. 

 

1H NMR 

1H NMR spectra of all compounds were recorded at room temperature on a Varian VXR-400 

(Varian, USA) in CDCl3 and methanol-d4 solutions using tetramethylsilane (TMS) as an 

internal standard. 

Size exclusion chromatography(SEC) 

The size exclusion chromatography (SEC) characterization was performed using a P102 pump 

(Watrex, Czech Republic) and an evaporative light scattering detector ELS–1000 (PL-Agilent 

Technologies, Stretton, UK) with the temperature set to 180 °C and the gas flow rate of 1.5 

mL/min. The TSK gel GMH hr - M, 300 x 7.5 mm (TosoHaas Bioscience) SEC column was used 

for separation. The SEC analysis was performed at ambient temperature. The mixture of 50 

wt.% N,N-dimethylformamide (HPLC grade 99.7%, Alfa Aesar) and 50 wt.% chloroform (HPLC 

grade 99.8%, amylene stabilized, Sigma-Aldrich) was used as SEC eluent at the flow rate of 1 

mL/min. The calibration was based on narrow polystyrene standards (580 - 100 000 g∙mol-1, 

Pressure Chemical Company, Pittsburgh, US) providing the molar mass data for synthesized 
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copolymers relative to polystyrene standards. Data were collected and processed using the 

Clarity software (DataApex, Czech Republic). 

Preparation of dexamethasone (Dex) loaded micelles 

POx-based micelles were prepared according to the thin film hydration method described 

elsewhere.313 Stock solutions of copolymers and Dex in ethanol were prepared (usually 100 

g·L-1 and 10 g·L-1, respectively). The stock solutions were then pipetted into glass vials to 

obtain desired ratios of polymer to Dex. Ethanol was subsequently evaporated using a heat 

gun to obtain a thin film on the glass surface. The vials were dried at 60 °C in vacuum oven. 

Prior to experiment, polymer layers were re-hydrated using appropriate amounts of distilled 

water or PBS ;ϮϬϬ ʅL foƌ HPLC ŵeasuƌeŵeŶts, ϭ ŵL foƌ DLS ŵeasuƌeŵeŶts, ϭϬϬ ʅL for drug 

release study). The resulting solutions were resuspended by vortexing, centrifuged (3,000 

rpm for 10 min) in order to remove non-loaded Dex and the supernatant was used in further 

experiments immediately after the preparation. 

High performance liquid chromatography (HPLC)  

The purity of synthesized monomers was verified by HPLC measurements and the amount of 

Dex loaded in micelles was measured using Agilent 1200 Series HPLC System (UV detection 

at 240 nm, Zorbax Eclipse Plus column C18, 4.6*250 mm, 5 µm, eluent methanol/water 

90/10). For these measurements, the layer containing a copolymer and Dex was re-hydrated 

by adding of 200 µl of distilled water to obtain final concentration 10 g·L-1 of a copolymer 

and 0.5 – 10 g·L-1 of Dex. The loading efficiency was calculated as the weight percentage of 

loaded Dex, mDex, from the original Dex feed, mDex,0:  𝐿ܧ = ሺ݉஽௘௫ ݉஽௘௫,଴⁄ ሻ ∙ ͳͲͲ 

The loading capacity was calculated as the percentage of loaded Dex with respect to the 

total weight of the formulation: 𝐿ܥ = ( ݉஽௘௫ ሺ݉஽௘௫,଴ +  ݉௖௢௣௢௟௬௠௘௥ሻ⁄ ) ∙ ͳͲͲ 

where mcopolymer is the weight of copolymer in the formulation. The amounts of loaded Dex 

were calculated from calibration against free Dex dissolved in HPLC eluent (methanol:water 
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90:10) in the concentration range from 0.01 to 0.1 g·L-1. The experiment was performed in 

quadruplicates. 

Dynamic light scattering (DLS)  

Dynamic light scattering (DLS) measurements were performed using Zetasizer Nano-ZS 

(Malvern Instruments, UK) equipped with a 4 mW heliuŵ/ŶeoŶ laseƌ ;ʄ = ϲϯϯŶŵͿ aŶd 

thermo-electric temperature controller, with the following parameters set for poly(2-ethyl-

2-oxazoline): refractive index = 1.520, absorbance = 0.001. All measurements were 

performed at 28 °C in measurement angle 173°. The micelles for this analysis were prepared 

to obtain final concentration 10 g·L-1 of copolymer and 1 g·L-1 or 2 g·L-1 of Dex in PBS. The 

diameter (Dmode) of the polymeric micelles was expressed as the peak maximum from the 

intensity size distribution. The stability measurements of the micelles were performed 

immediately after the preparation in the time interval 24h. Typically, 200 - 400 

measurements were done for each sample and averaged value of the diameter (Dmode) from 

these measurements was compared. 

Dexamethasone release study 

IŵŵediatelǇ afteƌ ŵiĐelles pƌepaƌatioŶ, the suƌŶataŶts ĐoŶtaiŶiŶg ŵiĐelles ;ϭϬϬ ʅLͿ ǁeƌe 

inserted in dialysis devices (Slide A-Lyzer® MINI Dialysis Units, 3,500 MWCO - Thermo Fisher 

Scientific). The devices were then placed in centrifuge tubes (2 mL volume) containing PBS at 

the initial time point (See Figure 63 for the drug release protocols schemes). For 

spontaneous release protocol, the dialysis device was moved from one centrifuge tube to 

another at each time point (5 min, 15 min, 30 min, 1 h, 3 h, 6 h, 10 h and 24h). The Dex 

ƌelease fƌoŵ ŵiĐelles ǁas ŵeasuƌed thƌough aďsoƌďaŶĐe ƌeadiŶgs ;ʄ = Ϯϰϯ ŶŵͿ of the PBS 

contained in each centrifuge tube (1.5 mL). After 24 h the micelles were exposed to 2 h 

sonication provided with the ultrasound water bath and absorbance measures were 

performed in order to evaluate the maximum Dex release (considered as 100%). Four 

different samples were analyzed for each micelle type (P1-P5) and for each of the Dex 

concentrations (1 and 2 g·L-1). The US-mediated protocol was the same of the spontaneous 

one except for US stimulation, which was provided to the micelles over 10 min with a water 

bath, by setting it at a 20 W power and a 40 kHz frequency, for three time-points (17 min, 2 



 

149 

 

h and 8 h). Also in this case four different samples were analyzed for each micelle type (P1-

P5) and for each Dex concentration (1 and 2 g·L-1). 

 

Figure 63. Drug release protocols. 

 

Both the US mediated and the spontaneous Dex release profiles are reported as the 

percentage cumulative Dex release respect to the maximum release. Differences between 

the spontaneous and the US-triggered drug release extent were evaluated at the time points 
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after US stimulation and reported as respective increases, Δ Release and Δ Slope, for each 

copolymer and each Dex concentration. Δ Release was computed at 3 different time points 

(30 min, 3 h and 10 h) as the percentage variation of the cumulative release due to US, that 

is  

݁ݏ݈ܴܽ݁݁ ∆ =  ሺܷܵ𝑃஼𝑅ሺݐሻ −  ܵ𝑃஼𝑅ሺݐሻሻܵ𝑃஼𝑅ሺݐሻ  ∙ ͳͲͲ 

where USPCR (t) and SPCR (t) are respectively the US mediated and spontaneous percentage 

cumulative release at the time point t after US stimulation, respect to the maximum release 

achieved after 2 h US stimulation. Δ Slope was calculated for 3 different time intervals (from 

15 min to 30 min, from 1 h to 3 h, and from 6 h to 10h) as the percentage variation of the 

slope of the cumulative release profiles due to US, that is  

ଵ−ଶሻݐሺ ݁݌݋݈ܵ ∆ =  ܷܵ௦௟௢௣௘ሺݐଵ−ଶሻ − ܵ௦௟௢௣௘ሺݐଵ−ଶሻܵ௦௟௢௣௘ሺݐଵ−ଶሻ  ∙ ͳͲͲ 

where USslope (t1-2) and Sslope (t1-2) are respectively US mediated and spontaneous slope of the 

percentage cumulative release profiles in the US stimulation containing time interval t1-2. For 

better clarification on computation of Δ Release and Δ Slope, please refer to Figure 64. 
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Figure 64. Δ Release aŶd Δ Slope ĐoŵputatioŶ 

 

Data of the percentage cumulative release profiles were fitted with the zero order model 

and with Ritger-Peppas model by means of a MATLAB® toolbox (cftool) for curve fitting. 

Statistical Analysis 

The percentage cumulative release values from US-mediated and spontaneous release 

experiments were compared at the time points immediately after the US stimulation (30 

min, 3 h and 10 h) by using a non-parametric statistical analysis: a two-sample Kolmogorov-

Smirnovn test was performed in order to evaluate significant differences. Results were 

considered statistically different for p-ǀalues ≤ Ϭ.Ϭϱ. 
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Results and discussion 

For the study of spontaneous and ultrasound-mediated release of dexamethasone model 

hydrophobic drug, we prepared five different poly(2-oxazoline)-based amphiphilic block 

copolymers shown in Figure 65a. 

P1 (nPropOx40-MetOx160) and P2 (nPropOx60-MetOx40) are diblock copolymers consisting of 

2-methyl-2-oxazoline and 2-n-propyl-2-oxazoline, which differ in the blocks ratio and in their 

chain length.  

P3 ((EnOx10-ButOx20)stat-b-MetOx40) and P4 ((EnOx10-ButOx30)stat-b-MetOx100) are diblock 

terpolymers, with a hydrophobic part containing 2-butyl-2-oxazoline and unsaturated 2-(3-

butenyl)-2-oxazoline components. It is known that such 2-oxazoline monomers containing 

double bonds are incorporated into a micellar structure and allow further modifications via 

radical reactions, e.g., incorporation of drugs or targeting moieties, 323 and crosslinking of 

micellar core.324 

Finally, P5 (MetOx25-nPropOx145-MetOx25) is a triblock copolymer consisting of an outer 

hydrophilic 2-methyl-2-oxazoline and an inner 2-n-propyl-2-oxazoline part. This architecture 

is inspired by the one of Pluronics, well-known triblock copolymers, extensively explored in 

the US-mediated drug delivery.286, 325 Pluronics are composed of thermoresponsive 

poly(propylene glycol) inner block and two outer hydrophilic poly(ethylene glycol) blocks. 
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Figure 65. Representation of ultrasound triggered release from different POx micelle types. a) 

Chemical structures and illustrative images of the diblock and triblock copolymers P1 – P5 

synthesized and analyzed in this section (yellow: hydrophobic copolymer parts, grey: hydrophilic 

copolymer parts) and of dexamethasone, the steroid anti-inflammatory drug, used for drug release 

studies. b) Depiction of the two experimental conditions studied: spontaneous release (left) and 

ultrasonic-mediated release (right) from POx micelles. 
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The purity of synthesized monomers was measured by HPLC (see Figure 66), demonstrating 

96%, 93% and 97% purity for nPropOx, ButOx and EnOx, respectively.  

 

Figure 66. HPLC elugrams of synthesized monomers. The monomers were measured using Agilent 

1200 Series HPLC System (UV detection at 210 nm, Zorbax Eclipse Plus column C18, 4.6*250 mm, 5 

µm, eluent methanol/water 90/10).  

 

The block copolymers structure were studied by means of nuclear magnetic resonance 

(NMR) spectroscopy and size exclusion chromatography (SEC). The results are summarized in 

the following Table. 

  



 

 

 

Sample 
Theoretical 

composition 

Mn,theor 

[kDa] 
Mn [kDa] Đ 

Ftheor 

[%] 

F 

[%] 

Yield 

[%] 

Dmode,1 

[nm] 

Dmode,2 

[nm] 

P1 
MetOx160-b-

nPropOx40 
18.2 13.1 1.44 80 82 81 158 ± 11 129 ± 28 

P2 
MetOx40-b-

nPropOx60 
10.2 11.5 1.27 40 51 74 33 ± 1 33 ± 0.0 

P3 
MetOx40-b-

(ButOx20-EnOx10)stat 
7.2 7.8 1.22 57 68 53 193 ± 15 134 ± 34 

P4 
MetOx100-b-

(ButOx30-EnOx10)stat 
13.6 10.5 1.32 71 79 46 

667 ± 122 

113 ± 51 

372 ± 178 

115 ± 30 

P5 

MetOx25-b-

nPropOx145-b-

MetOx25 

20.9 9.9 1.33 26 43 45 51 ± 3 55 ± 13 

Table 6. Theoretical number average molar mass (Mn,theor) and theoretical molar hydrophilic fraction (Ftheor) calculated from the feed, Mn and 

dispeƌsitǇ ;ĐͿ ŵeasuƌed ďǇ SEC, hǇdƌophiliĐ ŵolaƌ fƌaĐtioŶ ;FͿ ĐalĐulated fƌoŵ 1H NMR spectra, Dmode,1, Dmode,2 diameters calculated from DLS 

measurements in PBS, for dexaŵethasoŶe ĐoŶĐeŶtƌatioŶs ϭ aŶd Ϯ g∙L-1, respectively (mean ± SD from 200 - 700 measurements performed from 

preparation up to 24h). 
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In all cases, except for the copolymer P1 that showed the highest hydrophilic fraction, we 

observed an increase of the hydrophilic molar fraction F in comparison to theoretical values. 

This observation is in agreement with recent results,322 in which a discrepancy between 

theoretical and experimental composition of triblock copolymers from 2-methyl-2-oxazoline 

and 2-n-propyl-2-oxazoline was found. Such discrepancy was explained by an inefficient 

precipitation of copolymers in diethyl ether during a cleaning step, as proven by the 

presence of a high 2-n-propyl-2-oxazoline copolymer fraction dissolved in diethyl ether. An 

inefficient precipitation is proposed to be also responsible for obtained low yields, since, in 

general, the living cationic polymerization of 2-oxazolines reaches a quantitative monomer 

conversion, resulting in high yields (>95%). 326 Molar masses measured by SEC were in good 

agreement with theoretical values for copolymers possessing shorter chain lengths (P2 and 

P3). For the copolymers with longer chains above 10 kg·mol-1 (P1, P4 and P5), the values 

obtained from SEC measurements were lower than theoretical ones. However, it should be 

taken into account that for such wide spectrum of different chemical compositions and the 

ratios of the blocks, the results from SEC can be considered only as relative values. The 

dispersities of prepared copolymers were below 1.45, which indicates relatively narrow 

molar mass distributions. 

The prepared block copolymers were then used for encapsulation of dexamethasone (Dex), 

an anti-inflammatory steroid drug, with a limited water-solubility (0.089 g·L-1 at 25 °C)327. 

The polymeric micelles with encapsulated Dex were prepared by fast and simple thin film re-

hydration method described by Luxenhofer et al. for encapsulation of anticancer drugs in 

poly(2-oxazoline) micelles.312, 313, 317 Please refer to Figure 67 for a representative Cryo 

Scanning Electron Microscopy (Cryo-SEM) image of the micelles formed by the afore 

mentioned technique (in this case P2 micellar system). 
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Figure 67. Cryo-SEM image of P2 Dex-loaded micelles. The morphology of the aggregates was 

studied using scanning electron microscope JEOL 7500 F (JEOL, Japan) equipped with cryomode 

system from Quorum, UK. First, cold aqueous solutions of selected micelles were prepared. The 

samples were transferred to an holder containing 3 mm high copper rivets. The holder was 

immediately inserted into liquid nitrogen. Frozen samples were transferred into preparation 

chamber and fractured with scalpel-bladed probe. Surface layer of water was sublimated for 10 

min at -90 °C. The samples were subsequently coated with platinum/palladium conductive layer 

(60 s) and mounted on the SEM stage cooled to -140 °C. The samples were examined using 

secondary electron imaging (SEI) detector, microscope was operating at accelerating voltage of 15 

keV. Working distance was fixed to 8 mm. 

 

Figure 68 shows the Dex loading data for the different polymeric micelles, expressed as 

loaded mass and loading efficiency, obtained by HPLC.  
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Figure 68. Loading of Dex in micelles expressed as loaded mass and loading efficiency. Double 

scaled plots representing the loaded Dex in poly(2-oxazoline)-based micelles with grey columns 

(mean value and standard deviation from 4 measurements), and corresponding loading efficiency 

with red dots (mean value and standard deviation, from 4 measurements). P1 (nPropOx40-

MetOx160); P2 (nPropOx60-MetOx40); P3 (EnOx10-ButOx20)stat-b-MetOx40); P4 (EnOx10-ButOx30)stat-b-

MetOx100); P5 (MetOx25-nPropOx145-MetOx25). The loading was measured in water by high 

performance liquid chromatography, using a constant copolymer concentration of 10 g·L-1. 

 

The micelles exhibited large variations in loading efficiency depending on their chemical 

structure. Diblock copolymers composed of 2-n-propyl-2-oxazoline exhibited loading 

efficiencies around 80% up to 1 g·L-1 (P1) and 2 g·L-1 (P2). Diblock copolymers containing 

double bonds were featured by a considerably lower loading efficiency in the whole range of 

Dex concentrations. In particular, for the lowest studied feed concentration of Dex, i.e., 0.5 

g·L-1, the measured loading efficiency for P3 was 67%, while for P4 it was just 42%. The 

triblock copolymer P5 exhibited relatively high loading efficiencies up to a Dex concentration 

of 2 g·L-1, comparable with the results obtained for the copolymer P2. Both copolymers with 

highest loading efficiencies also exhibit lowest hydrophilic fractions F (51 and 43% for P2 and 

P5, respectively), respect to the other copolymers. However, the loading efficiency does not 

depend solely on the hydrophilic fraction, but also on the chemical structure of hydrophobic 
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comonomer. In general, two copolymers comprising double bonds (P3, P4) exhibit inferior 

loading for all the Dex concetrations. Recently, Raveendran et al. described the preparation 

of curcumin-loaded micelles composed of 2-(3-butenyl)-2-oxazoline and 2-ethyl-2-oxazoline. 

In accordance with our results, such prepared micelles exhibited encapsulation efficiencies 

52 and 83% (with more hydrophobic copolymer featured by higher loading efficiency).328 

The loading capacity is another characteristic of micellar systems used as drug carriers, 

expressed as the ratio between the weight of loaded drug and the total weight of the drug 

carrier, including the loaded drug. The maximal loading capacities of the prepared polymeric 

micelles P1-P5, as well as other micellar formulations reported in the literature, are shown in 

Figure 69.  

 

Figure 69. Loading capacity of different micellar formulations. Maximal loading capacity for POx-

based P1-P5 formulations compared to the loading capacity of various Dex-loaded micelles (a = 

Janas et al.329, b = Yang et al.330, c = Wang et al.331, and d = Nidhi et al.332) reported in the literature. 

Loading capacity is calculated as reported in the Methods subsection. 
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They ranged from 4.2% for P4 to 14.7% for P2. It is worth mentioning that other polymeric 

micelles recently used for Dex encapsulation exhibited comparable or much lower loading 

capacities with respect to P1-P5 formulations. Typically, a loading capacity in the range 0.5 - 

3% was observed for Dex-loaded micelles composed of poly(ethylene glycol) (PEG) as a 

hydrophilic corona and butyl methacrylate329, D,L-lactide330, polycaprolactone (PCL)331, 333 

and poly(propylene glycol)332, respectively, as a hydrophobic core. Slightly higher loading 

capacities (from 7 to 12%) were reported for PEG-PCL micelles loaded with dexamethasone 

acetate. However, such micelles remained stable in saline for less than 2 h.334 

The P1-P5 formulations have to be stable in the physiologically-related environment in order 

to be considered as potential drug nanocarriers. The instability results in an uncontrolled 

product due to aggregation and precipitation that would completely hamper obtaining of 

reliable biological data. The stability and size of Dex-loaded micelles was determined by 

means of DLS in PBS by monitoring the size of micelles for 24 h. This time range was selected 

based on the work of Luxenhofer et al.313, where the authors described almost total (> 80%) 

release of loaded drug from POx micelles after 24h. We thus considered this time range to 

be relevant for our further studies. We selected two drug concentrations, namely 1 and 2 

g·L-1, to investigate the micelle stability. In the concentration of Dex 2·g∙L-1, our micellar 

formulation exhibits the maximum loading capacity. For the comparison, we selected one 

lower concentration (1 g·L-1). The copolymer concentration was kept 10·g∙L-1 in all cases, 

typically used in drug encapsulation studies on POx micelles.312, 313 The results for 1 g·L-1 Dex 

concentration are shown in Figure 70 and Table 6. The size is expressed as a peak maximum 

derived from intensity size distribution (Dmode). For P1-P3 and P5 micellar systems, the 

intensity size distributions were monomodal and the constant values during 24 h of analysis 

demonstrated their stability. During 24h, the P4 system exhibited a stable bimodal 

distribution with peak maxima at 113 nm and 667 nm, respectively. This copolymer also 

exhibited the lowest loading capacity (Figure 69), which may be associated with a rather 

unstable formulation. 
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Figure 70. Stability test of micelles loaded with 1 g·L-1. Dex. Dynamic light scattering measurements 

to assess micelle stability over 24 h in PBS. For each micelle type, the left plot represents the 

diameter of particles at different time-points expressed as a peak maximum from intensity size 

distribution (Dmode), and the right plot shows a representative intensity size distribution, 12h after 

the preparation. 

 

The DLS results concerning a 2 g·L-1 Dex concentration are summarized in Table 6 and Figure 

71. Overall, the results were comparable with the 1 g·L-1 Dex concentration apart from a 

slight reduction of stability in the 24 h observation window showed for all the micellar 

systems except for P2. This is also reflected in observed increase of the standard deviations 

provided for the diameters in Table 6. Moreover, in some cases a slight decrease in particle 

size was observed (for copolymers P1, P3 and P4). In addition, the P4 copolymer exhibited a 

bimodal size distribution for the first 10 h, but afterwards the sample became polydisperse 

and unstable.  
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Figure 71. Stability test of micelles loaded with 2 g·L-1. Dynamic light scattering measurements to 

assess micelle stability over 24 h in PBS. For each micelle type, the left plot represents the 

diameter of particles at different time-points expressed as a peak maximum from intensity size 

distribution (Dmode), and the right plot shows a representative intensity size distribution, 3h after 

the preparation. P4 Dex-loaded micelles exhibiting bimodal size distribution for the first 10h (black 

line), then the sample became polydisperse and unstable (grey green line). All other micellar 

systems were monodisperse and stable. 

 

P2 and P5 Dex-loaded micelles were of a diameter smaller than 100 nm. These sizes are in 

the typical range of other POx-based micelles.313 Pluronic micelles typically display even 

smaller diameter of around 10 nm.335 This may be attributed to generally smaller molar 

masses of Pluronic copolymers. Copolymers P1 and P3, featured by a higher hydrophilic 

fraction, formed micelles with diameters between 100 and 200 nm. These dimensions 

exceed the typical polymeric micelles size, suggesting that the formed particles may 

represent polymersomes, worm-like micelles or micelle aggregates. Block copolymers with 
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high hydrophilic fraction (80 - 90 mol%) may form spherical aggregates composed of tens of 

micelles with the diameter above 100 nm.336 Similar aggregates were observed by Hruby et 

al.307 and Trzebicka et al.309 for thermoresponsive POx copolymers. In general, the 

hydrophilic fraction of copolymers in the range from 10 to 40 mol% favors the formation of 

polymersomes or worm-like micelles.337 Krumm et al.338 reported formation of 

polymersomes from triblock copolymers with 2-phenyl-2-oxazoline as a middle part, with 

the hydrophilic fraction around 50 mol%. Our results suggest that POx copolymers with a 

lower molar hydrophilic fraction (P2 and P5) formed smaller and more stable micelles. The 

same trend was observed by Trzebicka et al.309 for diblock copolymers composed of 2-ethyl-

2-oxazoline and 2-phenyl-2-oxazoline. On the other hand, our copolymers which exhibit 

larger aggregates (P1, P3 and P4) possess high molar hydrophilic fraction (70 - 80%), we thus 

do not expect the formation of polymersomes, although the formation of micellar 

aggregates. 

We investigated US as a possible modulating input by measuring Dex release from P1-P5 

micelles both spontaneously and following US stimulation (see Figure 65b). Figure 63 shows 

a depiction of the experimental protocol used, detailed described in the Methods 

subsection. US stimulation (40 KHz, 20 W – 10 min duration) was provided with a US water 

bath at three time-points over the 24 h release experiment, namely: t1 = 17 min, t2 = 2 h and 

t3 = 8 h. Figure 72, Figure 73 and Figure 74 show the Dex release data obtained for all the 

micelle types and both Dex loadings. The release profiles are reported as the cumulative 

percentage release at different time-points (5 min, 15 min, 30 min, 1 h, 3 h, 6 h, 10 h and 24 

h).  
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Figure 72. Dex release profiles for P1 and P2 Dex-loaded micelles. Spontaneous (black round 

points) and US-mediated (grey square points) for micelles based on POx diblock copolymers, 

namely P1 and P2, loaded with 1 and 2 g·L-1 Dex, respectively. The release data are expressed as 

the percentage cumulative Dex release with respect to the maximum release for a given micelle 

type. Each point shows the mean value and the standard deviation obtained from 4 

measurements. Red dashed lines represent the time-points when the ultrasound stimulation was 

provided. The zoomed plots highlight the first 3 h of the release experiment. Asterisk indicates a 

statistically significant difference between US-mediated and spontaneous release values (p < 0.05, 

two sample Kolmogorov-Smirnov test). 
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Figure 73. Dex release kinetics from P3 and P4 micelles. Spontaneous (black round points) and US-

mediated (grey square points) for micelles based on POx diblock terpolymers, namely P3 and P4, 

loaded with 1 and 2 g·L-1 Dex, respectively. Red dashed lines represent the time-points when the 

ultrasound stimulation was provided. The zoomed plots highlight the first 3 h of the release 

experiment. Asterisk indicates a statistically significant difference between US-mediated and 

spontaneous release values (p < 0.05, two sample Kolmogorov-Smirnov test). 

 

Figure 74. Dex release kinetics from P5 micelles. Spontaneous (black round points) and US-

mediated (grey square points) for micelles based on POx triblock copolymer P5, loaded with 1 and 

2 g·L-1 Dex, respectively. Red dashed lines represent the time-points when the ultrasound 

stimulation was provided. The zoomed plots highlight the first 3 h of the release experiment. 

Asterisk indicates a statistically significant difference between US-mediated and spontaneous 

release values (p < 0.05, two sample Kolmogorov-Smirnov test). 



 

166 

 

In all cases, the US-mediated Dex release (grey square points) was faster than the 

spontaneous release (black round points) that is highlighted by zooming into the first three 

measurement time points. Immediately after the first US stimulation at 17 min (first red 

dashed line, highlighted in the zooming areas in Figures 72 - 74), a statistically significant 

increase of the cumulative release (grey square points) was observed for almost all sample 

types, except for P2 micelles loaded with 1 g·L-1 Dex (Figure 72c). Also after the second US 

stimulation at 2 h (second red dashed line, highlighted in the zooming areas in Figures 72 - 

74), a statistically significant difference was found between US-stimulated and non-

stimulated Dex release for all micelle types, with the exception of P4 micelles loaded with 1 

g·L-1 Dex (Figure 73c). The third US stimulation at 8 h (third red dashed line in Figures 72 - 74) 

resulted in significant enhancement of the US-triggered release (grey square points) 

compare to spontaneous release (black round points) for all micelle types, except for P1 

micelles loaded with 2 g·L-1 Dex (Figure 72b) and for P3 micelles loaded with 2 g·L-1 Dex 

(Figure 73b). These results suggest that US can effectively modulate Dex release from POx-

based micelles. 

Micelles possessing lower hydrophilic fraction (P3, P2, P5) exhibit slower spontaneous 

release rates, in comparison to their counterparts with higher hydrophilic fraction, as visible 

especially for the concentration 1 g·L-1 Dex (see Figures 72 - 74). Despite this fact, at the final 

time-point (24 h) of the release tests, both US-stimulated and spontaneous release 

converged to the same release value in most cases. This is due to the relatively fast-releasing 

nature of these nanocarriers, which show almost 100% release of the drug after 1 day. 

However, the ability to modulate drug release kinetics through ultrasound at shorter time-

points in an effective way, for certain POx formulations, has interesting applications. Once 

administered systemically in the bloodstream, in fact, micelles travel quite quickly towards 

the target: for a human subject, the cardiac output is 5 L/min with a 5 L blood volume, 

indicating that the blood circulates on average once per minute.339 Thus, having an outer 

tool (an ultrasound probe) able to locally trigger the release kinetics in a localized 

body/tissue portion, even if for few minutes/hours, may have a high clinical relevance. 
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Considering the micellar systems loaded with 1 g·L-1, both in the case of diblock copolymers 

(Figure 72 a and c) and of diblock terpolymers (Figure 73 a and c), the copolymers featured 

by the lower hydrophilic fractions, that are P2 (Figure 72a) and P3 (Figure 73c) respectively, 

showed a faster cumulative release profile due to US, respect to the others that have a 

higher hydrophilic fraction, that are respectively P1 (Figure 72c) and P4 (Figure 73a), 

providing a stronger enhancement of Dex release due to ultrasound respect to the 

spontaneous one. Also P5 (Figure 74a) showed the same behaviour. Hence, among all the 

five different micellar systems, P2, P3, and P5, which are the ones featured with the lowest 

hydrophilic fractions, are also the ones on which US provides the highest effect on Dex 

cumulative release profiles. This is also highlighted by the fact that the US mediated release 

profiles and the respective spontaneous ones continued to differ also at the final time-point 

(24 h), thus providing some suggestions that a better US modulation can be achieved with 

systems composed of more hydrophobic copolymers. 

Considering the micellar systems loaded with 2 g·L-1, instead, the behavior reported before 

was not confirmed except for the case of the diblock copolymers (Figure 72 b and d), in 

which P2 continued to show a faster cumulative release profile due to US respect to P1. One 

should notice that as we mentioned before a slight reduction of stability in the 24 h 

observation window was shown for all the micellar systems except for P2, which remained 

stable within the 24 h also for the micellar system loaded with 2 g·L-1 (see Figure 71 and 

Table 6). 

Another option to capture the differences between US-mediated and spontaneous release is 

shown in Table 7 with the Δ release [%] computed at the time points immediately after US 

stimulation events and the Δ slope [%] in the "US-containing" time intervals (detailed in the 

Methods subsection). For all the samples, an increase in the release due to the US 

stimulation was observed. The maximum Δ release (+ 105.4%) was found for P2 micelles 

loaded with 2 g·L-1 Dex, after the first US stimulation. The slope of the cumulative release 

also increased for all the samples after the first and the second US stimulation (Δ slope 

positive values), while a reduction of the slope was observed after the third US stimulation 

(Δ slope negative values). This can be attributed to an almost complete release of Dex for 
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US-stimulated systems at this time-point. Some exceptions were provided by P2 micelles 

with 1 g·L-1 Dex, P2 micelles with 2 g·L-1 Dex, P3 micelles with 1 g·L-1 Dex and P5 micelles with 

1 g·L-1 Dex, for which the slope continued to increase. Such latter samples were, as stated 

before, the ones featured by both the highest hydrophobic fractions and stability. 

  



 

 

       

Micelles  
1st US stimulation 

 
2nd US stimulation 

 
3rd US stimulation 

 
Δ Release [%] Δ Slope [%] 

 
Δ Release [%] Δ Slope [%] 

 
Δ Release [%] Δ Slope [%] 

P1                   

1 g.L-1 Dex  
54.0 150.1 

 
26.9 22.8 

 
11.8 -1.8 

P1                   

2 g.L-1 Dex  
67.4 143.7 

 
29.5 12.7 

 
5.8 -13.8 

P2                   

1 g.L-1 Dex  
48.2 135.9 

 
33.7 38.1 

 
38.5 36.1 

P2                   

2 g.L-1 Dex  
105.4 243.0 

 
50,1 31.5 

 
35.2 58.0 

P3                   

1 g.L-1 Dex  
52.4 98.2 

 
36.1 43.7 

 
38.6 49.4 

P3                   

2 g.L-1 Dex  
60.5 123.1 

 
43.8 29.8 

 
10.5 -31.2 

P4                   

1 g.L-1 Dex  
42.0 129.1 

 
24.0 27.0 

 
15.7 -23.3 

P4                   

2 g.L-1 Dex  
56.1 183.3 

 
45.8 46.5 

 
13.5 -23.0 

P5                   

1 g.L-1 Dex  
41.0 117.0 

 
43.7 67.1 

 
34.8 22.0 

P5                   

2 g.L-1 Dex  
51.5 120.6 

 
49.3 51.0 

 
10.4 -9.5 

Table 7. Percentage variation of cumulative drug release and difference in the curve slope between US-stimulated samples and samples featured 

by spontaneous release. Δ release values and Δ slope values were reported for the different time-points after each US stimulation. Positive Δ slope 
values indicate an increase of the slope while negative ones stand for a reduction respect to spontaneous release kinetics. 
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US can produce both mechanical and thermal effects in interaction with a target.340 In our 

case, the temperature of the water bath was measured before and after the 10 min US 

stimulation in order to determine if thermal effects contributed to the augmented release 

observed for the US-stimulated samples. The measured temperature raise was 1.4 ± 0.5 °C. 

Although some of the copolymers comprise the thermoresponsive (2-n-propyl-2-oxazoline) 

blocks (P1, P2, P5), they also differ in hydrophilic fraction. The different hydrophilic fraction 

leads to the differences in cloud point temperature for these copolymers. As was previously 

described for a series of triblock copolymers composed of MetOx and nPropOx, the 

copolymers with hydrophilic fraction from 50 to 88% exhibit a difference in the cloud point 

temperature of 9 °C.322 We can state that the overall temperature change of the water bath 

due to the 10 min US stimulation did not affected the Dex release. Hence, the enhancement 

in the Dex release is probably not due to the so called "thermal effects of US" but more likely 

due to the mechanical effects, e.g. transient cavitation. 

Additionally, the release profiles were fitted with one mechanistic realistic and one 

empirical/semiempirical model, namely the zero-order model and the Ritger-Peppas model. 

341 In particular mechanistic realistic mathematical models are based on equations that 

describe real phenomena, i.e. mass transport by diffusion or dissolution of drug, while the 

empirical/semiempirical model are purely descriptive and not based on real physical, 

chemical and/or biological phenomena but can be useful for a comparison of different drug 

release profiles. The parameters found are reported in Table 8. Zero-order model is proper 

for drug reservoir systems in which the initial drug concentration exceeds the drug solubility, 

with constant reservoir properties (i.e,. thickness and permeability for the drug). In this case 

the fitting was rather poor: the maximum R2 value was equal to 0.89 obtained for the 

spontaneous release of P5 ŵiĐelles ǁith Ϯ g∙L-1 Dex. A much better fitting was observed with 

the Ritger-Peppas model. For most of the samples, the R2 values were slightly higher for the 

spontaneous release than for the US-mediated one, while the release rate constants K were 

always higher for the case of US-mediated release profiles. The n exponents of the Ritger-

Peppas model instead fell in the range typical for a drug release mechanism of anomalous 

transport, which for a spherical drug carrier system is 0.43 and 0.85.341 This happened for 

both US-mediated drug release profiles as well as spontaneous ones, indicating that in both 
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cases different overlapping phenomena occur in the drug release mechanism, e.g. drug 

diffusion and polymer swelling and perturbation. 

 



 

 

      

Micelles Release  
Zero-order 

 
Ritger-Peppas 

 
K (h-1) R2 

 
K (h-1) n R2 

P1                  

1 g.L-1 Dex 

spontaneous 
 

0.00320 0.6030 
 

0.20220 0.5838 0.9992 

US mediated 
 

0.00329 0.4108 
 

0.26100 0.5759 0.9804 

P1                  

2 g.L-1 Dex 

spontaneous 
 

0.00271 0.6341 
 

0.19160 0.6321 1.0000 

US mediated 
 

0.00302 0.3643 
 

0.27110 0.5592 0.9899 

P2                  

1 g.L-1 Dex 

spontaneous 
 

0.00336 0.7192 
 

0.18040 0.5865 0.9986 

US mediated 
 

0.00401 0.5088 
 

0.23520 0.6122 0.9845 

P2                  

2 g.L-1 Dex 

spontaneous 
 

0.00487 0.8326 
 

0.11940 0.6969 0.9999 

US mediated 
 

0.00544 0.6971 
 

0.19740 0.6150 0.9862 

P3                  

1 g.L-1 Dex 

spontaneous 
 

0.00257 0.7918 
 

0.13910 0.5725 0.9950 

US mediated 
 

0.00305 0.7064 
 

0.18780 0.5782 0.9875 

P3                  

2 g.L-1 Dex 

spontaneous 
 

0.00211 0.5953 
 

0.21120 0.5974 0.9997 

US mediated 
 

0.00215 0.1964 
 

0.30740 0.5799 0.9912 

P4                  

1 g.L-1 Dex 

spontaneous 
 

0.00205 0.3431 
 

0.26490 0.5283 0.9961 

US mediated 
 

0.00215 0.1354 
 

0.32340 0.5461 0.9775 

P4                  

2 g.L-1 Dex 

spontaneous 
 

0.00180 0.5258 
 

0.22430 0.5575 0.9994 

US mediated 
 

0.00206 0.1486 
 

0.31430 0.6006 0.9828 

P5                  

1 g.L-1 Dex 

spontaneous 
 

0.00339 0.7838 
 

0.14880 0.5860 0.9997 

US mediated 
 

0.00396 0.6234 
 

0.19360 0.6685 0.9936 

P5                  

2 g.L-1 Dex 

spontaneous 
 

0.00520 0.8921 
 

0.11050 0.6797 0.9997 

US mediated 
 

0.00521 0.7617 
 

0.15920 0.7141 0.9976 

Table 8. Drug release model parameters for both spontaneous and US-mediated release. Drug release profiles were fitted with three different drug 

release models: the Zero order model, and  the Ritger-Peppas model. The parameters obtained are reported in the table as well as the R2 values, 

representing the quality of the fitting. 
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The evidences showing the efficacy of US stimulation in producing an increase of Dex release 

represent a proof of concept that POx micelles can work as US mediated drug delivery 

systems. For the comparison, Husseini et al.291 reported on ultrasonic triggered release of 

doxorubicin from Pluronic P105 micelles caused by transient cavitation effect. In that case, 

the increased concentration of drug in micelles led to the increased amount of drug upon US 

stimulation. The authors explained the effect by increased hydrophobic interactions 

between the drug and hydrophobic core of the micelle. Oppositely, in our case, more 

hydrophobic micelles exhibit increased release when stimulated. The latter study focused on 

the investigation of the release mechanism by real time fluorescence measurements over a 

3 min time scale. In this Section instead, we described how the release profiles were affected 

over time for multiple ultrasound stimulation and for a longer time scale (24 h). 

As stated before, two different approaches to induce drug release from polymeric micelles 

using ultrasound are described in the literature. In the works of Rapoport and Husseini 286, 291 

an increase of doxorubicin release from Pluronic P105 micelles by the application of low-

frequency US was described. Authors claim that micelles are physically disrupted during the 

application of US. This change is however reversible and the micelles re-assemble when the 

US is switched off. The second approach is described in the works of Xuan and Zhang 288, 342. 

High-intensity focused ultrasound was used to induce release of Nile Red from polymeric 

micelles containing hydrolyzable ester groups. In this case, the changes in polymer structure 

were irreversible and were attributed to the degradation of polymer chains induced by 

ultrasound. This was proved by observed decrease of molecular weight of used polymers. 

We did not expect the degradation of the copolymers used in our work, since they do not 

contain any weak bond which is expected to be broken upon not focused ultrasound. To 

prove this assumption, we performed an experiment in order to compare molecular weights 

of prepared copolymers before and after application of US. We prepared polymer micelles, 

the samples were divided into controls without application of US, and micelles which 

underwent 30 min of ultrasonication. Then we freeze-dried the micelle solution and  we 

measured the molecular weights of polymers by SEC. We added representative elugrams of 

P2 in Figure 75. We did not observe any changes in elugrams after the application of 
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ultrasound. This observation evidenced that the release of defamethasone from the 

polymeric micelles is not caused by the degradation of polymer chains, rather by reversible 

physical disintegration of the micelles. 

 

Figure 75. Representative SEC elugrams of copolymers with and without application of US. 

Representative SEC elugrams of copolymer P2 , with (red line) and without (black line) 

ultrasonication of 30 min in form of micelles with dexamethasone in water (cpolymer = 10 g·L-1, cdexa = 

1 g·L-1). Elugrams shows no evidence of degradation of polymer chains. 

 

Hence these findings support the fact that upon US stimulation, POx based micelles can 

perturb their structure and possibly re-arrange it after stimulation interruption. Most of the 

US-mediated release systems are designed for delivery of anticancer drugs and are mainly 

based on Pluronic.284 In particular the aim is to apply the release of the chemotherapy drug 

only in the vicinity of the targeted site upon mechanical stimulation provided by US. They 

showed good effects both in vitro and in vivo, which are reviewed in 284, suggesting that 

there is synergism between US stimulation and administration of loaded micelle: in fact 

micelles protect cells from free drug counter effects while US mediates the release as well as 

the increase of cellular uptake. In our case we are focusing on a class of material which show 

great promise: POx exhibit stealth behaviour295, 296 and have been found to be non-toxic 

both in vitro297, 298 and in vivo299, 300. They are stable in vivo, they are excreted unchanged in 

urine with no accumulation, they do not show immunogenicity in animal models and there 
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no known anti-POx antibodies in human population.343 Moreover a clinical study is ongoing 

on SER-214 is a poly (2-ethyl-2oxazoline) polymer conjugate of rotigotine, a potent 

dopamine agonist that has high affinity for the subclass of dopamine receptors in the brain 

that mediate dopamine signaling, for the treatment of early, stable or untreated Parkinson's 

disease and are still experiencing motor fluctuations 

(https://clinicaltrials.gov/ct2/show/NCT02579473). Considering the loading of 

dexamethasone, a glucocorticoid, that is used in the clinics as anti-inflammatory and 

immunosuppressive agent, we showed in Figure 69 that the loding capacitiy achieved by our 

POx micelles are higher than the one proposed in the literature. As a matter of fact these 

nanostructures could even be included in matrix for anti-inflammatory purposes such as 

hydrogels172. 

 

In summary 

At present, most of the US-mediated release systems are designed for delivery of anticancer 

drugs.284 In this work, we analyzed POx-based micelles loaded by dexamethasone, a 

glucocorticoid, that is used in the clinics as anti-inflammatory and immunosuppressive 

agent. The action of this drug can be relevant for several biomedical applications: 

dexamethasone-loaded micelles administered systemically in the bloodstream have 

demonstrated an effective antitumor activity344 but have been also used for the treatment 

of rheumatoid arthritis345, ocular diseases346 and other pathologies dealing with 

inflammatory states. In this context, the responsiveness of POx micelles to ultrasound, with 

the ability of tuning their release kinetics at short time-points may have a high clinical 

relevance, as previously discussed. Further biomedical applications can be devised: the 

iŵplaŶt of Ŷeuƌal iŶteƌfaĐes, foƌ eǆaŵple, alloǁs to ĐoŶŶeĐt the patieŶt͛s Ŷeƌǀous system 

with an external device, such as a prosthesis.81 However as already mentioned in previous 

Sections, the long-term stability and efficacy of neural interfaces is hampered by 

inflammatory and fibrotic events.150 Thus, a technology allowing a precise modulation of Dex 

release, enhanced through the US waves, would allow to tune/minimize such undesired 

body reactions. This would be beneficial, in general, for modulating the fibrotic reactions to 
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implanted artificial organs347, biomaterials348 and other medical devices. In these domains, in 

which there is the need of a temporized drug delivery for several days or weeks, plain POx 

micelles could be hardly used, but they could be combined with additional elements, further 

modulating (e.g. slowing down) the release rate, for example matrices based on properly 

designed hydrogels, encapsulating the micelles.  
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4. General discussion and conclusion 

Whenever a "natural" component, comes in contact with an artificial one, it generates a 

bio/non-bio interface, leading to a mutual action of one component on the other. This 

determines various effects, sometimes undesired ones. Whether it is a human-machine 

collaboration, or a biomedical device in the human body, as well as a neural interface, in all 

these "hybrid" conditions there is a profound synergy and interaction between different and 

heterogeneous elements. This allows, for example, a damaged body to restore its vital 

function, an amputee to be able to fill again a glass of water, a worker to carry out his task 

more safely and easily, a surgeon to remotely operate in a mini-invasive way. These are just 

some of the examples that can be reported. Models of such heterogeneous interactions can 

be found especially in the biomedical field, in which there is a growing need to replace and 

repair soft and hard tissues or even entire organs, as well as to develop advanced 

therapeutic strategies for age-related chronic illnesses.  

As already stated, biomaterials and medical devices undoubtedly improve the quality of life 

of an increasing number of people each year and one of the key factors in their success is 

theiƌ aďilitǇ to optiŵize the so Đalled ͞ďio/ŶoŶ-ďio iŶteƌfaĐes͟. Hence these interfaces are 

crucial for a considerable number of applications, in fields such as implantable biomedical 

devices, biomechatronics, tissue engineering and regenerative medicine, involving multi-

disciplinary knowledge between life science, biomedical engineering, biomaterial science, 

biotechnology. 

In the introduction we attempted to classify bio/non-bio interfaces, following the scheme 

proposed by Dhowre et al.5. We identified the three main players in a bio/non-bio interface 

that are (1) the biological component the material is in contact with, (2) the man-made 

material/biomaterial and (3) the external environment/stimuli. We also stated that the role 

each component plays, determines the interfaces classification, and that each component 

must be deeply studied in order to design and optimize their interaction. 
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For this purpose, we have presented in this thesis work an attempt to face different aspects 

of bio/non-bio interfaces, with the scope to find novel solutions going beyond the state-of-

the-art. In particular, the thesis contributes to the fields of neural interfaces, bio-hybrid 

tactile sensors, triggerable drug delivery system and remote cell/tissue stimulation by means 

of ultrasound. 

The possibility to exploit bio/non-bio interfaces for sensing applications from biological 

components, and the fact that such sensing properties can be combined with responsive 

ones so to achieve a desired body response, have been faced. Concerning sensing bio-

interfaces, a bio-hybrid mechanotransduction system has been presented. The developed 

system and its preliminary experimental evaluation demonstrated the possibility to integrate 

Madin Darby Canine Kidney cells as the core sensing element of a bio-hybrid 

mechanotransduction system. The novel technology presented in this study integrates fluidic 

filling material and living cellular transducers with promising future applications in 

prosthetics and other bio-applied domains, envisioning an always deeper interrelation 

between artifacts and biocomponents. This would allow to fully exploit the intriguing 

advantages of the bio-hybrid paradigm with respect to synthetic ones, such as intrinsic 

compliance and self-healing capabilities. Derived from this technology, we developed a 

fluidic mechanotransducer that exploits measurement of electrochemical impedance 

changes due to mechanical stimulation, following the recent trend of creating flexible force 

sensors by using non toxic filling material, such as deionised water and PBS. This system is 

far away from being considered a fully functioning force sensor, but can be used as a 

platform for the test of different filling materials and their application for electrochemical 

impedance based force sensing. 

Moreover the M2Neural project concept was explained with the aim to obtain an advanced 

coating for bi-directional responsive peripheral nerve interface. Although the complete 

multifunctional coating, targeted by the project, was not achieved in this thesis work, several 

strategies has been developed to face the different requirements regarding low stiffness, 

ultrasound external stimulation and a possible way to achieve controlled release of anti-

inflammatory factors, that will be discussed below. 
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In fact, we mentioned that bio/non-bio interfaces are often exploited to achieve a targeted 

body response or bioeffects thanks to a proper stimulation. This direct stimulation of 

biological components can be provided with particular physical and chemical surface 

properties. This issue was faced with the in vitro characterization of novel soft coatings for 

polyimide substrate, based on zwitterionic hydrogels that showed non-biofouling properties 

and low stiffness, approaching the one of nervous tissues. Due to their biocompatibility, 

flexibility and patternability with lithographic and dry etching techniques, polyimides (PI) are 

widely used both as implant encapsulation materials and as substrates for implanted neural 

interfaces. Despite these promising properties, they cannot prevent the formation of a 

fibrotic capsule. As already stated, it has been shown that the undesired host response to 

implants is also determined by the mechanical mismatch between the implant and the 

surrounding tissue. Hence we presented a strategy for covalently attaching carboxybetaine 

polyzwitterionic hydrogel coatings to PI substrates, obtained by means of a photoactivated 

process. The zwitterionic hydrogel coatings reduced the adhesion of both fibroblasts and 

macrophages (the main cell types involved in the foreign body response) respect to PI 

control, showing almost no cytotoxicity and a clear correlation with the hydrogel stiffness. 

Moreover, the hydrogel layers did not induce macrophages activation, evaluated through 

the quantification of nitric oxide production, providing good foundation for their possible 

future application as coatings for neural interfaces.  

Then we focused on the study of the bioeffects of one of the most attractive external 

stimulus, i.e. ultrasound, in this case applied to muscle cells, thanks to an ad hoc tunable 

ultrasound platform and an ultrasound transparent cell culture well. In fact skeletal muscle 

tissue possesses an intrinsic regeneration capability, but this self-repairing property can be 

seriously impaired. Therapeutic ultrasound and in particular LIPUS themselves show 

promise. The limitations of previous state-of-the-art evidences, which showed rather 

incoherent results in terms of LIPUS treatment efficacy on muscle regeneration, were 

overcome by a systematic in vitro investigation of the effects triggered by controlled LIPUS 

exposures at different frequencies and intensities. Results allowed identification of the most 

effective parameters to maximize proliferation, which were 3 MHz and 1 W/cm2, and 

differentiation, which were 1 MHz and 500 mW/cm2. The outcomes of this work support 
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even more the fact that in a bio/non-bio interface also the external stimulus must be deeply 

known and studied. 

Finally an externally triggered drug release system was presented in order to achieve an 

indirect stimulation of the biological component. In particular we tested responsiveness of 

dexamethasone loaded POx micelles to ultrasound. This drug can be relevant for several 

biomedical applications dealing with inflammatory states. Dexamethasone-loaded micelles 

administered systemically in the bloodstream have demonstrated an effective antitumor 

activity344 but have also been used for the treatment of rheumatoid arthritis345, ocular 

diseases346 and other pathologies. In this context, the responsiveness of POx micelles to 

ultrasound, with the ability of tuning their release kinetics at short time-points may have a 

high clinical relevance, as previously discussed. Further biomedical applications can be 

devised, for example the implant of neural interfaces, where a technology allowing a precise 

modulation of Dex release, enhanced through the US waves, would allow to tune/minimize 

such undesired body reactions. This would be beneficial, in general, for modulating the 

fibrotic reactions to implanted artificial organs347, biomaterials348 and other medical devices. 

The findings described in this thesis, constitute a promising basis for the development of 

furtherly evolved interfaces (e.g. combining together some of the described technologies), 

thus to allow, in the future, an ever more deep interaction between the human body/tissues 

and artificial devices/artifacts. We believe that, although to a minor extent, the different 

aspects treated in this manuscript tried to overcome some limitations that are presented in 

the literature, especially referring to the general lack of systematic evaluations (referring to 

US stimulation, US triggered drug release from different POx micelles, for example). We also 

have shown that all the components of a bio/non-bio interface play an essential role to 

obtain a desired biological response and deep investigation must be performed to engineer 

them.  

Moreover, during this research study we realized that a strong interrelation between 

different background and knowhow must be achieved, collaborating also with several 

research groups in order to obtain consistent results in the bio/non-bio interface field.  
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