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Abstract 

The field of organic bioelectronics is advancing rapidly in the development of materials and 

devices to precisely monitor and control biological signals. Electronics and biology can interact 

on multiple levels: organs, complex tissues, cells, cell membranes, proteins, and even small 

molecules. Compared to traditional electronic materials like metals and inorganic 

semiconductors, conjugated polymers (CPs) have several key advantages for biological 

interactions; tunable physiochemical properties, adjustable form factors, and mixed 

conductivity (ionic and electronic). This review focuses on the use of CPs in five biologically 

oriented research topics: electrophysiology, tissue engineering, drug release, biosensing, and 

molecular bioelectronics. In electrophysiology, implantable devices with CP coating or CP-

only electrodes are showing improvements in signal performance and tissue interfaces. CP-

based scaffolds supply highly favorable static or even dynamic interfaces for tissue engineering. 

CPs also allow for delivery of drugs through a variety of mechanisms and form factors. For 

biosensing, CPs offer new possibilities to incorporate biological sensing elements in a 
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conducting matrix. Molecular bioelectronics is today used to incorporate (opto)electronic 

functions in living tissue. Under each topic, limits of the utility of CPs are discussed and, overall, 

the review highlights the major challenges towards implementation of CPs and their devices to 

real-world applications. 

1. Introduction 

Direct interfaces between human-made electronics and living organisms present an 

increasingly important type of interaction to monitor and stimulate biological processes; 

ranging from physiological functions in humans to bioelectricity generation in microbial fuel 

cells. For decades, electrodes (made of inorganic materials such as Au, Pt, and Si) have been 

routinely used in clinical settings and basic research to stimulate and record signals from cells 

and tissues. Electrodes are an essential part of implantable electronic devices for well-

established medical treatments – pacemakers, cochlear implants, deep-brain stimulation for 

neuropsychiatric and neurodegenerative disorders, and vagus nerve stimulation to limit the 

inflammatory response in autoimmune diseases.[1] Electrodes are also integrated as parts of 

analytical devices to monitor biological responses from a large variety of samples including 

body fluids and cell cultures.[2] On a different level, electrodes have been used for the 

development of bioelectrochemical systems capable of leveraging biological pathways to 

convert chemical and photochemical energy into electrical energy.[3,4] These examples mark 

just the beginning of bioelectronic interfaces used in medical treatments, diagnostics, and 

energy conversion; technologies predicted to rapidly expand.[5,6] 

Ever since the mid-1750s when Galvani documented the electrical stimulation of frog 

legs, we have known that human-made, conducting materials can be used to stimulate 

bioelectrical signals and generate physiological responses. Such efforts, and corresponding 

recordings, are typically relevant on a macroscale level for electroactive tissues (e.g. muscle, 

heart, pancreas, brain, spinal cord, and peripheral nerves), on a microscale level for isolated 

cells derived from these tissues as well as for electroactive microbes, or at the nanoscale with 
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enzymes and redox mediators. However, a fundamental difference compared to conventional 

electronics, which are based on electron conduction, is that in living organisms, bioelectrical 

signals predominantly consist of the movements of ionic species (currents) and local differences 

in ion concentrations (potentials). Ionic potentials in tissues and at the cellular level are 

specifically maintained by ion-selective protein channels found in the cell membrane, while 

photosynthesis and cellular metabolism are carried out by redox-active proteins and redox 

mediators. Moreover, traditional (inorganic) electronic materials are very far from living matter 

in critical properties such as mechanical stiffness, three-dimensionality, and exposed functional 

groups at the interface.[7] This discrepancy in charge carriers as well as bulk and surface 

properties calls for an alternative material approach in bioelectronic interfaces to fully realize 

their potential in diagnostics, therapy, and engineered biologics-electronics interactions in 

general. 

A promising alternative to metals and inorganic semiconductors is organic compounds 

and polymers with conjugated bond structures (hereafter termed conjugated polymers or CPs). 

We note that we will use the abbreviation of CP in the broadest possible sense for a molecule 

with repeating chemical units with an alternating double and single bond pattern. Strictly, we 

will use the definition oligomer (i.e. conjugated oligomer, CO) when the molecule has a small 

plurality of units, intermediate molecular mass, and a change of one repeating unit can modify 

its physical characteristics.[8] CPs have delocalized -orbitals along the molecule which, upon 

electron removal or insertion (i.e. doping), give rise to the formation of mobile charge carries.[9] 

Doping can be achieved either electrochemically or chemically leading to p-type or n-type 

conduction characteristics, respectively.[9,10] The generated charges on the organic material are 

balanced by counter ions, which makes the material a salt allowing ion transport.[11] If adjacent 

molecules are close enough for the -orbitals to overlap, electronic mobility can also occur 

across the whole material. For a more in-depth discussion of the structure-properties 

relationships of CPs, we refer the interested reader to previously published literature.[12–15] 



  

4 

 

Another notable difference between organic and inorganic bioelectronics is the fabrication 

methods used to develop films and constructs. Compared to traditional metals and inorganic 

semiconductors processing, organic materials can be processed and patterned by a wider range 

of methods and allow for more facile 3D morphologies. Additionally, CP processing can be 

done at temperatures and with solvents compatible with the biological milieu, enabling in situ 

fabrication of CP composites comprising biological species such as proteins and even cells or 

tissues.[16] CPs offer also exceedingly versatile possibilities of chemical modifications on side 

chains or capping end groups, in addition to blending with other materials, allowing for a wide 

range of material functionalities and properties at the surface or throughout the bulk. Finally, 

the elastic modulus and water content of CP composites can be tuned to better match the 

properties of the target biological tissues for the fabrication of application-specific devices.[17] 

These factors, as well as the combination of both electron transport (the mode of human-made 

electrical signals) and ion transport (the mode of bioelectric signals) make conducting organic 

materials highly suitable for bioelectronic interfaces.  

This review is structured around Professor Olle Inganäs’ contributions to the field of 

CPs for assessing and controlling biological functions and emphasizes the most important 

published contributions to each topic. His work encompassed the use of these conjugated 

organic materials across all biological levels illustrated in Figure 1: bulk/surface interaction 

with organs and tissues, down to cells, and at the lowest level – which the others can 

fundamentally be traced back to – with molecules and ions; as well as the interactions of 

individual bioelectronic molecules inserted into biomembranes. Our chapters overall follow 

this hierarchy, though since the levels are strongly interconnected some overlap is unavoidable. 

We organized this review after the different biological functions that CP-based organic 

bioelectronics were applied to, unlike many other recent reviews in the field of organic 

bioelectronics that were structured after device or CP types. We will not cover other 

electroactive carbon-based materials such as aromatic molecules, graphene, fullerenes or 
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carbon nanotubes and refer the reader to other reviews.[18–20] In Chapter 2, we first lay out 

fundamental considerations of biocompatibility and the biological interface. Chapter 3 focuses 

on interfacing electronic devices with electrogenic tissues ex vivo and in vivo. Chapter 4 

describes the use of organic bioelectronic approaches in tissue engineering, where control of 

cell adhesion, growth, and differentiation is at the forefront. Chapters 5 and 6 cover how CPs, 

on their own or in bioelectronic devices, are used respectively in delivery or sensing of 

physiologically relevant molecules or proteins. Chapter 7 discusses the modulation of 

biomembrane behavior by insertion of individual CP molecules. Finally, we give a prospective 

outlook for the field of organic bioelectronics and highlights issues that should be addressed to 

disseminate these technologies to assess and control biological functions.  

 

Figure 1. Conjugated polymer (CP) materials can interact with biology at different, hierarchical 

levels ranging from organs and tissues down to molecules and ions. Left, three examples of 

commonly used conjugated polymers, from top to bottom; poly(3,4-ethylenedioxythiophene) 

PEDOT, poly(aniline) (PAni) and poly(pyrrole) (PPy). 

 

2. Considerations for the Biological Interface 

CP-based materials are highly suited for applications at the biological interface due to 

their very large physical and chemical design space regarding parameters that impact cellular 

growth and function. Appropriate design can ensure that the materials at least do not adversely 

affect – and potentially even sustain or enhance – biological function. In this chapter, we will 

first briefly review this overarching concept of biocompatibility. Subsequently, we will take a 
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closer look at the individual parameters that define the biological interface of CP-based 

materials. 

2.1 Biocompatibility 

Biocompatibility of a material is often sought to be established prior to application-

oriented research. ISO 10993 and related standards attempt to provide a framework for such 

evaluations.[21] These standards offer an excellent starting point for experimental design and 

furthermore enable comparisons between different materials. However, the standard 

evaluations may not necessarily be ideal or sufficient for a given material and application – 

there is ultimately no simple yes/no answer of whether a given material is biocompatible; the 

answer is always limited to a specific context.[22] This applies first and foremost to the cell types 

in question – quite intuitively, a blood-circulating immune cell will likely react differently to a 

material compared to an adherent neural cell. Moreover, the choice between immortalized cell 

lines (often cancer-derived), primary cells (extracted from normal tissue), stem cell-derived 

cells, or in vivo animal models all come with their own advantages, but also their own 

limitations in recapitulating human biological functions. Second, testing of outcomes is 

inherently limited and cannot provide a truly complete picture of cellular or systemic response 

to a material, even if the available range of assays now has expanded drastically from simple 

cellular viability to -omics approaches. Last but not least, biocompatibility testing is only 

meaningful in a relative sense, necessitating suitable choices of negative and positive controls. 

In our review, we will focus on application-oriented studies which themselves build 

upon and expand the scope within which the materials can be considered biocompatible. We 

will cover progress on how the pristine materials in film or gel form are used as tissue scaffolds, 

how they are incorporated into bioelectronic device as well as how they are integrated into the 

membranes of living cells in molecular organic bioelectronics. For an overview of the more 

fundamental literature on the biocompatibility of poly(pyrrole) (PPy), poly(aniline) (PAni), 

poly(3,4-ethylenedioxythiophene) (PEDOT), and their many derivatives and related materials, 
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we refer to some earlier reviews.[23–26] In brief, PPy has been established to be non-cytotoxic 

for a wide range of cell types in vitro, to support cell adhesion and growth, and to yield low 

inflammatory response in vivo. Research on PEDOT and PAni is covered in perhaps fewer 

studies and cell types but is similarly encouraging. For all materials, the importance of proper 

preparation has been emphasized: without sufficient rinsing and purification, the materials may 

retain potentially cytotoxic compounds from the synthesis processes, adversely affecting 

biocompatibility. In the remainder of the chapter, we will now consider the parameters that 

facilitate the beneficial biological interfaces in CP-based materials. 

2.2 Conductivity 

Electronic conductivity is a requisite to record and deliver electrical 

information/stimulation to cells, explored further in Chapter 3 and section 6.5. However, in 

recent years the importance of conductivity in the absence of external electrical signals has 

received attention. Similar to inherent mechanical parameters, human tissues feature inherent 

and distinct electrical properties, including (ionic) conductivity both extracellulary and 

intracellulary as was described in section 1.[27] Mimicking this in vitro is thought to enhance 

intercellular communication, not just for excitable cells but across lineages based on their 

resting potentials and steady-state ion fluxes.[28] CP-based materials are uniquely positioned 

both to exploit such advantageous properties for tissue engineering as well as to shed more light 

on the complex effects at play on this front. 

2.3 Surface Physics 

We next consider non-specific surface interactions, determined by surface polarity and 

charge. These play an essential role in the direct adhesion of cells as well as in the surface 

adsorption of proteins (from the serum or a serum-mimicking supplement added to the culture 

media, or secreted by the cells) which typically modulate that adhesion.[29] Such surface physics 

are often investigated using self-assembled monolayers exposing well-controlled terminal 

groups. Researchers in one exemplary study found that HeLa cells (human; derived from 
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cervical cancer) showed a preference for surfaces of predominantly charged groups, while 

HUVECs (human umbilical vein endothelial cells; primary) also adhered on a predominantly 

uncharged and polar surface.[30] Pre-treatment with albumin (the most abundant protein in 

supplemented media) significantly reduced subsequent cell attachment for the more 

hydrophobic surfaces. These surfaces strongly bound the similarly hydrophobic albumin and 

prevented it from being displaced by less abundant, cell adhesion-promoting serum proteins 

such as fibronectin. While the CP-based materials present a more complex and varied surface 

than such controlled monolayers, the general principles still apply. 

2.4 Surface Chemistry 

The chemical composition of the surface is intrinsically linked to the physical properties 

described above. It can additionally facilitate more specific interactions which we will address 

here. These typically involve proteins or relevant peptide sequences, such as heparin (which 

can help binding other cell adhesion proteins and growth factors) or arginylglycylaspartic acid 

(RGD; the peptide motif involved in cell-fibronectin interaction).[31] CPs offer a variety of 

methods to accomplish integration of such bio-active moieties (bio-modification). One highly 

attractive option is to exploit the doping of the material itself. The main requirement is that the 

dopant is suitably charged – most widely available CPs are p-type materials, requiring 

negatively charged dopants. Drawbacks of this approach include the possible adverse impact 

on conductivity, where bioactive dopants are rarely optimal, and the limited concentration 

achievable. Small dopant molecules additionally pose a risk of leaching out from the film (and 

gradually being replaced with the small ions available in the electrolyte, or the CP backbone 

undergoing redox reactions and turning more neutral) – though such leaching can be exploited 

as a mechanism of drug delivery, discussed in Chapter 5. 

Another option is covalent attachment of the bio-active moieties. This is naturally the 

most stable route, but also the most challenging to implement.[23,32] Depending on the CP and 

the chosen chemistry, this approach can also degrade the conducting properties of the backbone. 
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Lastly, as with other materials, physical adsorption or in-mixing of bio-active compounds is a 

simple and potentially effective approach. As mentioned under surface physics, adsorption can 

be relatively strong, albeit not well-controlled and at danger of the adsorbed moieties leaching 

out and/or being displaced by more energetically favorable molecules. Similar considerations 

apply to compounds mixed into the bulk, particularly if their size is below that of the pore size 

in the CP matrix. 

2.5 Stiffness 

Different human tissues cover a wide range of stiffness.[33] Only bones and tendons 

reach into the GPa range of Young’s modulus that overlaps with typical cell culture polystyrene. 

On the lower end of the range, brain tissue is orders of magnitude different, with a Young’s 

modulus of around 0.5-1 kPa. The native cellular environment intuitively presents a good 

starting point for biomaterial design, long acknowledged for the specific surface chemistries 

mentioned above, and more recently researched regarding mechanical properties. An important 

example of such a study specifically considered neuronal maturation.[34] The investigators 

prepared polydimethylsiloxane (PDMS) substrates with Young’s moduli from close to zero 

(non-Newtonian fluid behavior) up to 750 kPa. They cultured rat embryonic neural stem cells 

on these substrates and compared them to polystyrene (all coated with adhesion promotors poly-

L-ornithine and fibronectin). They showed that the softest substrate enhanced astrocytic 

differentiation 3-fold compared to the stiffest PDMS mixture or the polystyrene, though the 

mechanical stimulus alone was not able to override a lack of the necessary chemical stimulus. 

Moreover, neuronal-differentiating cells on the softer substrates showed morphology and 

protein expression much more aligned with mature neurons. Intrinsically, pure and dense PPy, 

PAni, or PEDOT films are not very favorable in this regard: while not many studies provide 

data for the materials in their (biologically relevant) hydrated state, values are generally in the 

hundreds of MPa range.[35,36] As will be explored further in Chapters 3 and 4, the stiffness of 

CP-based materials can be modulated over a wide range: Possible avenues include the choice 

https://en.wikipedia.org/wiki/Polydimethylsiloxane


  

10 

 

of dopant (down to low MPa range; e.g. glycosaminoglycans),[37] the fabrication method (down 

to tens of kPa; e.g. two-step synthesis or freeze-drying),[38,39] or compositing with other 

polymers (down to low kPa range; e.g. collagen).[40] 

2.6 Material Degradation 

The degradation of engineered materials at the cellular interface can present a challenge 

in two very different ways. For some applications, such as long-term implants for 

electrophysiology (as discussed in Chapter 3), non-degradable materials are often highly 

desirable. For scaffolds used in tissue repair or regeneration, conversely, materials with tunable 

degradation are sought to gradually have the support material replaced with cells and the native 

extracellular matrix they deposit.[41] The intrinsic properties of the common CPs PPy, PAni and 

PEDOT are limited in both respects, with no biodegradability and varying long-term stability 

(confounded by very few studies, some of which we will review in the following sections, 

conducted beyond a few months). We stress that this is not contradictory; the typical mode of 

failure for these materials is a loss of electroactivity based on irreversible electrochemical 

changes rather than the breakdown into small molecular constituents suitable for renal clearance. 

Blends and composites with other materials, or custom modification of the CP backbone, offer 

avenues of adapting the degradation behavior of larger constructs – if not the polymer chains 

themselves – to the needs of the application. 

2.7 Topography and Morphology 

Unlike the intrinsic factors discussed so far, material morphology is largely an extrinsic 

property depending on the fabrication method. It can also allow for additional control over the 

material stiffness as well as the surface physics on the nm to µm size scales that cells 

encounter:[29] A block of material exhibits different mechanical properties from a sponge, while 

an appropriately structured surface (the traditional example being the Lotus leaf) increases the 

hydrophobicity drastically compared to a flat one. Beyond nanoscale structure from 

electrochemical polymerization, common approaches for CP-based materials include 
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electrospinning to create fibrous materials, or polymerization inside 3D matrices such as 

hydrogels.[32] Both examples rely on secondary materials to provide appropriate processing 

capabilities; other strategies such as printing or controlled “wrinkling” through mechanical 

stress have also been presented.[42,43] The most intriguing approach to date, perhaps, was 

polymerization of PEDOT:polystyrene sulfonate (PSS) around live neurons (primary; from 

mouse), yielding a cell-templated CP structure after removal of the cellular material.[44] 

Subsequent culture of a human cancer cell line (SH-SY5Y) showed qualitatively preferential 

interaction with such cell-templated areas of the CP. We note, however, that the altered surface 

chemistry left behind after cell removal complicates the isolation of purely morphological cues 

in this case. 

 

3. Organic Electronics for Electrophysiology 

Electrophysiology is the study of biological processes in cells and tissues via the 

monitoring of ionic currents. Electroactive tissues producing such flows of ions in the body 

include the brain, nerves, muscles and the heart. Ionic currents are used to convert and carry an 

external stimulus (e.g. heat, pain, pressure) to the brain, initiate muscle contraction and 

relaxation and, in general, serve as one of the languages by which the body communicates with 

itself (e.g. brain-organ feedback loops). These ionic currents can be “eavesdropped on” with 

electrodes in recording methods such as electroencephalography EEG (scalp), 

electrocorticography ECoG (surface of the brain), stereoelectroencephalography SEEG 

(penetrating brain tissue), surface and intramuscular electromyography EMG and 

electrocardiography ECG. Today, electrophysiological methods are irreplaceable to monitor 

patient health and diagnose diseases and disorders. 

In addition to monitoring ionic currents, electrodes can also be used to deliver an ionic 

current to stimulate cells or tissue. Electrical stimulation in vivo is performed to replace lost 

physiological functionalities or as therapy, to treat disease and injury and is used to induce or 
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modulate bioelectric signaling in the brain, spinal cord, muscle, or peripheral nerves within 

muscle, sensory systems (e.g. eyes) and organs. Such signaling, referred to as action potentials, 

can be initiated by of the manipulation of the resting cell membrane potential to exceed the 

threshold potential. An action potential is a large depolarizing signal (increasing membrane 

potential through a flux of sodium ions into the cell) followed by repolarization to the resting 

membrane potential (outward movement of potassium ions). The change in resting potential 

that initiates action potentials is achieved chemically (small molecule neurotransmitters in 

neuron communication) or electrically (gap junctions that connect two cells in muscle or cardiac 

cell communication). Clinical examples of electrical stimulation include the cochlear implant 

to restore hearing, deep brain stimulation to alleviate symptoms of neurological disorders such 

as Parkinson’s disease and dystonia, and spinal cord stimulation for pain management. The 

healthcare impact of stimulation treatments will likely continue to expand over the next decades 

since they are being investigated for many other pathologies in both clinical trials as well as 

preclinical studies under the name “electroceuticals” (the manipulation of tissue or organ 

function through modulation of peripheral neural signals).[45,46] Towards the development of 

new stimulation therapies, targeting individual neurons or nerves rather than global stimulation 

of large cell populations is of great interest. One of the major limitations towards the 

implementation of site-specific stimulation is generating a precise map of which nerves control 

which function. 

In both stimulation and recording, electrodes serve as ion to electron transducers, 

translating the biological signal to one that is read with our present-day technology. Metals, in 

the form of wires or discs, were used when the field of electrophysiology was initiated and 

continue to serve as useful tools to this day. Innovations in microfabrication technologies later 

brought arrays of multiple electrodes on planar substrates with electrode diameters of 

decreasing sizes. In many types of extracellular electrophysiology, small electrodes (below 20 

µm) are desirable in order to resolve signals from single cells or even perform multiple 
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recording measurements on the same cell. Furthermore, small devices are preferable for 

interfacing tissue in implantable electronics to reduce invasiveness. However, as the electrode 

becomes smaller, so does the area of the communication between the electronic device and 

biology. 

 
Figure 2. CPs increase the effective surface area of a metal electrode. The electrode-electrolyte 

interface becomes larger due to the swollen volume or surface roughness provided by CP film. 

The interfacial area increases and ionic-electronic transduction improves in both charge 

detection (recording) and delivery (stimulation). Increasing the effective surface area of an 

electrode improves its performance by decreasing impedance (recording) and increasing 

capacitance (stimulation). The schematic is not drawn to scale, but typical sizes for the 

following are included as reference: geometric surface (µm2), CP film thickness (nm to µm) 

porosity and surface roughness (nm to µm), counter ions in CP film (ionic radius pm to nm), 

cations in electrolyte (ionic radius of pm). CP film thickness as well as its porosity and surface 

roughness vary widely depending on processing methods, as discussed in Chapter 2. 

 

For recording electrodes, decreasing the surface area means more limited coupling 

between electronic and ionic charges, which could result in lower sensitivity. The limit of 

detectable charges arises from how a metal electrode transduces an ionic current to an electronic 

current, and that is through charging of the electric double layer (Figure 2). The impedance of 

an electrode quantifies the ability of an electrode to transduce ionic signals to electronic signals. 

Making smaller surface area electrodes increases their impedance, leading to poorer quality 

recordings. However, it should be noted that the impacts of electronic variables (e.g. electrode 

size, electrode impedance, location of amplification) as well as biological variables (e.g. 
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distance between signal and electrode, type of signal being detected) on recording performance 

are complex and still require more thorough investigation.[47,48] 

Increased electrode impedance is achieved by increasing the electrode surface area, but 

this interferes with the demand for minimum electrode size (record single cells, reduce device 

invasiveness). Alternatively, the effective surface area rather than geometric can be increased. 

The effective surface area of the electrode is the interfacial area between the electrode and the 

electrolyte (extracellular medium). Increasing effective surface area can be achieved through 

surface roughening[49] or by introducing porosity, which can be instilled on many length scales 

(µm[50] to nm). Starting in 1999, CPs were first presented as a coating on metal electrodes to 

increase the effective surface and, consequently, decrease their impedance.[51–53] Once applied, 

the coatings are a crosslinked network comprising CP chains bound with included 

surfactants/dopants. Depending on the nature of the CP, the CP network can swell in water.[53] 

Thus, the porosity and aqueous medium within the swollen polymer allows for ions in the 

extracellular space to diffuse in and interact with the polymer chains (ionic conductivity). As 

previously mentioned in Chapters 1 and 2, CPs also conduct electrons (leading to mixed ionic-

electronic conductivity). Therefore, ion-to-electron transduction and vice versa can occur 

throughout the volume of the swollen CP electrode rather than just on the surface, as is the case 

for a metal electrode (Figure 2). Considering only the surface of electrode, the area of 

electrolyte-electrode interaction can also be increased by having a roughened surface 

topography (Figure 2),[52] much in the same way biology increases surface area for mass 

transport in the small intestine (microvilli), kidney (proximal tubule) and lung (alveoli).[54] 

For stimulating electrodes, small electrode sizes are desirable to specifically target 

certain cells or tissue structures. Electrodes can deliver stimulating currents either through 

faradaic or capacitive mechanisms. Faradaic reactions occur through charge transfer at the 

electrode-electrolyte interface, leading to oxidation or reduction reactions. These are 

irreversible processes that can lead to undesirable changes in pH, formation of metal-protein 
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complexes, degradation of electrode material (e.g. Pt dissolution), or gas evolution (e.g. oxygen, 

hydrogen); all detrimental to living matter as well as electrode performance. Capacitive 

processes are reversible and occur through adsorption/desorption of chemical species at the 

electrode/electrolyte interface. Two methods can be used to prevent faradic reactions: operate 

the electrode at low voltages (generally below 1 V) or apply biphasic/triphasic stimulus pulses 

to alternatingly charge-discharge the electrode-electrolyte interface. Towards smaller 

electrodes for site-specific stimulation, decreasing the surface area of a metal electrode 

decreases its capacitance, meaning that higher voltages may be required to deliver the amount 

of current needed to elicit the desired response. The capacitance of the electrode can be 

increased in the same way impedance is decreased; increasing the surface area of the electrode-

electrolyte interface,[55,56] for example with a CP coating.[57] In electrodeposited CPs, the 

capacitance linearly scales with the deposition charge due to an increase in surface roughness 

and/or film volume.[57] Researchers observed a similar phenomenon not only in CP electrode 

coatings, but also in CP-based organic electrochemical transistors (OECTs; see also Chapter 

6).[58,59]  

An additional constraint in electrophysiology is the distance between the cell and 

electrode, in that the smaller the distance the higher the peak voltage of the recorded signal as 

well as the lower the delivered charge needed to reach and stimulate the target. In pursuit of 

decreasing the cell/tissue-electrode distance, electrodes have been made softer and modified to 

promote cell adhesion. As mentioned in section 2.5, hydrated CPs and their composites can 

offer softer mechanical properties (lower than MPa range) to better match with cells and tissues 

(Pa-kPa) than pristine metal electrodes (GPa).[35,40] To specifically encourage cell adhesion, 

extracellular matrix proteins or peptides can also be included in or on CP electrodes, either 

through mixing during synthesis, adsorption, covalent grafting or using the protein as the dopant 

(see Chapters 2 and 4).[60–64] The possibilities of tailoring CP electrode bioactivity are more 

abundant than what is possible on metal or Si due to the facile modification afforded by organic 
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moieties. These CP electrodes have been found to be at least as biocompatible as standard metal 

electrodes, specifically when implanted into the brain.[61] PEDOT maintains electroactivity at 

elevated temperatures and saline conditions of the body for at least 6 weeks,[65] although 

precaution must be taken to maintain adhesion to the underlying substrate for electrode 

stability[66,67] and chronic stability on the order of years still needs to be tested. In the coming 

section, we will discuss highlighted examples that showcase the recent efforts in improving and 

advancing the state-of-the-art of CP electrodes used for electrophysiology and stimulation both 

in vivo via implantable interfacing as well as in vitro. 

3.1 Conjugated Polymer-coated Electrodes in Flexible and Implantable Electronics 

In the last 5 years, the field of organic electronic-based electrophysiology has produced 

a range of new device formats.[68–72] Most of these efforts have concentrated on making smaller 

footprint (thinner, less area) and more flexible electrodes, especially in the realm of neural 

probes where rigid and high modulus Si shanks are the Au standard. Smaller and more flexible 

devices can provide less insertion trauma as well as reduce chronic inflammation and damage. 

Polymers like Parylene C, SU-8 (an epoxy-based photoresist), and PDMS have all been used 

as thin and flexible substrates for metal thin films in device fabrication with great success. In 

these next-generation devices, some researchers have also included CPs as coatings on the metal 

electrodes for the same advantages as discussed in section 3.1. Furthermore, CPs are generally 

flexible and thus, can retain their properties and remain stably bound to underlying metal 

electrodes upon bending. 

To minimize brain damage in neural recordings, researchers introduced an all organic-

based neural probe having higher compliance and a smaller device footprint with respect to 

traditionally used Si shanks. PEDOT:PSS was electrochemically applied to the tips of 7 µm 

diameter insulated carbon fibers, and the resulting fibers were one order of magnitude less stiff 

than Si neural probes (Figure 3).[73] Notably, this diameter is similar to that of cells. 

Immediately after insertion, the carbon fibers resulted in significantly less bleeding around the 
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implantation site versus that of a Si shank (Figure 3c-d). At two weeks, polymer-coated carbon 

fibers exhibited less astrocytes and microglia as well as increased healthy vasculature around 

the implant site relative to Si shanks. When compared to uncoated probes, only PEDOT:PSS 

coated fibers were able to detect single unit activity (i.e. extracellular action potential signal 

from a single neuron) in the motor cortex of rats. The devices demonstrated a high signal-to-

noise ratio (Figure 3f) and were stable over 5 weeks. 

 
Figure 3. PEDOT:PSS-coated carbon fibers for ultra-small, implantable neural probes. A 

recording electrode was prepared by electrochemically depositing PEDOT:PSS on the exposed 

tip of the insulated carbon fiber. A) Scanning electron micrograph of final neural probe (7 µm 

diameter). B) Carbon fiber neural probe on top of a 10 mm Si electrode array (scale bar, 50 µm). 

C-D) A blood-brain-barrier-impermeable fluorescent dye was used to visualize bleeding around 

the insertion site for carbon fiber and Si shank, respectively E) Carbon fibers (arrows) implanted 

into a rat brain. Scale bar, 100 µm. F) Simultaneous neural recordings with and without 

PEDOT:PSS. Single unit activities were only detected in vivo with PEDOT:PSS coating. 

Adapted with permission.[73] Copyright 2012, Macmillan Publishers Ltd.  
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Figure 4. Flexible, Parylene C neural probes with Au-PEDOT:PSS electrodes. A) Neural 

probes are microfabricated by photolithography. Recording sites can be in OECT or electrode 

configurations. B) Schematic (top) and image (bottom) of neural probes with a delaminating 

shuttle for insertion into the brain. C-D) In histological staining of mouth brains after 1-month 

implantation of probes, the glial scar is more evident from Si probes (C) than parylene probes 

(D). Black arrows indicate example glial cell bodies. Scale bar, 50 µm. A-D) Adapted with 

permission.[74] Copyright 2015, Wiley-VCH. E) ECoGs. When placed on the cortex of rat brains, 

PEDOT:PSS OECTs (pink) outperform PEDOT:PSS surface electrodes (blue) with a superior 

signal-to-noise ratio. Measurements are also compared to penetrating Ir electrodes (black). 

Adapted with permission.[75] Copyright 2013, Macmillan Publishers Ltd. F) 256-electrode 

ECoG (Neurogrid) laid onto an orchid petal. Scale bars 5 mm, 100 µm inset. G) Action 

potentials are detected from the surface of rat brains. Adapted with permission.[76] Copyright 

2014, Macmillan Publishers Ltd. 

 

Investigators developed microfabricated, thin film neural probes to produce 

conformable devices with better biocompatibility (Figure 4).[74–77] Conformability is especially 

important for brain measurements. When placed on the surface of the brain, the probe can 

follow its folds, and while inside the brain, the probe can move and flex with micromotions 

associated with body movement, respiration, and blood flow. Using standard lithography 

procedures and spin coating of PEDOT:PSS, researchers fabricated 4 µm thick, flexible probes 

with PEDOT:PSS-coated Au electrodes and OECTs encapsulated in Parylene C. After 

crumpling, the OECTs did not display any changes in device properties (specifically 

transconductance) indicating that, like the substrate, the CP channel can also withstand 

mechanical deformation.[78] These probes were presented in a penetrating format with the aid 

of an insertion shuttle. When compared to the standard of Si probes, Parylene C electronics 

showed minimal glial scarring in rats (Figure 4c-d).[74] The group also performed ECoG 

measurements on the surface of the brain in rats that received a drug to induce epileptiform 

activity. When compared to PEDOT:PSS coated Au electrodes, PEDOT:PSS OECTs showed 

a superior signal-to-noise ratio (Figure 4e), a critical parameter for detecting low amplitude 

signals (SNROECTs 44 dB, SNRelectrode 24.2 dB).[75] The superior SNR of OECTs is due to 

amplification of neural signals at the site of recording (local signal amplification) by 

transducing the small voltage inputs into large changes of channel current (see also Chapter 
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6).[75,78] For electrodes, amplification occurs in the recording electronics (outside of the animal), 

and noise picked up by leads is also amplified.[47] For further explanation on the device physics 

of OECTs, readers are referred to the following reviews.[79,80]  

In later work, investigators reported the unprecedented ability of detecting single unit 

activity using PEDOT:PSS electrodes placed on the surface of the brain in rats. Additionally, 

they detected spiking activity in humans undergoing brain surgery for epilepsy.[76] Other 

researchers compared standard clinical Pt electrodes (3 mm diameter) with PEDOT:PSS coated 

Au electrodes of the same diameter. The latter had lower impedances, as expected, but also had 

a more narrow range of impedances as well as lower noise densities.[81] Furthermore, when 

compared to CP macroelectrodes, CP microelectrodes with four orders of magnitude smaller 

area (50 µm diameter) could still detect similar electrophysiological signals. Just like CP 

macroelectrodes, CP microelectrodes were used to distinguish between awake and unconscious 

states after administration of anesthesia as well as to detect epileptiform activity. Although the 

CP macro- and micro-electrodes had different impedances, these results indicate the impedance 

of the microelectrodes was sufficient for the applications investigated. These studies 

demonstrated that CP-coated electrodes have significant promise for clinical translation, 

especially in higher density arrays that can improve the spatial resolution of electrophysiology 

signals for determining borders of tumors or epileptic zones to be resected with higher accuracy. 

PEDOT:PSS-coated electrodes on flexible substrates have also been investigated for 

stimulation, specifically for an auditory brainstem implant.[82] In patients who cannot benefit 

from cochlear implants, auditory brainstem stimulation can provide auditory sensations but 

rarely leads to direct comprehension of speech.[83] The authors proposed that this could be due 

to lack of stimulation specificity to neurons in the implant site. Therefore, investigating smaller 

electrodes and higher density arrays could improve therapeutic outcomes. Furthermore, current 

clinical auditory brainstem implants may not perfectly conform to the implant site: the cochlear 
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nucleus. Flexible and conformable electronic devices may also improve efficient stimulation 

by creating a more intimate and closer contact with stimulation targets. 

In order to achieve a higher density electrode array and more specific stimulation, the 

authors employed CP coatings in order to increase the charge injection properties over bare 

metal electrodes (Figure 5). Additionally, the authors hypothesized that CP coatings would be 

compatible with the flexible substrate due to the fact that generally, CPs can also be flexible. 

They fabricated Pt microelectrodes encapsulated within polyimide and coated these with 

electropolymerized PEDOT:PSS. The cathodal charge storage capacity of Pt electrodes was 

approximately 2 mC cm-2 while PEDOT:PSS coated electrodes reached over 30 mC cm-2. Final 

implants were 8 µm thick versus the 0.6 mm thick arrays that are clinically used. The electrodes 

showed efficient operation under bending conditions imposed by the implant site. The estimated 

bending radius of the rat brainstem was 1.6 mm, and up to a bending radius 2 mm, there was 

not a difference in the impedance at 1 kHz nor were there any visible cracks or delamination of 

the PEDOT:PSS under optical inspection when compared to before bending (Figure 5a-c). In 

vivo, the electrodes delivered enough current to evoke auditory brainstem responses in rats 

(Figure 5d). 

 
Figure 5. PEDOT:PSS coated Pt electrodes on flexible polyimide for auditory brainstem 

stimulation. A) A 3D model of the rat cochlear nucleus. The bending of this implantation site 

is characterized by its radius of 1.65 mm. B) Up to a bending radius of 2 mm, electrode 

impedance at 1 kHz does not change. C) Electrodes appear undamaged (no cracks or 

delamination of PEDOT:PSS) after bending. Scale bars, 50 mm. D) Electrodes successfully 
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stimulate cochlear nucleus as evidenced by evoked auditory brainstem responses. E) Electrodes 

in array are arranged in such a way to further increase conformability. Figures adapted with 

permission.[82] Copyright 2015, Royal Society of Chemistry.  

 

3.2 All-polymer, Metal-free Electrodes 

Coatings on metal electrodes represent the vast majority of studies of CPs in 

electrophysiology and stimulation. Recently, all-polymer, metal-free electrodes have been 

presented as an exciting development. The elimination of metal allows for new fabrication 

methods and enables opportunities for novel device formats and architectures. Metals can 

inhibit stretchability of electronics since thin metal films will crack if a “wavy” shape is not 

provided.[84] Furthermore, underlying metal electrodes can often exhibit poor bonding to CPs, 

which can limit long-term performance in aqueous conditions via failure mechanisms like 

cracking and delamination. Using polymers as the sole conductor on top of organic substrates 

can allow for easier bonding due to the possible chemistries afforded (organic-organic bonding 

versus metal-organic bonding). Moreover, the elastic moduli of CPs and their composites can 

be tuned may even be go as low as to match that of biological tissues (soft tissues possess 0.5–

500 kPa elastic moduli, as discussed in section 2.5) while preserving conductivity: a desired 

criterion for efficient cell-electrode interfacing.[85] 

Hydrogels are an interesting substrate for electronic devices due to their structural 

similarity to native extracellular matrix. Like CPs, the elastic modulus of hydrogels can be tuned 

to be within the range of soft tissues, giving rise to electronics solely comprised of materials 

that truly match the mechanical properties of surrounding tissue. Furthermore, hydrogel 

electronics have high water content, resembling the hydrated environment of the extracellular 

matrix surrounding cells in tissue. However, the fact that hydrogels are hydrated poses difficulty 

in incorporating these important materials into traditional electronic fabrication methods like 

photolithography and etching. Even when flexible, soft, and hydrated CP electrodes are made, 

our technology to control and read from them are still hard and dry (metals and Si). Therefore, 
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significant challenges include i) forming a connection between hydrogel/CP electrodes to metal 

pins or leads of the controller to develop full devices as well as ii) maintaining a stable 

connection during mechanical stress, (e.g. during movement and bending). 

To develop devices mimicking tissues, researchers fabricated PEDOT electrodes by 

electropolymerization on Pt electrodes covered by an agarose hydrogel (Figure 6).[86] 

 
Figure 6. A-C) Schematic CP-hydrogel electrode fabrication. A) Liquid agarose solution is 

poured onto Pt electrodes. B) Electropolymerization of PEDOT results in PEDOT electrodes 

inside of the hydrogel. C) Electrochemical actuation helps delaminate hydrogel from Pt 

electrode substrate. D) Images of PEDOT electrodes in hydrogel. E) Gel cross-section showing 

PEDOT penetrates within agarose. Figure adapted with permission.[71] Copyright 2010, 

American Chemical Society. F) PEDOT on a double network hydrogel cracks when stretched 

while G) PEDOT/polyurethane (PU) composite on a double network hydrogel does not. H) 

Resistance of PEDOT increases four-fold when subjected to 50% tensile strain while 

PEDOT/PU composite maintains resistance over 100 cycles. Adapted with permission.[87] 

Copyright 2014, Wiley-VCH. 

 

They used electrochemical actuation to delaminate the PEDOT/agarose hydrogel from the 

underlying Pt electrode and generate a free-standing electrode that was used to stimulate the 

contraction of C2C12 immortalized mouse myotubes in vitro. It is envisioned that mammalian 

extracellular matrix hydrogels like fibrin or collagen could easily be used in place of the agarose 

in this method. The use of natural extracellular matrix could enable more seamless 

biointerfacing for electronic-integrated tissues.[71] As observed by the gel cross-section, the 
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PEDOT electropolymerized through the hydrogel (Figure 6). Unlike hydrophobic elastomers 

like PDMS which pose significant challenges in binding and adhering to hydrated materials, 

the bonding of hydrogels to CPs is more straightforward.[88] 

Making electronic devices more elastic is clearly beneficial for biological interfacing 

but how the incorporation of elastic substrates influences all layers in electronic devices and 

their function should be considered (as in the case of metal thin films mentioned in the 

introduction of this section). If elastic devices are to be subjected to strains imposed by cellular 

contractions in tissue engineering or tissue motions such as expansion and contraction of organs 

in implantable electronics, then electrical functionality as a function of strain must be 

demonstrated. Improving upon the PEDOT/agarose device, the same research group utilized an 

elastic composite of PEDOT and polyurethane (PU) on a double network hydrogel.[87] Unlike 

typical hydrogels, double networks are more elastic and thus more suitable as a substrates. The 

PEDOT/PU composite demonstrated superior stability to repeated cycles of stretching and 

bending relative to pristine PEDOT. When subjected to repeated cycles of 50% tensile strain, 

the PEDOT alone cracked and its resistance increased four times, while the composite 

maintained constant resistance over 100 cycles (Figure 6f-h). The PEDOT/PU also resisted 

cracking when the hydrogel substrate was swollen in water.  

Other researchers fabricated an all-polymer microelectrode array using replica molding 

with PDMS. The microchannels were filled with PEDOT:PSS to create films that served as the 

electrode paths (Figure 7).[89]  
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Figure 7. All-polymer microelectrode arrays composed of PEDOT:PSS within PDMS. A) 60 

microelectrode array with conducting PEDOT:PSS tracks (blue) comprising contact pads, 

channels, and recording sites. Scale bar, 1 mm. B-C) Higher magnification images of A. Scale 

bars, 1 mm. Readable text of paper underneath illustrates array transparency, key for subsequent 

imaging in E. Scale bar, 1 mm. D) Cross-section of PEDOT:PSS electrode. Scale bar, 100 mm. 

E) Cortico-hippocampal rat cells are supported on the device, 38 days in vitro. Scale bar, 100 

mm. Adapted with permission.[89] Copyright 2011, Elsevier. 

 

The authors noticed that the PEDOT:PSS would crack if direct pressure was applied to the 

PEDOT:PSS film on the PDMS or if the array was bent more than 70°. Furthermore, 

PEDOT:PSS more easily cracked when applied to non-treated PDMS versus plasma-treated 

PDMS, illustrating the importance of creating sufficient bonding between layers in flexible 

devices. The average impedance at 1 kHz, used for measuring action potentials, was 

approximately 40 times higher than metal electrodes; at 1 Hz, used for measuring LFPs, 

impedance was 15 times lower. Interesting benefits to such a device include its support for 

cultured cells and optical transparency for subsequent biological imaging. The authors 
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evaluated the utility of such devices in vitro and in vivo with various recordings, including 

cardiac activity from embryonic mice hearts, individual action potentials from stimulated retinal 

explants, spontaneous activity from cortico-hippocampal cells for 63 days, and LFPs in epidural 

and epicortical configurations on the primary visual cortex of rats. 

Another group developed an all-polymer, metal-free electrode array consisting of 

PPy/polycaprolactone-block-polytetrahydrofuran-block-polycaprolactone (PCTC) electrodes 

sandwiched in between films of PDMS (Figure 8a).[90]  

 
Figure 8. A) 1 mm diameter polypyrrole/polycaprolactone-block-polytetrahydrofuran-block-

polycaprolactone electrodes in PDMS. Top inset: Electron micrograph depicting rough surface 

morphology of electrode. Bottom inset: Electrodes rolled around glass pipette illustrating its 

flexibility. B) Impedance spectroscopy of electrodes compared to Pt electrode of same 

geometric area C) Representative EMG trace of stimulated hindlimb muscle following 

squeezing of sciatic nerve A-C) Adapted with permission.[90] Copyright 2014, Wiley-VCH. 

 

Compared to a Pt electrode of the same geometric area, the polymer electrodes displayed lower 

impedances at low frequencies (below 80 Hz), appropriate for measuring local field potentials 

(Figure 8b). The authors demonstrated EMG of a hindlimb muscle in a rat after squeezing the 

sciatic nerve (Figure 8c). For stimulation, this all-polymer electrode demonstrated a cathodic 

charge storage capacity of 48.8 mC cm−2, exceeding the Pt electrode by almost an order of 

magnitude and rivaling that of PEDOT-coated metal electrodes. 

As mentioned previously in this section, adhesion between layers in stretchable 

substrates is an engineering challenge in electrode fabrication. Researchers used PPy nanowires 

in the construction of their devices to both anchor PPy electrodes as well as to grip the 

underlying PDMS substrate (Figure 9).[91]  
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Figure 9. PPy nanowires fabricated on PPy electrodes on indium tin oxide. Pre-stretched PDMS 

applied to the electrodes, released and peeled to yield wavy PPy electrodes anchored in the 

PDMS with nanowires. Electrode arrays were used for ECoG of healthy and epileptic mice as 

well as stimulation of the sciatic nerve. Adapted with permission.[91] Copyright 2017, Wiley-

VCH. 

 

They applied a pre-stretched PDMS film with a “glue” layer of semi-cured PDMS to PPy 

nanowires. The pre-stretching created “wavy” morphology electrodes when released, while the 

semi-cured PDMS layer served to penetrate within the nanowires and improve the PPy adhesion 

to PDMS. The PPy electrodes did not display any cracking at pre-stretched lengths of 100%, 

while the Au electrodes fabricated in the same fashion cracked at pre-stretched length of 60%. 

The resistance of the PPy electrodes was constant up to 100% strain and after 10,000 cycles of 

stretching. The electrode arrays were used to measure low frequency signals, ECoG in normal 

and epileptic mice, and were also used to stimulate the sciatic nerve. 

4. Tissue Engineering 

The conducting nature of CPs holds obvious promise towards interfacing with electro-

active and -responsive tissues and cells such as neural and cardiac, as laid out in Chapter 3. 

Moreover, all types of cells from bone to skin rely – among other mechanisms – on ionic 

signaling as mentioned in section 1. It is therefore not entirely surprising that conducting 

substrates can broadly improve biological interfaces even in the absence of external electrical 
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stimuli.[27] CP-based materials additionally offer a very large design space along properties 

ranging from mechanical to chemical, making them exceedingly attractive for tissue 

engineering applications (Figure 10).  

 
Figure 10. The use of CP-based materials in tissue engineering relies on their favorable 

properties regarding biological interfaces. 

 

In this Chapter, we will first look at recent advances towards “passive” applications of 

CPs towards 3D tissue engineering constructs in 4.1, i.e. examples in which the materials 

remain static and creation of a beneficial biological interface relies on their intrinsic properties. 

We devote the second section 4.2 to an in-depth look at the slower-developing but highly 

promising “active” temporal or spatial control of the biological interface using CPs by 

leveraging their redox properties. With the overall aim of tissue engineering eventually lying in 

medical applications, we will focus on studies with mammalian cells throughout. 

4.1 Passive 3D Constructs 

Based on the inherent advantages of CP-based systems regarding many of the factors 

discussed in Chapter 2, researchers have gradually pushed from 2D culture of immortalized 

cells towards 3D constructs and ultimately in vivo animal trials. For an in-depth view on the 

subject, we refer the reader to a recently published review of this progression.[92] We will 

confine ourselves here to a smaller selection of studies that we consider key advances in the 
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area of truly 3D tissue engineering constructs – ones extending more than 1 mm in all macro-

dimensions and featuring micro-porosity to support cell growth throughout its volume. While 

constructs with lower thickness (and even of limited porosity) can be highly useful in certain 

tissue engineering applications, the class explored here remains the most challenging to 

implement. We also limit the discussion here to “passive” use of CP-based materials, i.e. 

wherein the material properties are pre-determined and remain static after fabrication (converse 

“active” control/actuation will be the focus of section 4.2). In this context, the beneficial 

properties of the constructs derive from their engineered properties along the dimensions 

outlined in Chapter 2. As will be illustrated also in the following examples, CPs have a complex 

and interconnected impact on all aspects of the biological interface, complicating the isolation 

of specific, dominant factors. 

4.1.1. Co-culture of Cells 

One recent work is notable for two reasons: co-culture of cells from distinct lineages, 

and integrated monitoring capabilities.[40] The researchers fabricated 10×4.5×1.5 mm³ scaffolds 

from PEDOT:PSS/dibutyl sebacate (DBS), with added collagen for enhanced bioactivity, in an 

ice-templating process based on controlled freezing and sublimation. They demonstrated that 

growth of MDCK cells (derived from healthy dog kidney) could be monitored via changes in 

impedance (a technique discussed more in Chapters 3 and 6). Critically, as shown in 
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Figure 11a-b, they further demonstrated the co-culture of these cells with TIF cells 

(human telomere immortalized fibroblasts). Over 5 days of culture, the investigators observed 

qualitatively tissue-like organization with connective tissue-like and epithelial-like structure 

provided by the TIFs and MDCKs, respectively. No mechanistic inferences can be made, 

however, as no alternative/control scaffolds were considered. Still, the work not only presents 

strong progress towards an in vitro-cultured live tissue construct, but by integrating monitoring 

capabilities also positions it at the intersection with electrophysiology. 

 
Figure 11. In vitro tissue engineering scaffolds. A) Confocal and B) electron microscopy 

images of co-culture of two immortalized cell types (green & red) inside an ice-templated 

PEDOT:PSS/DBS and collagen construct after 5 days. Adapted with permission.[40] Copyright 

2017, Wiley-VCH. C) Optical and D) electron microscopy images showing a construct from 

PPy:chondroitin sulfate-coated poly(lactic acid) fibers used for human stem cell culture. 

Adapted with permission.[93] Copyright 2015, Jani Pelto. 

 

4.1.2. Human Stem Cells 

A second important direction is exemplified by two of the earliest studies employing a 

3D scaffold meeting our earlier definition in combination with human stem cells.[94,95] The first 

study employed a non-woven scaffold of extruded poly(lactic acid) fibers coated with 

PPy:chondroitin sulfate (a glycosaminoglycan indicated in bone development), as shown in 

Figure 11c. The investigators demonstrated significantly enhanced proliferation of adipose 

stem cells harvested from three different donors over the course of 14 days inside the 

10×10×2 mm³ matrices, compared to poly(lactic acid) only. They also found enhanced 

expression of an osteogenic differentiation marker. Adding pulsed electrical stimulation (ES) 
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applied through the scaffolds, intended to enhance differentiation based on previous works, did 

not yield any statistically significant effects here. Regarding the beneficial effects of the CP-

based material, the authors emphasize changes in surface morphology versus the uncoated 

fibers as well as its conductivity. Since ES did not affect outcomes, the positive impact of 

conductivity is linked to facilitating the transduction of endogenous cell signals. The second 

study also targeted bone applications, using a cylindrical 4.5 mm × 2 mm freeze-dried scaffold 

of PEDOT:PSS mixed with gelatin and bioactive glass nanoparticles (without ES; Figure 11d-

e). This research group reported significantly increased 24 h viability of human mesenchymal 

stem cells with increasing PEDOT:PSS concentration (up to 0.3% w/w) in the scaffold 

compared to a CP-free control. They highlight that, besides increasing conductivity, added 

PEDOT:PSS also altered the pore structure (though not the overall porosity) of the scaffold, 

increased its stiffness, and significantly inhibited enzymatic degradation. Works such as these 

are slowly becoming more numerous and are highly encouraging towards the human 

applicability of such live tissue constructs. We note, however, that we could not identify similar 

studies employing induced pluripotent stem cells (iPSCs), which have become one of the most 

promising cell systems for tissue engineering.[96] Moreover, there is a continued need to 

understand the impact and mechanism of how ES, as well as conducting materials alone, affect 

cellular growth and differentiation. 

4.1.3. In vivo Examples 

Finally, in vivo studies are critical for translating in vitro breakthroughs into applied 

medical therapies. In 2012, researchers built a 15 mm long, 2 mm diameter scaffold for nerve 

regeneration.[97] The constructs, shown Figure 12a-c, featured longitudinal-aligned 

microchannels inside PPy/chitosan generated via controlled freeze-drying. They used the 

scaffolds to bridge large sciatic nerve defects in 35 lab rats and followed the defects for up to 

12 weeks, combining the scaffold with a regimen of intermittent, pulsed ES. Along a variety of 

metrics – behavioral, histological, molecular, and electrophysiological – the stimulated 
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scaffolds significantly improved axonal regeneration and myelination when compared to 

unstimulated or chitosan-only controls. Interestingly, the control groups showed no significant 

differences, i.e. PPy did not provide inherent advantages over chitosan-only, providing a 

relatively rare instance where the CP appears to exclusively serve an enabling function for ES. 

While not fully meeting our definition of a 3D scaffold, we still want to mention a similar study 

by another team in this context.[98] That study is notable for its 6-month duration, one of the 

longest in vivo studies concerning CP-based materials that we were able to identify. They 

employed rolled-up 0.2 mm thick PPy/poly(lactic acid) sheets to bridge large sciatic nerve 

defects in 20 rats (without ES). As seen in Figure 12d, at 3 months the gap was bridged by 

regenerating tissue, and structural degradation of the surrounding scaffold was noticeable – 

though not complete – by 6 months. On behavioral, histological, and electrophysiological 

measures, they were able to demonstrate statistically identical outcomes compared to a nerve 

autograft (and significant improvement over poly(lactic acid)-only). They attributed the 

beneficial effects of the construct largely to the conducting properties of PPy facilitating 

endogenous signal transduction. 
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Figure 12. In vivo tissue engineering scaffolds. A) A freeze-dried PPy/chitosan construct is 

used to bridge a large sciatic nerve defect in rats, with or without intermittent ES. B) Electron 

migrographs showing axial (top) and radial (bottom) cross-sections of the scaffold, highlighting 

the aligned pore structure. C) Fluorescence labeling of neurons in the spinal cord (top) and the 

dorsal root ganglion (bottom) demonstrates the nerve regeneration after 12 weeks with ES. 

Adapted with permission.[97] Copyright 2012, Huang et al. D) Images of a tubular 

PPy/poly(lactic acid) scaffold bridging a large sciatic nerve defect in rats. At 3 months, the 

conduit shows signs of structural degradation and is covered with connective tissue. At 6 

months, significant tissue regeneration is apparent. Adapted with permission.[98] Copyright 

2013, Elsevier. 

 

The same team developed injectable hydrogels based on PAni grafted onto chitosan. In 

the first study, they applied a hydrogel also incorporating benzaldehyde-functionalized 

poly(ethylene glycol)-co-poly(glycerol sebacate) to 7 mm diameter skin excisions on 15 mice 

for wound closure.[99] Histological and molecular indicators showed significantly enhanced 

wound healing after 15 days compared to a commercial wound dressing or an analogous 

hydrogel without grafted PAni. The investigators attributed these improvements to the 

enhanced antibacterial properties and biocompatibility introduced by PAni, in addition to its 

conductivity facilitating endogenous cellular communication. In the second study, they tested 
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a hydrogel of PAni/chitosan and benzaldehyde-functionalized poly(ethylene glycol) for cardiac 

applications, though in vivo evaluation remained limited to showing structural degradation over 

45 days.[100] Another group pursued a similar strategy with an injectable PPy/chitosan hydrogel, 

applied to 8 rats a week after an induced heart attack at three infarct-surrounding sites (33 mm³ 

each).[101] On most electrocardiographic and electrophysiological measures, the material 

performed significantly better over 8 weeks than chitosan-only, while yielding statistically 

identical histological outcomes (with PPy/chitosan still visible at endpoint). They make a strong 

case that the material facilitates recovery by improving synchronization and signaling of the 

infarct-surrounding heart tissue and hypothesized that this is due to the conducting properties 

of PPy. Finally, yet another team employed poly(ethylene glycol)-ylated PAni in combination 

with thiolated hyaluronic acid for the same application.[102] These hydrogels were additionally 

loaded with adipose-derived stromal cells (undefined species) and a gene delivery complex to 

enhance expression of endothelial nitric oxide synthase – associated with enhanced cardiac 

regeneration – in those and surrounding cells. They evaluated the approach on 25 rats, inducing 

a heart attack and subsequently applying 200 mm³ of the hydrogel. On histological and 

electrophysiological measures, the loaded hydrogel most closely approached the non-infarct 

control group over 28 days and performed significantly better than controls omitting either the 

cells, the gene delivery, or the PAni. In biomolecular analysis, the hydrogels showed a 

significant increase not only in endothelial nitric oxide synthase expression, but also in other 

proteins associated with neovascularization. 

4.2 Active Control of Cellular Growth and Differentiation 

The works discussed so far have considered CP-based materials as a passive biological 

interface material with inherently beneficial properties that can also enable ES and monitoring. 

A parallel, more slowly developing direction of research seeks to leverage these materials’ 

unique electrochemical properties towards active control of the interface and, by extension, 

biological function, offering a myriad of intriguing possibilities. We note that such efforts are 
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not confined to CPs but part of a broader trend, for an overview of which we refer the reader to 

another recent review.[103] For the class of materials considered here, this direction of research 

finds its beginning in the seminal 1994 work of Wong, Langer, and Ingber.[104] In this section, 

we will take an in-depth look at the progress since then, and the different approaches taken, as 

summarized in Table 1. 

4.2.1. Mechanism 

Wong et al. switched PPy (pre-coated with fibronectin) between its oxidized and 

reduced forms using an applied voltage, illustrating control over cell adhesion and DNA 

synthesis in endothelial cells (from cow aorta).[104] They found that the cells would not attach 

and spread on the neutral form of the CP. The oxidized form, conversely, supported good 

cellular adhesion, but subsequent reduction of the CP would induce cells to detach and stop 

DNA synthesis. The authors were able to rule out cell death and direct effects from the electric 

field and speculated on a number of potential mechanisms. These included changes in 

wettability, mechanical properties, local ionic environment, and protein adsorption.  

Even to date, knowledge on the complex interplay of factors underlying the control of 

the cellular interface in this type of approach – relying on intrinsic behavior of the CP, notably 

without specific engineering for enhanced control capabilities – remains incomplete. We 

attribute this to the inherent difficulty in isolating a single variable among the factors that can 

impact the biological interface as discussed in Chapter Error! Reference source not found.. 

Many of these aspects will be simultaneously affected by changes in CP redox state and would 

need to be controlled. At the same time, the wide variety of CPs and film/gel preparation 

methods, of protocols for redox switching, and not to mention of cell types, make it challenging 

to draw conclusions from the aggregate body of work (see Table 1). 

One series of studies has highlighted the central role of protein adsorption and 

conformation. It began with a demonstration that an applied current across a PPy film during 

the initial phase of protein or serum exposure increased fibronectin adsorption.[105] This also 
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correlated with 50% longer neurite outgrowth for PC12 cells (rat; derived from a 

neuroendocrine tumor). In later works, two teams of researchers studied the differential 

attachment and proliferation of immortalized epithelial-like dog cells (MDCKs) and mouse 

neural stem cells on PEDOT:tosylate. These studies further indicated redox state-dependent 

changes in the orientation and conformation of adsorbing albumin[106] and fibronectin.[107] For 

fibronectin, the hypothesis was verified using Förster resonance energy transfer (FRET) 

imaging with appropriately donor/acceptor labeled fibronectin.[108] The investigators showed 

that fibronectin adsorbed in a compact conformation on oxidized PEDOT:tosylate and in a more 

unfolded state with increasing reduction of the CP, as illustrated in Figure 13a-b (these 

experiments are described further in subsection 4.2.3). While unfolding does not directly affect 

recognition of the short RGD motif by cell surface integrins, it does impact the so-called 

synergy binding domains – domains that the integrins can also bind to, but only if they are 

located in close physical proximity to RGD. The unfolded state of fibronectin eliminates this 

physical proximity, making integrin interaction less favorable. CP stiffness and surface 

roughness remained unaffected by oxidation state, ruling out mechanical transduction as a 

possible mechanism. The investigators speculated that the observed local changes in pH at the 

oxidized and reduced PEDOT surfaces may play a role in protein folding.  
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Figure 13. Mechanisms underlying how redox changes in CPs affect the biological interface. 

A) Heat map showing the conformation of FRET-labeled fibronectin, from compact (red) to 

unfolded (blue), adsorbed onto the PEDOT:tosylate device schematically illustrated in the top 

right. Adapted with permission.[108] Copyright 2012, Wiley-VCH. B) Representative 

micrographs of immortalized cells (green) growing on a device nearly identical to that in A), 

showing a clear, corresponding gradient in adhesion/proliferation. Adapted with 

permission.[109] Copyright 2009, The Royal Society of Chemistry. C) Schematic illustration of 

how PEDOT:PSS modulates the local ionic environment. Adapted with permission.[110] 

Copyright 2017, American Chemical Society. 
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Another important direction of mechanistic study was undertaken by a different group 

of researchers. They employed different formulations and fabrication methods of PEDOT:PSS 

in an effort to decouple some of the physical parameters affected by changes in redox state.[111] 

Looking at the relative proliferation of adhered T98G cells (human; derived from brain cancer) 

over 72 h, they interestingly found that the (reduced) redox state itself was more strongly 

correlated with cell growth than surface wettability/energy, surface roughness, or sheet 

resistance. Primary human dermal fibroblasts, however, showed statistically identical growth 

behavior under all studied conditions (excepting one outlier). This clearly illustrates the 

different behavior of different cell types, further complicating the mechanistic study of how CP 

redox state affects the biological interface. In a second study, the researchers selected one 

PEDOT:PSS formulation and fabrication method for further investigation, specifically 

regarding ion concentrations and fluxes.[110] They measured increased cation concentrations 

inside the material both upon reduction (6×) and, to a lesser degree, oxidation (1.5×). In the 

former case, this aligns with expectations, since reduction turns the PEDOT backbone more 

neutral, but the negative charge of the PSS remains to be compensated (Figure 13c). For 

oxidation, they attributed the effect to over-oxidation irreversibly neutralizing some of the 

PEDOT backbone (again leaving negative PSS charges uncompensated), as well as to anions 

migrating along the electric field into the film. With the potential subsequently switched off, 

the PEDOT:PSS gradually reverts towards a more neutral state in either case, and the ions 

migrate back into solution – on a timescale of hours and days (rather than minutes as with e.g. 

PPy reverting to its oxidized state).[104] The investigators proceeded to assess the impact of this 

gradual ion efflux on cellular electrophysiology in a comprehensive set of patch-clamp 

experiments with T98G cells cultured on pre-biased PEDOT:PSS films. In cells, differences in 

ion concentration are maintained (“resting membrane potential”) by dedicated proteins that 

either actively pump ions across the membrane, or that are selective to the passive diffusion of 

certain ions; patch-clamping allows for measurement of these ionic gradients and fluxes. They 
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found a significant decrease in outward potassium current and an increase in resting potential 

for cells on the reduced CP over both its unbiased and oxidized forms. This is in agreement 

with a higher extracellular potassium concentration due to its gradual release from the film as 

the CP reverts from reduced to neutral. The observed changes in electrophysiology also imply 

a higher intracellular calcium concentration, which is critical for cell adhesion and proliferation 

processes and aligns with the results from the first study. Looking at the human dermal 

fibroblasts, conversely, reveals their electrophysiology to be minimally affected by the ion 

efflux from the PEDOT:PSS film (also versus the polystyrene control). The researchers 

therefore posit that the interplay between CP redox state and the biological interface is driven 

by ionic effects, and that cellular response depends on electrophysiological “sensitivity”. 

Another team similarly investigated ionic effects on human adipose-derived mesenchymal stem 

cells with a PPY/polycaprolactone scaffold.[112] By applying a variety of voltage-gated channel 

blockers, the researchers found that blocking the calcium channels nearly eliminated the 

positive effects of stimulation on osteogenic differentiation. Though their 4 hours per day 

stimulation protocol during cell culture limits direct comparability, this is in line with the 

expectations for an electrophysiologically sensitive cell type like the T98G discussed above.[110] 

We want to emphasize that the two classes of effects demonstrated – protein 

conformation and local ion concentration – are not mutually exclusive. Both likely play a 

significant role in how CP redox states affect cellular function. Further studies on ionic effects 

in a protein-free (or at least -controlled; see Table 1) cell culture environment – and with a 

larger range of cell types – are needed to isolate the contributions of respective parameters. We 

identify also a third relevant line of thought that arises from considering CPs as electrode 

materials for electric cell stimulation. The impact – though not necessarily the mechanism – of 

electric fields on cellular function, including non-excitable cells, is well-established and -

reviewed.[27] CPs can be well-suited towards such applications as discussed in Chapter 3 and 

Error! Reference source not found.section 4.1. Some studies that apply electrical signals to 
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elicit changes in the CP also during the cell culture phase (rather than pre-biasing only) seek to 

control for these electric field-mediated effects. One such example is the original work by Wong 

et al.;[104] however, these controls are not always implemented. Expanding the mechanistic 

studies outlined above into this realm would be highly desirable. Conversely, works on 

electrical cell stimulation often focus solely on electric field considerations. This focus makes 

sense in the (typical) scenario where electrical signals are pulsed or oscillating on timescales 

faster than the seconds-to-minutes demonstrated for redox-driven changes in the CP. However, 

a handful of studies employing constant voltage (or current)-type signals neglect discussion of 

possible redox state changes in the material and of associated phenomena, attributing effects on 

cell growth solely to the electric field.[113–117] In view of the other works reviewed here, we 

caution against such an approach and emphasize the need for suitable experimental design. One 

recent study might serve as a positive example in this context, comparing the growth of 

amphibian spinal neurons on a variety of electrode materials – including PEDOT:PSS – under 

a constant electric field.[118] 

4.2.2. Temporal Control 

Many works in this research area have continued to pursue the same type of control 

demonstrated by Wong et al. and discussed above.[43,119–125] Rather than providing an exhaustive 

review – complicated by the aforementioned delineation between electrical stimulation of the 

cells versus of the CP – we will highlight two papers in particular. One was the first to apply 

this principle of active control to the culture of fetal and embryonic stem cells (from rat and 

mouse, respectively).[126] Initially assessing biocompatibility, the researchers found that 

tosylate, perchlorate, and chloride all yielded significant cell death when used as PPy dopants, 

while PPy:DBS showed excellent viability over 9 days. This was notably different from 

immortalized human retinal pigment epithelium (RPE) cells (and other studies) where all four 

dopants yielded good viability. Reduction of the CP during cell culture resulted in detachment 

and/or loss of viability for most cells, while cells growing on the Au electrodes remained 
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unaffected (ruling out electric field effects). Reducing the CP before cell seeding also decreased 

attachment and viability, but not as drastically; a gel coating of basement membrane matrix on 

top of the PPy (acting as a physical spacer) largely eliminated the observed effects. This led the 

authors to speculate about the combined impact of ionic fluxes and protein 

adsorption/conformation, in line with the mechanistic research reviewed earlier in this Chapter. 

The other paper presented the first step in applying redox control to truly 3D tissue 

engineering scaffolds as discussed in section 4.1.[39] The investigators prepared 10×7×2 mm³ 

constructs, displayed in Figure 14a, with tunable 30-100 µm pore sizes by controlled freeze-

drying and sublimation (ice-templating) of PEDOT:PSS. 3T3-L1 cells (derived from healthy 

mouse fibroblasts) were able to invade the scaffold in seeding and were viable over at least 7 

days. They found that a pre-oxidized scaffold supported 50% better cellular adhesion compared 

to a pre-reduced one, with proliferation notably not statistically different. A study of fibronectin 

confirmation analogous to the one described in 4.2.1 also confirmed a significant increase in 

compact or unfolded protein confirmation for the oxidized and reduced scaffolds, respectively. 

The investigators further quantified the secretion of vascular endothelial growth factor (VEGF; 

associated with angiogenesis) by the cells, which was up-regulated 4-fold on the reduced 

scaffolds. This situation is suggested to mirror the in vivo cancer microenvironment, where 

unfolded fibronectin can be more prevalent than in healthy tissue. 
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Figure 14. Control of cellular growth or differentiation via redox state switching. A) 3D 

PEDOT:PSS employed in culturing immortalized cells, with a photograph (top) illustrating the 

dimensions of the experiment. Electron micrographs (bottom, left) after 24 hours and 

fluorescence image (bottom, right; blue: nuclei; green: fibronectin) after 7 days show good cell 

adhesion and proliferation in oxidized scaffolds. Adapted with permission.[39] Copyright 2015, 

The Royal Society of Chemistry. B) Growth factor surface-tethered to PEDOT:heparin can 

preserve the stem-ness of rat stem cells in the neutral state (left), while oxidation induces neural 

differentiation (right) as seen in the fluorescence micrographs (top; blue: nuclei; green: nestin). 

The underlying mechanism is schematically illustrated (bottom). Adapted with permission.[127] 

Copyright 2011, Wiley-VCH. 

 

4.2.3. Spatial Control 

In parallel to the temporal control demonstrated in the examples above, spatial control 

on the same principles was independently demonstrated by two research groups. One employed 

strips of PEDOT:tosylate on top of indium tin oxide, biased with opposing voltage at either 

end.[109,128] The bias establishes a linear potential gradient – and corresponding redox gradient 

– in the material from reduced (at the negative bias side) to oxidized (at the positive bias side). 

Growing cells on such pre-biased substrates over 24h, the investigators found a distinct redox-

dependent pattern shown in Figure 14b. Both 3T3-L1 cells and MDA-MB-231 cells (derived 

from human breast cancer) significantly preferred the oxidized side of the substrate, with a 

gradual decrease in growth density across the reduced side (as well as at the positive extreme 

of the oxidized side).[109] In a separate study with the same set-up, they also considered 

migration of endothelial cells (primary; cow aorta) over the initial six hours after seeding on 
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top of the redox gradient. They found that speed and directional persistence of the cells were 

significantly larger on the oxidized side of the substrate (scaling with potential), while both 

parameters were lower and less variable on the reduced side.[128]  

The second team employed PEDOT:tosylate, but in an electrochemical resistor 

geometry (i.e., without conducting support but with added control over the media bias 

voltage).[107] Based on the same principles as above, this device allowed for establishment of a 

redox gradient, non-linear due to the application of voltage directly through the CP. Culturing 

MDCK cells over 18h under constant source/drain and various gate voltages, they found similar 

patterns as the other group: the cells adhered well on oxidized CP, with fewer cells toward the 

reduced as well as the highly oxidized regimes. 

4.2.4. Bio-modifications for Enhanced Control 

Redox-switching opens up even more interesting avenues when combined with bio-

modified CPs. In 1998, one team of researchers prepared heparin-doped PPy films that 

supported the growth of primary human endothelial cells (HUVECs).[129] They further 

demonstrated that the amount of heparin exposed at the surface could be regulated by switching 

between oxidized and reduced states of the CP, but stopped short of illustrating this in the 

presence of cells. They suggested that, in the oxidized state, heparin remained closely associated 

with the CP backbone to conserve charge neutrality. Electrochemical reduction caused a looser 

heparin-CP association as the backbone became more neutral. This principle was later 

leveraged by another group to guide neural stem cell differentiation (from rat embryos) as 

shown in Figure 14b.[127] These cells rely on basic fibroblast growth factor to retain their stem-

ness and begin differentiation once this stimulus is removed. As mentioned in section 2.4, 

heparin strongly interacts with certain proteins, including growth factors. By letting basic 

fibroblast growth factor adsorb to the heparin-exposing surface of reduced PEDOT:heparin, 

they obtained a substrate able to sustain neural stem cell culture for at least 4 days without 

adding it in the media. Importantly, subsequent oxidation of the CP lowered basic fibroblast 
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growth factor exposure 5-fold since the heparin re-associated more closely with the CP 

backbone. The investigators were able to demonstrate significant increases in how the cells 

committed to astrocytic and neuronal fates with this redox switch, as assessed via protein 

expression and cell morphologies. 

A recent work followed a similar approach, covalently anchoring interleukin 3 to the 

succinate dopant of the PPy film.[130] Using cells from the interleukin 3-dependent FDC-P1 line 

(from healthy mouse bone marrow), the authors were able to show comparable viability over 

48h on the PPy:succinate-interleukin 3 substrates as on polystyrene with the protein in solution. 

The same behavior was observed under constant negative bias (reduced CP); however, PPy 

oxidation resulted in a statistically significant 0.2-fold decrease in viability. They verified that 

a change in oxidative state alone (with interleukin 3 in solution rather than covalently bound) 

does not impact viability. They attributed this to the closer electrostatic association of succinate 

– and thereby the anchored protein – with PPy in its oxidized state making the protein less 

accessible to the cells. 

4.2.5. Mechanical Control 

Another line of research exploits mechanical changes in the CP. In 2008, researchers 

developed a microstructured array consisting of SU-8 pillars surrounded by PPy:DBS (as well 

as the corresponding inverted structure).[131] Under reduction (oxidation), the CP expanded 

(contracted) due to electrolyte entering (exiting) the material to preserve the charge balance. 

Here, a ~10% volume change also implied a change in step height compared to the static SU-8. 

The researchers leveraged this effect to trigger a transition from superhydrophobic to 

hydrophilic (i.e., beyond the intrinsic changes of flat PPy wettability upon reduction/oxidation) 

as PPy volume expansion decreased the effective height of SU-8 pillars from 4 µm to 3 µm. 

Collaborators soon after employed a similar design with alternating 100 µm strips of material. 

In this study, the (initially oxidized and thus contracted) PPy:DBS strips protruded about 1 µm 

above the SU-8 strips.[132] They cultured MDCKs on such arrays overnight as shown in 
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Figure15a, and subsequently reduced the CP over the course of 5 minutes. For cells 

overlapping the edge between the PPy and the SU-8, the reduction resulted in a mechanical 

stimulus as the CP expanded. With controls accounting for the other effects of the redox switch, 

they were able to show that the stimulus evoked a significant increase in intracellular calcium 

– indicative of adenosine triphosphate (ATP) signaling associated with mechanical stress – 

mirroring the time course of the PPy expansion. The expansion somewhat unexpectedly proved 

irreversible, which the authors attributed to the constraining SU-8 strips. 

 
Figure 15. Mechanical actuation of the bio-interface with CPs. A) Immortalized cells are 

cultured on a strip array of PPy:DBS and SU-8, illustrated schematically and with a 

fluorescence image (top; blue: nuclei; red: actin). Reduction of the PPy causes a mechanic 

stimulus to cells overlapping the boundaries (middle schematic), which is reflected by an 

increase in intracellular calcium (bottom; purple: strip array; black: flat PPy). Adapted with 

permission.[132] Copyright 2011, The Royal Society of Chemistry. B) PPy:DBS prepared as a 

nanotube surface can be reversibly switched to a nanotip conformation via reduction/oxidation 

as illustrated schematically and with electron micrographs (top), significantly affecting human 

stem cell (MSC; pink) adhesion. Over multiple cycles, this stimulates actin filament 

organization (middle; pseudocolored fluorescence images) and cell spreading (bottom), leading 

to osteogenic differentiation via mechanotransduction. Adapted with permission.[133] Copyright 

2017, American Chemical Society. 
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More recently, the same PPy:DBS material was employed as an around 500 nm 

conformal coating for an electrospun poly(lactic-co-glycolic acid) fiber mat.[134] Applying an 

electrical signal yielded a 5-6% volume change of the scaffold, which the authors were notably 

able to cyclically actuate (albeit with hysteresis) through application of a 0.05 Hz signal. Higher 

frequencies (up to 0.2 Hz) yielded progressively smaller actuation. The scaffolds were 

subsequently used for 7-day culture of induced pluripotent stem cells. In the presence of 

appropriate chemical differentiation cues, the cells showed increased expression of 

cardiomyocyte-specific genes, with stemness-associated ones correspondingly downregulated 

– regardless of the presence of PPy or stimulation. Compared to an uncoated scaffold, the PPy 

coating inherently appeared to enhance cardiomyocytic differentiation to a minor extent. The 

only significant additional change observed with intermittent (10 minutes per day) mechanical 

stimulation was, interestingly, an increase in expression of one of the stemness markers. They 

speculated that further optimization of the stimulation parameters is necessary; still, it 

represents an important step towards active 3D scaffolds. 

A different approach was taken in a study that explores mechanical changes on a 

nanoscale as illustrated in Figure 15b.[133] The researchers employed a specialized PPy 

polymerization protocol to produce an array of nanotubes with inner diameters of around 25 nm. 

Critically, reduction and associated swelling of the CP yielded a closure of the inner tube 

volume, turning them into nanopillars, a process that was reversible with oxidation for at least 

5 cycles. They cultured mesenchymal stem cells on the structures for 8 days and monitored 

osteogenic differentiation, with flat PPy (oxidized and reduced) or nanotip-default structures as 

controls. They observed a significant increase in osteogenic protein markers versus all controls 

even in the absence of chemical differentiation cues as they switched the nanotube-default 

structures intermittently to nanotip morphology and back (20 minutes each; repeated three times 

on day 2). They speculated that this is due to a strong modulation in cellular adhesion, and 

indeed observed significantly more extensive cellular focal adhesions on the nanotubes 
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compared to nanotips, as well as enhanced adhesive force towards a phospholipid droplet (i.e., 

a protein-free cell membrane model) attributed to capillary forces. The authors proposed that 

the cyclic cell attachment/detachment caused by the nanotube-nanotip transitions mediated 

osteogenic differentiation through mechanotransduction and supported this by showing that 

relevant signaling protein expression significantly increased immediately after stimulation. 

4.2.6. Irreversible Control 

The redox switching behaviors explored so far have a commonality in that they are based 

on reversible processes, at least in theory – in some studies this was simply not explored, while 

in others only limited reversibility was demonstrated with consecutive cycles. Reversible 

processes offer more control and elegance but are not always necessary. The first example of 

this is drug release, an application that predates even the initial cell experiments and has been 

studied in depth since then as reviewed in Chapter 5.[135,136] A separate line of irreversible redox-

switching of CPs leads back to what was initially discussed – cell adhesion. While the redox 

state was clearly shown to impact cellular adhesion, there was also generally a limit to how 

much it could be restricted via this mechanism alone. One instance where this is desirable is in 

the recovery of cultured cells, usually accomplished biochemically by application of trypsin. 

This enzyme cleaves cell surface proteins, including those responsible for adhesion; however, 

its non-specific nature can adversely affect cells. One group of investigators pursued an 

approach based on a self-doped, water-soluble PEDOT with sulfonate groups covalently 

anchored to its backbone (termed PEDOT-S:H).[137,138] A deposited film of this CP was able to 

support growth of T24 cells (derived from human bladder cancer) as well as primary human 

keratinocytes and fibroblasts, albeit with somewhat lower initial adhesion compared to controls. 

Oxidizing the CP resulted in swelling followed by break-up and detachment from the substrate, 

along with the cells, making them available for recovery. With the T24 cells, they established 

that 50% of the adhered cells could be recovered, relative to trypsinization, but importantly with 

significantly higher cell surface expression of the (trypsin-sensitive) CD44 antigen. With the 
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primary cells, they demonstrated that the principle could be extended to addressable recovery 

from an array of microfabricated “pixels” as shown in Figure 16a. There, intermediate voltages 

were applied to the relevant row and column, exceeding the threshold for PEDOT-S:H 

oxidation only at their intersection. 

 
Figure 16. Cell detachment via irreversible redox-induced CP reactions. A) Micrograph of a 

PEDOT-S:H matrix array with two primary human cell types (red and black arrows). The inset 

shows cell detachment from a selected pixel (red outline) where the combined row and column 

voltage exceeds the oxidation threshold leading to CP degradation. Adapted with 

permission.[138] Copyright 2015, Wiley-VCH. B) Schematic illustrations (top) and micrographs 

(bottom) of “dynamic PEDOT” (red; see text for details) which inherently inhibits cell adhesion 

(left), but supports immortalized cell culture after oxidative grafting of RGD (middle). 

Subsequent reduction cleaves the RGD peptide, detaching the intact cell sheet (right). A parallel 

control with regular PEDOT:PSS (purple) is also shown. Adapted with permission.[139] 

Copyright 2018, Wiley-VCH. 

 

Recently, a separate team pursued a similar goal based on redox-switched bond cleavage 

in a “dynamic PEDOT” which incorporates phosphorylcholine (to prevent non-specific 

binding) and quinones on the backbone.[139] The quinones allow for the unique functionality of 

this system: in the oxidized state and at low pH, aminooxy-terminal ligands (here: RGD) graft 

to the quinones; subsequent reduction at neutral pH will cleave this bond and restore the system 

to its original state. The authors demonstrated that unlike a regular PEDOT:PSS surface, the 

dynamic PEDOT initially supported practically no attachment of immortalized mouse 

fibroblasts (NIH 3T3) as seen in Figure 16b. After RGD grafting, adhesion and viability 

became comparable; critically, a subsequent reductive pulse, delaminated the cell sheet from 

the dynamic PEDOT surface with 94% viability. The authors showed similar functionality and 
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performance with immortalized neuron-like rat cells (PC12), where they additionally 

demonstrated higher cell density and neurite length under pulsed ES compared to PEDOT:PSS.  

Another study only sought to switch a PEDOT:PSS surface from cell-repellent to 

adhesive.[140] The researchers relied on the negative surface charge from PSS to electrostatically 

adsorb poly(L-lysine)-graft-poly(ethylene glycol) and thereby establish a non-adherent surface. 

They arrayed 20 µm wide strips of this material alternatingly with ones of reduced graphene 

oxide, known to support cell adhesion. Seeded PC12 cells initially grew only on the latter, 

resulting in highly aligned neurites. Under ES, however, the cells spread over the entire 

substrate, with the coating released from the PEDOT:PSS as it oxidized and the PSS became 

less exposed (similar to the case of heparin doping seen in subsection 4.2.4). 
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Table 1. Redox switching of CPs for biological control. Voltages are as bias applied to the entire CP versus an Ag/AgCl reference electrodes unless 

otherwise noted. ΔV refers to differential voltage application in systems without independent reference or counter electrodes. Abbreviations used: 

BMM – basement membrane matrix; CCM – relevant cell culture media formulation employed without added serum or supplement (relevant, well-

defined protein mix typically containing albumin); FGF2 – basic fibroblast growth factor; IL3 – interleukin 3; Fn – fibronectin; PBS – phosphate-

buffered saline; PLL-g-PEG – poly(L-lysine)-graft-poly(ethylene glycol); PLO – poly-L-ornithine; SCE – saturated calomel electrode. 

 

Study CP and [surface 

modification] 

Cell system(s) Dominant 

control 

parameter 

Control Scheme Media during control 

phase and [during cell 

culture, if different] 

Main results 

Wong et al. 
(1994)[104] 

PPy:tosylate 
[Fn] 

- Bovine aortic 
endothelial cells 
(primary) 

 During culture: 
−0.5 V for 4 h or −0.25 V for 5 h 

CCM+supplement or 
CCM+serum 
 

Reduction inhibits cell spreading and DNA 
synthesis  

Kotwal et al. 
(2001)[105] 

PPy:PSS - Rat neuron-like 
PC12 

 Pre-seeding: 
10 µA across CP for 2 h 

CCM+serum or 
Purified Fn 

Current promotes Fn adsorption and observed 
neurite outgrowth length 

Saltó et al. 
(2008)[106] 

PEDOT:tosylate - Mouse neural stem 
cells 

 Constant: 
1.5 ΔV between two CP blocks 

CCM+supplement Oxidation inhibits albumin adsorption and 
promotes cell adhesion; reduction vice versa 

Bolin et al. 
(2009)[107] 

PEDOT:tosylate - Canine epithelial-
like MDCK 

Spatial 
gradient 

Constant: 
1 ΔV across CP; 0–1 V gate 

CCM+serum Intermediate reduction promotes cell adhesion; 
oxidation or high reduction inhibits 

Wan et al. 
(2009)[109] 

PEDOT:tosylate - Mouse fibroblast 
3T3-L1 
- Human 
adenocarcinoma 
MDA-MB-231 

Spatial 
gradient 

Pre-seeding: 
2 ΔV across CP for 1 h 

CCM+serum Intermediate oxidation promotes cell adhesion; 
reduction or high oxidation inhibits 

Svennersten 
et al. 
(2009)[141] 

PEDOT:tosylate 
[Fn in some 
experiments] 

- Canine epithelial-
like MDCK 

 Constant: 
1.5 ΔV between two CP blocks 

CCM+supplement or 
CCM+serum or 
CCM+RGD peptide 

Oxidation inhibits cell proliferation and focal 
adhesions versus reduction; Fn conformation 
implicated 

Gumus et al. 
(2010)[128] 

PEDOT:tosylate - Bovine primary 
aortic endothelial 
cells 

Spatial 
gradient 

Pre-seeding: 
2 ΔV across CP for 1 h 

CCM+serum Oxidation promotes migration speed and 
directionality; intermediate reduction inhibits 

Lundin et al. 
(2011)[126] 

PPy:DBS or 
PPy:tosylate or 
PPy:perchlorate or 
PPy:Cl 
[gelatin and/or 
BMM and/or 
Fn & PLO] 

- Mouse neural stem 
cells 
- Rat neural stem 
cells 
- Human epithelial-
like RPE 

 Pre-seeding or during culture: 
−0.9 V for 2 min (after ramp) 

CCM+supplement Dopants other than DBS inhibit viability for some 
cell types; reduction inhibits proliferation and 
adhesion 

Svennersten 
et al. 
(2011)[132] 

PPy:DBS 
[Fn] 

- Canine epithelial-
like MDCK 

Swelling During culture: 
−1 V for 5 min 

CCM 
[CCM+serum] 

Mechanical stimulus, but not reduction alone, 
promotes intracellular Ca2+  

Persson et al. 
(2011)[137] 

PEDOT-S:H - Human epithelial-
like T24 

Degradation During culture: 
+1 V for 15 min 

PBS 
[CCM+serum] 

Oxidation degrades polymer and cells; efficiency 
lower but surface protein conservation higher 
compared to trypsinization 

Herland et al. 
(2011)[127] 

PEDOT:heparin 
[FGF2 & PLO & Fn] 

- Rat neural stem 
cells 

Tethered 
protein 
conformation 

Pre-seeding: 
−0.8 V for 5 min 
During culture: 

CCM+supplement Tethered FGF2 preserves stem-ness; oxidation 
decreases FGF2 surface exposure and promotes 
differentiation 
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+0.8 V for 5 min (after ramp) 
Wan et al. 
(2012)[108] 

PEDOT:tosylate - Mouse fibroblast 
3T3-L1 

 Pre-seeding: 
2 ΔV across CP or between two 
CP blocks for 1 h 

CCM+Fn 
[CCM] 

Oxidation promotes compact Fn conformation and 
improved cell adhesion; reduction promotes 
unfolded conformation and inhibits adhesion; 
integrin β1 blocker eliminates adhesion difference 

Lu et al. 
(2013)[140] 

PEDOT:PSS 
[PLL-g-PEG] 

- Rat neural-like 
PC12 

Tethered 
polymer 
release 

Constant: 
1.2 ΔV across CP 

CCM+serum or 
CCM+supplement 

Potential application releases polymer, removing 
spatial barriers for cellular growth 

Wan et al. 
(2015)[39] 

PEDOT:PSS 
[matrigel] 

- Mouse fibroblast 
3T3-L1 

 Pre-seeding: 
2 ΔV between two CP blocks for 
1 h 

CCM+Fn 
[CCM+serum] 

Oxidation promotes adhesion but not proliferation 
versus reduction; reduction promotes VEGF 
secretion 

Marzocchi et 
al. (2015)[111] 

PEDOT:PSS - Human 
glioblastoma T98G 
- Human fibroblasts 
(primary) 

 Pre-seeding: 
−0.9 V or +0.8 V vs. SCE for 1 h 

PBS 
[CCM+serum] 

Oxidation decreases proliferation independent of 
surface energy, roughness, and conductivity; not 
all cell types responsive 

Persson et al. 
(2015)[138] 

PEDOT-S:H - Human 
keratinocytes & 
fibroblasts (primary) 

Degradation During culture: 
+1.5 V vs. Ag/AgCl counter 
electrode for 15–30 min 

CCM+serum Oxidation addressably degrades polymer and 
detaches cells 

Zhang et al. 
(2016)[112] 

PPy:Cl - Human adipose-
derived 
mesenchymal stem 
cells 

 During culture: 
Up to 250 µA across CPand 
medium for 4 h/day 

CCM+serum Current promotes osteogenic differentiation; 
voltage-gated ion (esp. Ca2+) channel blockers 
eliminate advantages 

Gelmi et al. 
(2016)[134] 

PPy:DBS - Human iPSCs 
(cardiomycyte-
differentiated) 

Swelling / 
deswelling 

During culture: 
0.2 V or −0.9 V vs. Ag, switched at 
0.05 Hz for 600 s/day over 3 days 

CCM+serum PPy promotes cardiac differentiation; 
mechanical/redox cycling has limited impact 

Amorini et al. 
(2017)[110] 

PEDOT:PSS - Human 
glioblastoma T98G 
- Human fibroblasts 
(primary) 

 Pre-seeding: 
−0.9 V or +0.8 V vs. SCE for 1 h 

PBS 
[CCM+serum] 

Reduction promotes adhesion and proliferation as 
well as membrane potential and ion currents; ion 
release from polymer implicated 

Wei et al. 
(2017)[133] 

PPy:DBS - Mesenchymal stem 
cells (unspecified 
species) 

Swelling / 
deswelling 

During culture: 
0.5 V to −0.8 V (or reverse) vs. 
SCE, switched 1/day for 20 
minutes each 

CCM+serum Occasional mechanical stimulus, but not 
reduction/oxidation alone, promotes osteogenic 
differentiation independent of chemical cues 

Lin et al. 
(2018)[139] 

PEDOT-PC/Q:PSS 
[RGD] 

- Mouse fibroblast 
NIH 3T3 
- Rat neural-like 
PC12 

Tethered 
peptide 
release 

During culture: 
−0.05 V for 15 min 

PBS 
[CCM+serum] 

Reduction cleaves covalent chemical bond and 
releases intact cell sheet 

Baumgartner 
et al. 
(2018)[130] 

PPy:succinate or 
PPy:suberate or 
PPy:oxalate 
[IL-3] 

- Mouse bone 
marrow FDC-P1 

Tethered 
protein 
conformation 

Constant: 
−0.7 V or 0.2 V 

CCM+serum Oxidation decreases IL-3 surface exposure and 
inhibits proliferation 
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5. Drug Delivery 

Drug delivery is a very important field in the healthcare sector, and novel strategies are 

needed to improve treatments of many diseases and disorders like cardiovascular disease and 

cancer. Any potential advancements in drug delivery could have significant economic 

implications for a global industry (pharmaceuticals) that exceeds 1 trillion U.S. dollars 

annually.[142] Research in drug delivery strategies have three main goals: to improve patient 

compliance, to increase drug efficacy, and to diminish harmful side effects of the administered 

pharmaceuticals. Most recent work on drug delivery has been on synthesizing micro- and 

nanoparticles for passive and active targeting when injected, most often intravenously. 

Alternatively, drug delivery incorporated with conducting polymers and CP-based electronic 

devices brings several exciting avenues: to deliver drugs without the solvent (“dry” delivery), 

to locally deliver with implantable devices, to electronically control release by adjustment 

outside the body, to release upon receiving a stimulus (via a coupled electrode or sensor), and 

as part of closed loop systems for personalized and autonomous treatment. 

As will be highlighted in this Chapter, CPs can serve as both a depot and release 

mechanism for drugs. Loading can occur through self-assembly via electrostatic or hydrophobic 

interactions, physical entrapment, or covalent bonding with cleavable linkers (see section 2.4). 

In the case of electrostatic interactions, the charged drug can serve as the sole dopant or as a 

co-dopant in the presence of other species. Furthermore, drugs can be loaded during 

electropolymerization/synthesis or incorporated after film formation as summarized in Table 2. 

Finally, another great advantage of the use of CPs is towards designing multimodal electronics, 

such drug-eluting electrodes. 

5.1. Neuromodulatory Ions and Neurotransmitters 

As an additional dopant, biologically active molecules in their ionic form such as 

neurotransmitters[143] can be incorporated within CP electrodes through electrostatic 

interactions. When electrical stimulation is applied, the CP switches from its doped to neutral 
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state and these ions are released. Such an approach allows neural recording and stimulation 

electrodes to also perform drug delivery. Controlled release of the negatively charged 

neuromodulatory drug 6-cyano-7-nitroquinoxaline-2,3-dione (inhibitor of glutamate receptors) 

was found to have no impact on the impedance of PPy-Pt black electrodes at 1 kHz or the 

recording of action potentials, and the released drug retained its activity as shown by inhibition 

of synaptic currents in cultured embryonic rat hippocampal neurons following electrical 

stimulation.[144] Beyond doping with the drug of choice, CPs can be loaded with the drug by 

entrapment. In one study, supercritical carbon dioxide treatment of electropolymerized 

PEDOT:PSS films was used to impregnate the film with the cation acetylcholine.[145] 

Acetylcholine released from electrical stimulation maintained its activity as shown by calcium 

responses in SH-SY5Y cells. The authors proposed that the mechanism of release was due to 

polymer swelling and hydration during oxidation and reduction. Supercritical carbon dioxide 

treatment is considered to be gentle to polymers and biological compounds, and therefore, is a 

promising approach to expanding possible delivered agents from conducting polymers. 

Beyond doping- and entrapment-based approaches, the mixed conductivity of 

PEDOT:PSS has been exploited for ion delivery through electrophoretic ion pumps. First 

reported in 2007,[146] the ion pump device consists of source and target conducting polymer 

(PEDOT:PSS) electrodes separated by an electronically insulating but ionically conducting 

region (over-oxidized PEDOT:PSS). The source electrode is immersed in the reservoir 

electrolyte containing a high concentration of the relevant ion and the target electrode is in the 

extracellular electrolyte to which the ions are delivered. To initiate transport, a voltage is 

applied causing the source electrode (anode) to be oxidized and the target electrode (cathode) 

to be reduced. Thus, the cations are released from the dopant and are transported from the source 

to the target electrolyte through the over-oxidized membrane (Figure 17a). The electrically 

insulating region allows for relatively high voltages (1 – 30 V) to be applied for delivery but 

avoiding high electric field exposure to the target (cells or tissues). Such delivery is independent 
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of the ion concentration at the target and can even be pumped against its concentration 

gradient.[146] In the OFF state (no applied voltage), the amount of ions that diffuse from the 

target electrode is very small (<10 nmol potassium or calcium after 4 hours, ON/OFF ratio 

300[146]). 

These ion pump devices provide both spatially and temporally controlled drug delivery. 

Spatial control is provided by microfabricated drug outlet geometry as well as the distance 

between the outlet and the cell or tissue, while temporal control is achieved with the time and 

magnitude of the applied voltage (pulsed or continuous) (Figure 17b-c). Other benefits of ion 

pumps for drug delivery include high ON/OFF ratios, electronic control of delivered doses, 

accurate determination of dose delivered, and “dry” delivery – without aqueous flow, which 

could impact surrounding cells or tissues (e.g. cell detachment, alteration of local 

concentrations of signaling molecules, increased pressure in tissues).  

Ion fluxes are a critical component of both intracellular processes and intercellular 

communication. The first demonstration of ion delivery to cells with an ion pump was 

conducted with immortalized human HCN-2 neuronal cells, which can be excited by 

depolarization with high extracellular potassium. Depolarization of cells was tracked by 

monitoring changes in the intracellular concentration of calcium, which flows into the cell upon 

depolarization, with a calcium-sensitive fluorescence probe. Cells on the device could be 

depolarized while those 500 µm away from the electrode were not (Figure 17d). Later 

improvements on this work included making smaller channels comparable to the size of a single 

cell (10 µm) and speeding the time of delivery to seconds (rather than minutes), especially 

towards pulsed delivery to achieve oscillating cellular responses mimetic of those naturally 

occurring (Figure 17e).[147] Furthermore, the ability to pump larger biomolecule ions 

specifically positively charged neurotransmitters, was demonstrated. These include 

acetylcholine,[147] glutamate,[148] aspartate,[148] and γ-amino butyric acid (GABA),[148] all of 

which are important in physiological and pathophysiological processes. Some 
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neurotransmitters act upon certain populations of cells, and therefore, delivery of these drugs 

can improve the selectivity of the therapy. Although diffusion will eventually carry ions away 

from the delivery site, physiologically relevant concentrations (>100 µM) of neurotransmitters 

(corresponding to those at the synaptic cleft) can be achieved locally at the outlet (<50 µm from 

outlet). 

 

Figure 17. A) Schematic of the organic ion pump. There are two PEDOT(P):PSS electrodes 

(dark blue), source (left) and target (right), and these are separated by an electronically 

insulating but ionically conducting region (over-oxidized PEDOT:PSS, pink). The source 

electrode is immersed in an electrolyte with a relatively high concentration of the cation M+
 and 

binds to the PSS in the film. A potential is applied between the electrodes. The left electrode is 

oxidized; the positively charged PEDOT interacts with negatively charged PSS and a cation is 

released. The right electrode is reduced and there is a net flow of cations from left to right. B) 

Number of transported potassium ions and electrons with time B) Relationship between 

delivered potassium ions and applied potential. D) Fluorescence of HCN-2 cells loaded with 

calcium-sensitive probe. Fluorescence increase indicates change in intracellular calcium 

concentrations, a consequence of potassium pumping. Cells on top of channel (solid line) 

affected while those 500 µm away (dotted line) are not. Figure adapted with permission.[146] 

2007, Macmillan Publishers Ltd. E) Applying pulsed potential for acetylcholine pumping 

stimulates SH-SY5Y cells 50 µm away from outlet and generates oscillating intracellular 

calcium concentrations. Cells 150 µm away are not impacted. Figure adapted with 

permission.[147] 2009, Wiley. 

  

In efforts towards closed loop systems, researchers presented a neuron-mimetic 

electronic device in which biosensors (see Chapter 6) were coupled to ion pumps (Figure 18a-
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c).[149] The biosensors provided chemical sensing with an electrical output (current), then this 

electrical output was used as the input for ion pumping. Pumping (chemical delivery) would 

only occur if a pre-determined threshold value had been exceeded. In the first example, upon 

application of different concentrations of glutamate, the biosensor reported proportional 

currents (Figure 18b). For a given current threshold, the coupled ion pump activated from OFF 

to ON and began pumping protons, as observed by the decrease in pH (Figure 18c). Other 

demonstrated examples included sensing acetylcholine and glutamate and subsequent pumping 

of acetylcholine to activate calcium signaling in SH-SY5Y cells.[149] By leveraging the mixed 

conductivity of PEDOT:PSS, another team performed electrical recording with conducting 

polymer electrodes and then delivered GABA at the exact same site with an ion pump (Figure 

18d).[150] The potential applications of such work were illustrated by delivering GABA to a 

hippocampal brain slice with induced epileptiform activity.[151] The same site was 

simultaneously recorded to show that the epileptiform activity was inhibited with continued 

pumping (Figure 18e). Furthermore, the dual electrical recording-chemical delivery site was 

approaching the size of a single cell towards spatially precise treatment, with selective therapy 

on individual cells. 
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Figure 18. A-C) A glutamate biosensor and proton ion pump are coupled together. A) A 

schematic of the experimental set-up. Glutamate is added to the dish (left) containing the 

biosensor and the pH is monitored (indicator color change) in the other dish (right) containing 

the ion pump. B) The output current raises proportional to the glutamate additions (indicated 

by the black arrows). C) ON or OFF state of ion pump (red) corresponding to input current from 

biosensor and pH (black). pH decreases with ion pump switches to ON and is pumping protons. 

Figure adapted with permission.[149] 2015, Elsevier. D) Mixed conductivity of PEDOT:PSS 

allows for GABA neurotransmitter ion pumping (left) and electrical recording (right) at the 

very same site. E) Epileptiform activity induced with 4-AP in hippocampal brain slice. Activity 

is stopped with GABA ion pumping. GABA pumping and neural activity recording are 

simultaneously conducted. Figure adapted with permission.[150] Copyright 2016, National 

Academy of Sciences. 
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These experiments above demonstrated the ability to spatially administer drugs in vitro. 

With an implantable device, local delivery can alleviate adverse side effects associated with 

systemic administration by providing high concentrations at the tissue site. These 

concentrations may even be able to exceed doses allowed for systemic administration. For an 

in vivo device, investigators developed a syringe-like configuration. They delivered excess 

glutamate to induce an excitotoxic effect on only the inner hair cells of a Guinea pig cochlea in 

a proof-of-principle experiment (Figure 19).[148] Their results confirmed that such a device can 

be used to spatially control the drug impact and to target a certain cell population.  

Figure 19. Encapsulated, syringe-like configuration of implantable ion pump. A) Side-view. 

Black arrow, ion flow. B) Top-view. T, target system. White arrow, flow of positively charged 

species. C) Photograph of ion pump on round window membrane (RWM) in Guinea pig. D) 

Ions/drugs can diffuse from RWM to cochlea. E) Glutamate and proton pumping led to auditory 

brainstem response (ABR) shifts. Mean ABR shift for varying recording frequency after 15 min 

(hatched bars) and 60 min (filled bars) of Glu (blue) and H+ (yellow) delivery. Adapted with 

permission.[148] 2009, Macmillan Publishers Ltd. 

 

With a more clinically relevant animal model, an ion pump was used for the treatment 

of neuropathic pain in a spared nerve injury model in rats.[152] The device was designed with 

four outlets corresponding to the areas along the spinal cord which receive pain signals. The 

dimensions of the outlets were manipulated in order to vary ionic resistances to ensure 



  

58 

 

simultaneous delivery from each outlet. Delivery of GABA was shown to have a therapeutic 

effect, decreasing tactile sensitivity.  

When using an implantable ion pump device in the brain for treatment of neurological 

disorders like epilepsy, an added novelty is that by implanting such a device at the targeted 

region, one can bypass the blood-brain-barrier that is challenging for many drugs to pass. One 

research group developed a fabrication method to incorporate microfluidic channels, a notable 

improvement for this type of in vivo device.[153] Microfluidic channels bring the source 

electrolyte close to the site of CP-based ion pumping, therefore decreasing the distance for 

electrophoretic transport of the drug and hence decreased the needed voltage for delivery to less 

than 1 V, avoiding potential electrolysis. The microfluidic channels also provide connection to 

a potentially inexhaustible drug reservoir. A device with both a microfluidic ion pump (Au 

source and target electrodes) and PEDOT:PSS recording electrodes were used in an epilepsy 

mouse model.[154] The device was implanted in the same region of the brain that seizure-like 

activity was initiated. Recording electrodes served to monitor for epileptiform activity and on 

its onset, GABA pumping was manually initiated to stop the seizure-like activity. GABA 

pumping was also shown to prevent pathophysiological activity. This study highlights how ion 

pumps can deliver drugs only when and where needed, and their potential use as a closed loop 

system for therapy. 

5.2 Anti-inflammatory drugs 

When a material or a device is implanted into a living tissue it initiates an immune 

response. The insertion trauma as well as the presence of the device itself lead to a cascade of 

immune reactions resulting in chronic inflammation and scar tissue formation. This entails a 

loss of device connectivity with the target tissue: a decrease in recorded signal quality for 

sensing and the need of increased currents (i.e. power consumption) to retain efficient tissue 

stimulation over time. 
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The latest generation of CP and biomaterials is designed with the aim to improve device 

integration without eliciting chronic inflammation.[155] Anti-inflammatory drugs are also 

administered to reduce the inflammation around the implant site. However, as with any 

pharmaceutical intervention, systemic administration will expose the whole body to the drug 

and its potential side effects. Controlled local administration of the desired dose directly in 

proximity of the implant would lead to the desired anti-inflammatory effect while mitigating 

exposure.  

Dexamethasone and its phosphate derivative are synthetic glucocorticoid hormones 

commonly used as anti-inflammatory and immunosuppressive agents. Researchers 

incorporated dexamethasone phosphate as a dopant in electropolymerized PPy.[156] Cyclic 

voltammetry led to changes in the redox state of PPy and a subsequent release of the drug. Each 

cycle resulted in 0.5 µg cm-2 released and a total of 16 µg cm-2 after 30 cycles, corresponding 

to an estimated concentration of 1 µM within 500 µm radius from the electrode; enough dose 

to elicit an anti-inflammatory response in the surrounding tissues (0.2–0.7 µM). In vitro studies 

on primary murine cerebellar glial cells confirmed neuron viability, 35% higher neurite 

outgrowth, and a lower number of astrocytes with respect to the control (no incorporated drug). 

Drawbacks of this method are the poor mechanical stability and adhesion to the underlying Au 

electrode, which would make the system unsuitable for applications requiring prolonged 

delivery. 
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Figure 20. A) Illustration of the loading mechanism in carbon nanotube nanoreservoirs. i) Acid-

treated nanotubes are filled with the drug via sonication; ii) PPy is electropolymerized from a 

suspension of pyrrole, carbon nanotubes, and drug; iii) The drug is released via passive 

diffusion or electrical stimulation. Reproduced with permission.[157] Copyright 2011, Elsevier. 

B) Schematic of the graphene oxide/PPy/drug nanocomposite (left), and of the drug release in 

response to electrical stimulation (right). Reproduced with permission.[158] Copyright 2014, 

American Chemical Society. C) Schematic of drug-loaded bacterial cellulose (BC)/PEDOT 

microfibers and chemical structure of the three components. Reproduced with permission.[159] 

Copyright 2017, Elsevier. D) Neurite outgrow in response to neurotrophine-3 (NT-3) and/or 

brain derived neurotrophic factor (BDNF) released from PPy/p-toluene sulfonate (pTS) in 

presence of stimulation (Stim) or not (Unstim). Reproduced with permission.[160] Copyright 

2010, Elsevier. E) Illustration of insulin-loading onto PPy nanoparticles, release via electrical 

stimulation, and administration of released insulin to mice (left). The amount of released insulin 

proportionally increases with the number of pulses (right). Reproduced with permission.[161] 

Copyright 2017, The Royal Society of Chemistry. 

 

Another research team incorporated multi-wall carbon nanotubes as nano-reservoirs to 

increase dexamethasone phosphate loading in a PPy film electropolymerized on glassy carbon 

electrodes (Figure 20a).[157] Among the two kinds of nanotubes used for this study, the one 

with smaller size exhibited higher amounts of released drug (around 78.7 µg versus 53.3 µg for 

larger nanotubes, and 38.8 µg for pristine PPy) after biphasic stimulation for 20 hours. To 
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exclude effects from stimulation only, they collected the drug released from the film after 1 

hour stimulation and delivered it to “highly aggressively proliferating immortalized” HAPI 

cells (a microglia cell line). Gram-negative bacteria-derived lipopolysaccharide was added to 

the culture to activate HAPI cells and promote the secretion of inflammatory products (such as 

nitric oxide). Both dexamethasone added to the culture (10 µM) and produced from stimulation 

of the PPy/carbon nanotubes composite effectively suppressed nitric oxide production, 

confirming that the released drug preserves its anti-inflammatory activity. 

Dexamethasone phosphate combines anti-inflammatory properties with the capability 

to promote osteogenic differentiation as well as protein, fat, and carbohydrate metabolism. 

Therefore, researchers evaluated the release of dexamethasone from PPy with the aim of 

promoting new bone growth.[162] All PPy coatings used in the study exhibited a decrease in NIH 

3T3 fibroblast adhesion (with respect to Ti control) and ensured good adhesion of immortalized 

human hFOB 1.19 osteoblasts (bone-forming cells). This was attributed to an increase in the 

roughness of PPy films, which might inhibit fibroblast adhesion. The PPy films were loaded 

with 140 μg cm−2 of dexamethasone, 80% of which was eluted after electrical stimulation using 

5 cyclic voltammetry scans from −1 V to 1 V (vs Ag/AgCl). In a follow up study, the group 

tested drug release on osteoblasts, fibroblasts, and immortalized IC-21 mouse macrophages 

(cells associated with the inflammatory process).[163] Data after 5 days of culture without 

stimulation showed that dexamethasone phosphate-loaded samples determine higher osteoblast 

density and lower fibroblast density with respect to pristine Ti or PPy-coated Ti. Macrophage 

adhesion was not significantly different between samples after 4 hours culture without 

stimulation (60% for PPy/drug samples, 59% on PPy, and 70% on glass). After both 8 hours 

and 13 hours of non-stimulated culture, macrophage density was lower on PPy/drug samples 

than on PPy samples. Stimulation and release of dexamethasone led to an even lower adhesion 

of macrophages when compared to non-stimulated samples. 
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In another study, investigators developed graphene oxide-PPy nanocomposites, where 

the reduced graphene oxide component was used to increase the loading of dexamethasone 

phosphate through physical adsorption, while the PPy component was used for electrically 

stimulated drug delivery.[158] They found that longer sonication times (60 minutes versus 30 

minutes) used for the preparation of the reduced graphene oxide nanosheets led to a higher 

loading capacity and smoother films. However, the amount of drug released after 100 mild 

stimulation pulses (-0.5 V for 5 s, followed by 0.5 V for 5 s vs Ag/AgCl) from composites made 

of short sonicated nanosheets was 38% higher than the ones containing long sonicated 

nanosheets. The researchers attributed this difference to the larger surface area of smaller 

graphene oxide nanosheets, which promotes stronger drug adsorption and lower release. They 

additionally tested the composite containing 60 min-sonicated graphene oxide nanosheets for 

stimulation (Figure 20b). After application of an aggressive biphasic voltage pulse protocol (-2 

V for 5 s and 0 V for 5 s vs Ag/AgCl) for 1000 cycles, the total amount of drug released was 

209.7 μg cm-2; 2.3 times more that of a pristine PPy film. The drug-release profile showed that 

complete drug release occurs in the first 600 cycles; however, the amount of drug delivered in 

each cycle was not calculated. The release profile in absence of stimulation did not show drug 

release, supporting electrical stimulation as the main source of release. The aggressive 

stimulation protocol was assessed for the ability of the released drug to interrupt primary rat 

astrocyte proliferation. A similar reduction in astrocyte density was observed for released-drug 

samples compared to administered-drug samples (1 µM) after 4 days. In contrast, release studies 

to primary rat neurons showed similar cell density as the control (no drug) after 2 days exposure, 

verifying that the effect on astrocytes is due to the specific delivery of the glucocorticoid. 

Other investigators explored the release of dexamethasone phosphate from 

electropolymerized PEDOT on 4 mm diameter electrodes.[164] The drug release was followed 

over 45 days with electrochemical stimulation on day 10, 14, 42 and 45 employing 5 cyclic 

voltammetry scans (from -0.3 to 0.45 V vs Ag/AgCl). The total amount of drug released was 
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805 ng in 45 days. The highest amount of drug was released during the first event (114 ng), 

while following cycles released around 25 ng of drug. The estimated drug passively released 

from the film in that time frame was around 6 pg; much lower than the amount released by 

electrical stimulation. The investigators further evaluated the immune response in vivo for 12 

weeks using a probe made of 16 individual electrode contacts (twelve having dimensions 15x15 

mm2 and four 50x50 mm2). No difference was observed between Pt or Ir oxide as substrate 

materials. Over the course of the study, the drug was administered via 320 stimulations using 

cyclic voltammetry from -0.6 V and 0.15 V (vs. Ir oxide). The total amount of drug loaded 

within the probe was 19 ng. The authors estimated that if the whole amount is released to the 

surrounding tissues, the drug concentration would be 6.8 µM within 0.4 mm radius from the 

probe; one order of magnitude higher than the dose needed to elicit a therapeutic effect. The 

PEDOT films showed excellent in vivo stability for the studied period. Overall, no statistically 

significant conclusion could be drawn on the impact of the drug on overall probe performance. 

The authors observed no reaction in the fully awake rats and histology did not reveal any 

inflammation in response of stimulation. An interesting finding from the study was that bare Ir 

oxide probes led to slightly lower inflammation around the probe with respect to all PEDOT-

coated probes tested. This was attributed to the presence of EDOT monomer residues from the 

electropolymerization process that can have caused the observed inflammation. 

Another research team used chemically polymerized PEDOT-coated core-shell hybrid 

microfibers for the release of diclofenac (a nonsteroidal anti-inflammatory drug).[159] The 

diclofenac-loaded microfibers were developed by coaxial wet-spinning of a solution containing 

1.5% bacterial cellulose, N,N-dimethylacetamide, and LiCl followed by fiber dip-coating in a 

coagulation bath (Figure 20c). Subsequently, the fibers were coated with PEDOT by immersion 

in a chemical polymerization bath containing EDOT and FeCl3. The PEDOT coating slowed 

the passive release of the drug (1.6 mg of maximum drug released over 96 hours for PEDOT 

microfibers versus 1.75 mg of maximum drug released over 24 hours for pristine fibers). 
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Electrochemical stimulation by application of -0.6 V for 5 seconds followed by 0 V for 5 

seconds led to 2.1 mg drug released in 48 hours. Different stimulation protocols were tested 

demonstrating that the drug release can be controlled by the magnitude of the applied bias 

pulsed as well as the stimulation times. In vitro cytotoxicity tests on the PEDOT-bacterial 

cellulose fibers (without drug) using PC12 neural cells showed negligible toxicity. Additional 

electrical stimulation caused no visible changes in proliferation but a change in cell orientation, 

which aligned perpendicularly to the axial direction of the fibers (similar to some studies 

discussed in section 4.2). 

Overall, anti-inflammatory drugs provide a way to mitigate chronic inflammation and 

fibrous tissue encapsulation. However, the benefit of such drug delivery in studies in vivo is 

still a matter of debate. In some cases, it would be desirable to also aid the healing and growth 

of native tissues to enhance the proximity between the device and the targeted cells. 

5.3 Growth Factors and Hormones 

Another way to improve the connection between electronic device and tissue in vivo is 

by promoting tissue (e.g. nervous) health. This can be achieved using growth factors: signaling 

molecules (generally proteins or hormones) that regulate the growth and differentiation of 

cells.[165] However, because their effects last only for a short time and due to their instability in 

the body, researchers have explored delivery systems that can lead to a slow release in the long 

term. 

Researchers evaluated the effects of the incorporation of NGF as co-dopant in 

electrochemically deposited PPy and PEDOT films.[166] PPy/PSS/NGF exhibited poor adhesion 

of PC12 neural cells after 48 hours exposure. PPy/collagen led to higher adhesion but poor 

neurite extension (2% of cells showing neurite outgrowth), while PPy/collagen/NGF led to both 

cell adhesion and neurite outgrowth (24.3%) likely due to the passive release of the NGF. 

PEDOT exhibited similar results as for PPy, with poor cell adhesion on PEDOT films, around 

10% cells with neurite extensions for PEDOT/collagen, and around 65% for PEDOT/NGF 
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coated with collagen. Overall, based on film morphology, the authors estimated that the amount 

of NGF incorporated in the films was relatively small and other strategies should be used in 

order to address the issue. 

In a separate study, the authors used biotin–streptavidin coupling to link the drug to the 

PPy surface and to address limitations of CPs in drug delivery like the charge and the molecular 

weight of the drug.[167] Biotin was incorporated in the PPy film as dopant during 

electropolymerization and it was retained within the film after immersion in PBS buffer for 14 

days, ensuring minimal passive drug release. 

Another research group used mesoporous silica nanoparticles embedded within 

electropolymerized PPy/PSS for the delivery of NGF to PC12 neural cells.[168] The 

nanoparticles had a large surface-to-volume area and led to 31.5% of neural growth factor 

encapsulation efficiency. The loaded nanoparticles served as a co-dopant, together with PSS. 

PC12 neural cells better adhered (67% of cells) and spread (48% of cells having neurite 

outgrow) on the PPy/mesoporous silica nanoparticle/NGF composite than pristine PPy film. 

Stimulation with a current of 0.6 mA led to around a 40% increase in the number of cells with 

neurite extension, which was attributed to an enhanced release of NGF. The release profile over 

one week showed that most of the drug was released in the first 24 hours (around 25-30% for 

non-stimulated samples and 35-40% under stimulation) and then reached a plateau which was 

maintained for the next 6 days. 

Loss or damage of cochlear sensory hair cells results in sensorineural hearing loss as 

well as a lack of neurotrophic support to auditory neurons (spiral ganglion neurons), causing 

their degeneration and apoptosis. The slow and long-term administration of neurotrophins 

(neuropeptides involved in regulation and growth) can improve neural cell survival and improve 

the tissue-electronic device interface. Investigators developed an electrode coating composed 

of electropolymerized PPy/p-toluene sulfonate as a dopant and neurotrophin-3 as the drug.[169] 

The total amount of neurotrophin-3 incorporated was estimated to be 93 ng cm-2. After 4 days 
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of auditory neuron explant culture, unstimulated PPy/p-toluene sulfonate/neurotrophin-3 films 

released 1.19 ng mL-1 drug, while stimulated samples via 1 hour biphasic current pulses released 

1.35 ng mL-1. Explants grown on PPy/p-toluene sulfonate/neurotrophin-3 led to an average of 

28.37 neurites, while the combination of neurotrophin-3 and electrical stimulation led to 42.07 

neurites; much more than the pristine CP films without neurotrophin-3 (16.27 neurites per 

explant without stimulation and 19.37 after 1 hour stimulation). 

In a follow-up study, the research group used the PPy/p-toluene sulfonate/neurotrophin-

3 composite to coat the Pt microelectrode array of a cochlear implant.[170] They estimated that 

2.13 ng of neurotrophin-3 was incorporated in the electrode array coated with the CP composite. 

Non-stimulated electrodes led to 0.03 ng/day of released drug, which was not enough to 

overcome degeneration and apoptosis of auditory neurons. Stimulation with biphasic current 

pulses for 8 hours/day increased the released amount to 0.1 ng/day. Devices implanted in 

deafened guinea pig cochleae resulted in an improvement in auditory neurons preservation for 

the implants coated with the PPy/p-toluene sulfonate/neurotrophin-3 if compared to pristine 

PPy and stimulated PPy. Moreover, in agreement with in vitro studies, stimulation produced a 

further but slight improvement in neural density. 

In another study, the research team tested loading and release of BDNF in PPy/p-toluene 

sulfonate films on neural explant culture.[171] The polymer film incorporated 122.1 ng cm-2 of 

drug. Non-stimulated films led to a large amount of drug released the first day, followed by 

0.53 ng cm-2 per day, and 10.8% of the total incorporated amount over 7 days. Stimulated films 

(using biphasic current pulses applied for three periods of 8 hours, with a 16 hours rest period 

between stimuli) led to the initial abrupt release, followed by 2.15 ng cm-2 per day, and 18.9% 

of the total available dose over 7 days. They carried out 3-day release auditory nerve explants 

assays after incubation of the polymer films of 4 days to avoid the first abrupt release event. 

Explants growing on the film containing the drug exhibited higher average neurite outgrowth 

(around 11 neurites per explant) than the ones growing on pristine PPy/p-toluene sulfonate 
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(average of 7 neurites per explant). Similar results were observed for stimulated films, 

indicating that in this case passive release is enough to promote neurite outgrowth in the 

measured time frame. 

Researchers explored also the effects of incorporation and release of both neurotrophin-

3 and BDNF in PPy/p-toluene sulfonate films.[160] Electrical stimulation led to higher neurite 

outgrowth in PC12 cells with respect to polymer films containing only one neurotrophin. This 

finding was rationalized by the fact that the two neurotrophins act on different neural cell 

receptors. Therefore, combined release led to higher survival and growth if compared to a single 

neurotrophin (Figure 20d). 

Investigators studied the effect of dopant used during the electropolymerization of PPy 

on the ability of the film to release neurotrophin-3.[172] They considered six dopants in this 

study: p-toluene sulfonate, dodecylbenzene sulfonate, poly(4-styrenesulfonate), poly(2-

methoxyaniline-5-sulfonic acid), hyaluronic acid, and chondroitin sulfate. Spiral ganglion 

neuron explants cultured on the pristine PPy/dopant films were used to assess their 

compatibility. PPy/p-toluene sulfonate and PPy/dodecylbenzene sulfonate had the highest film 

roughness as well as neurite extension among the studied polymers. PPy/poly(2-

methoxyaniline-5- sulfonic acid), PPy/dodecylbenzene sulfonate, PPy/p-toluene sulfonate, and 

PPy/poly (4-styrenesulfonate) had the highest loading capability (180 ng cm-2, 170 ng cm-2, 130 

ng cm-2, and 120 ng cm-2, respectively). However, the only film that significantly enhanced 

neurite outgrowth upon electrical stimulation was PPy/p-toluene sulfonate.  

Other investigators developed a two layered PEDOT:PSS/alginate hydrogel coating to 

release BDNF.[173] They used two methods to incorporate the drug: loading into poly(lactic-co-

glycolic acid) particles incorporated within the hydrogel and direct hydrogel loading via dip 

coating. Most neurotrophic factor was released in the cochlear fluids during the first week after 

implantation and decreased over the second week. Release was most pronounced for hydrogels 

directly soaked in a neurotrophic factor solution (28.14 ng ml-1 at 1 week and 13.91 ng ml-1 at 
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2 weeks post-implantation) than when the drug was loaded into the hydrogel via nanoparticle 

incorporation (4.18 ng ml-1 at 1 week and 2.01 ng ml-1 at 2 weeks post-implantation). In both 

cases, no effect on neural survival was observed at the end of the implantation period. 

Another hormone that has attracted the interest of researchers for drug delivery 

applications is insulin. In Chapter 6, we will describe devices that have been developed for 

glucose monitoring. An equally important aspect of diabetes management is to develop delivery 

systems that release insulin in a controlled manner in response to glucose level. Despite 

advances in this direction, many applications based on CP films have failed to reach the clinics 

due to their poor drug loading performance (around ng cm−2). Such disadvantages can be 

overcome by the development of CP nanoparticles, which possess much higher surface area for 

delivery with respect to 2-dimensional polymer films.[161] PPy nanoparticles were loaded up to 

51 wt% insulin, which was adsorbed on the nanoparticle surface via electrostatic and 

hydrophobic interactions (Figure 20e). This determined an increase in the nanoparticle size 

from around 22 nm to around 29 nm. The authors used electrical stimulation at -1 V for 2 

minutes to reduce the PPy, modify the PPy-insulin interaction and allow release. The insulin 

delivered after application of −1 V for 20 min was collected and delivered to mice (Figure 20e). 

Two concentrations of released insulin (1.4 IU kg−1 and 2 IU kg−1) were injected, leading to 

similar decreases of glucose blood levels as for standard insulin, and indicating that the activity 

of released insulin was maintained. 

5.4 Antibiotics 

Implants and medical devices are commonly used to improve or save the life of many 

patients around the globe. Despite the infection control procedures already in place, growth of 

microorganisms around the implant and subsequent chronic infections can still pose a serious 

risk for the patient.[174] Bacteria form non-diffusible, resistant biofilms on implants which make 

systemic treatment using antibiotics unsuccessful. Therefore, bacterial infections often result in 

the need to remove the implant, which increase the susceptibility to inflammation and new 
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infections in case of re-insertion. Systems that can supply antibiotics in a controlled manner 

directly at the implant site might be a viable tool to offer protection against bacterial infections. 

In one of the studies already described in section 5.2 for the release of dexamethasone 

phosphate, researchers also looked at the simultaneous release of two broad-spectrum 

antibiotics: penicillin and streptomycin.[162] The amount of penicillin/streptomycin antibiotics 

loaded in the nanostructured PPy film was 134 μg cm−2. In vitro cell studies showed that hFOB 

1.19 adhesion on PPy/antibiotic composite were intermediate to bare Ti and pristine PPy after 

4 hours culture, demonstrating good compatibility. In contrast, lower NIH 3T3 adhesion was 

observed for PPy/antibiotic if compared to Ti, and similar to pristine PPy. Electrical stimulation 

via cyclic voltammetry (between −1 to 1 V vs Ag/AgCl) led to 80% of the antibiotics released 

after 5 cycles and no further release in the next cycles. In a follow up study, the research team 

confirmed that Staphylococcus epidermidis density on PPy/antibiotics without stimulation 

decreased by 26% if compared with PPy film and by 47% if compared with commercial Ti 

(after 1 hour culture), indicating a substantial passive release of the antibiotics.[163] 

A major disadvantage of CP films is their relatively low drug loading. Although a larger 

amount of drug can be achieved by increasing the film thickness, most of the release takes place 

from the film surface. This results in most of the drug remaining entrapped in the CP matrix. 

Additionally, CP films suffer from poor flexibility and the need of a conductive substrate 

contact (e.g. Au), leading to possible delamination during the redox processes. To provide a 

form factor that is three-dimensional, flexible, and self-supporting, researchers developed wet-

spun PEDOT:PSS-chitosan microfibers, which were used as substrate for PPy 

polymerization.[175] The broad-spectrum antibiotic ciprofloxacin hydrochloride was included in 

the PPy coating as a dopant. In this case, the amount of ciprofloxacin loaded was 42 μg cm-1 

for 1 cm fiber length. The fibers exhibited a burst release of the antibiotic in the first 8 hours, 

likely due to diffusion of the molecules trapped near to the fiber surface. Application of a 

constant positive bias (+0.3 V vs Ag/AgCl) led to a decrease of the amount of released antibiotic 
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(20% less with respect to passive conditions over 72 hours). Conversely, a negative bias (−0.26 

V vs Ag/AgCl) increased the amount released up to around 80% in 72 hours. In vitro 

experiments confirmed that the bactericidal effect of the antibiotic administered via passive or 

active release is maintained. Moreover, passive release on B35 neuroblastoma cells over 72 

hours revealed no cytotoxicity, suggesting a possible use of the fibers for neural implants 

applications. 

Other investigators developed conductive hydrogels that can be formed in situ upon 

injection of the components (chitosan-graft-PAni copolymer and oxidized dextran crosslinker) 

at the implant site.[176] The hydrogels were prepared with three different amounts of crosslinker 

(1%, 3%, and 5%) and were used for the controlled release of amoxicillin antibiotic. After 

loading with 1.5 mg mL-1 of amoxicillin, passive release studies showed that around 30% of 

the drug is released in the first 100 minutes and reach around 60% after 36 hours, due to 

concentration-drive diffusion out of the hydrogels (Figure 21a). The amount of released drug 

was higher at pH 5.5, due to faster structural degradation in acidic conditions (Figure 21b). The 

release profile of the hydrogels was accelerated by application of a positive bias. The hydrogels 

exhibited excellent antibacterial activity and enhanced proliferation of mouse fibroblasts L929 

cells with respect to tissue culture plate. In vivo injection of the hydrogel components in mice 
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showed fast gelation and 50–60% structural degradation after 4 weeks. Researchers observed 

mild acute inflammatory responses after 7 days post-implantation, which receded after 35 days. 

 

Figure 21. A) Amoxicillin release plot in PBS at pH 7.4 for chitosan-graft-PAni crosslinked 

with 1% (green), 3% (blue), and 5% (orange) oxidized dextran. Reproduced with 

permission.[176] Copyright 2011, Elsevier. B) Amoxicillin release plot of chitosan-graft-PAni 

crosslinked with 1% oxidized dextran in PBS at pH 7.4 (blue) and 5.5 (pink). Reproduced with 

permission.[176] Copyright 2018, Elsevier. c) Scheme showing the application of electric-field 

responsive CP nanoparticles. Reproduced with permission.[177] Copyright 2012, American 

Chemical Society. d) Illustration of the three-step fabrication process of PEDOT/oleanolic acid 

composite. Reproduced with permission.[178] Copyright 2015, Elsevier. e) Preparation of 

cucurbituril-capped nanoparticles loaded with the drug and mechanism underlying the pH-

triggered release of camptothecin. Reproduced with permission.[179] Copyright 2014, American 

Chemical Society. f) Illustration of the main nanoparticles components: DOX (doxorubicin), 

PFFP (the conjugated polymer), and 3-fluoro-4-carboxyphenylboronic acid (FPBA) on the 

surface which act as binding sites for ATP. Reproduced with permission.[180] Copyright 2016, 

Ivyspring International Publisher. g) Chemical structure of poly(L-lysine)-graft-poly(ethylene 

glycol) binding 2-diazo-1,2-naphthoquinones groups and its change of hydrophilicity after 

Wolff rearrangement in water media upon irradiation. Reproduced with permission.[181] 

Copyright 2015, The Royal Society of Chemistry.  
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As another strategy to achieve a large amount of drug loading as well as a sensitive and 

localized release, investigators developed electric field responsive CP nanoparticles. 

Fluorescein and daunorubicin were incorporated into PPy nanoparticles during synthesis, 

leading to loading percentage of 3.6 wt% and 3.2 wt%, respectively.[177] Both drugs are 

hydrophobic and were incorporated in the hydrophobic core of the nanoparticles. The loaded 

nanoparticles were dispersed in a temperature-responsive hydrogel, which localizes the 

nanoparticles at the injection site (Figure 21c). The nanoparticles exhibited negligible passive 

release. Electrical stimulus via application of a negative bias (-0.5 V for 10 s) every 5 minutes 

led to active release of around 20 ng of fluorescein and around 25 ng of daunorubicin. The 

authors attributed the mechanism to both electrochemical reduction of the CP as well as drug 

movement driven by the applied electric field upon stimulation. In vivo experiments on 

fluorescein release in mice showed no obvious passive release in absence of stimuli, confirming 

the electric-field triggered release. 

5.5 Cancer-targeting Drugs 

Another class of drugs that would highly benefit from specific release at targeted sites 

are chemotherapeutic agents. Standard chemotherapeutic drugs can act both on normal and 

cancerous cells, leading to severe side effects. Minimizing the administered dose can reduce 

the side effects but can also lower the drug efficacy against the tumor. Therefore, delivery 

strategies promoting accumulation and release of drugs at designated tumor sites would 

improve the treatment efficiency and minimize the side effects. 

At first, researchers explored the opportunity to deliver anticancer drugs in vitro via 

electrically stimulated release from a CP film. Electropolymerized PEDOT films were loaded 

with betulin: a triterpene exhibiting a range of activities, including anticancerogenic.[182] 

Oxidation of PEDOT films using a positive bias in a 4 mM betulin solution in acetonitrile led 

to drug incorporation. Most of the drug was passively released via simple desorption and 

diffusion into the solution, while application of a reductive potential (−0.5 V for 10 minutes) 
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led to a relatively small increase of released drug upon CP shrinking. In vitro studies on human 

nasopharynx carcinoma (KB) and human breast adenocarcinoma (MCF-7) cells revealed that 

pristine PEDOT has minor cytotoxic effects, likely due to the presence of EDOT monomer and 

the presence of short oligomer traces. The highest cytotoxic effects were achieved via active 

release of betulin, leading to IC50 (half maximal inhibitory concentration) of 13.34 μg mL-1 for 

nasopharynx carcinoma and 12.57 μg mL-1 for breast adenocarcinoma cells (comparable with 

literature values for botulin administered in solution). 

Another triterpenoid (olenoic acid) was used as a dopant in PEDOT films.[178] Here, 

investigators demonstrated the importance of the fabrication method in the loading and release 

process. One step loading via direct electropolymerization of EDOT in the presence of olenoic 

acid produced films exhibiting about a 3-fold increase in released drug via active stimulation 

versus passive release. The authors introduced a three-step method consisting of i) PEDOT film 

formation via electropolymerization in presence of perchlorate dopant, ii) reduction of the CP 

and dopant release, and iii) re-oxidation in drug-saturated solution (Figure 21d). In this case, 

the amount of drug actively released was about a 7-fold higher than passively released. In vitro 

studies on cervical (HeLa), nasopharynx (KB), and lung (A-549) cancer cells showed that the 

cell viability follows the trend “passive release” > “active release” (1-step) > “active release” 

(3-step), in agreement with more drug released using the 3-step method. 

A different avenue to active and targeted cancer drug release – applicable also to non-

CP-based systems – relies on the distinct tumor microenvironment. Tumor hypoxia occurs as 

cells modify their metabolism as result of rapid proliferation, which prevents blood vessels to 

reach the inner parts of the tumor tissue. The glucose present in these tissues undergoes 

anaerobic glycolysis, leading to the production of lactic acid that leads to a lowering of the pH 

in the tumor site. Therefore, researchers developed pH-responsive delivery systems to take 

advantage of this condition and release the cargo at low pH. 
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Investigators used a conjugated oligoelectrolyte (COE) made of divinylfluorene and 

dibromobenzothiodiazole for the synthesis of pH-responsive nanoparticles (Figure 21e).[179] 

The ammonium groups of the COE exposed at the surface of the nanoparticles have been capped 

with cucurbituril (a macrocyclic molecule) to reduce their cytotoxicity. Camptothecin (an 

anticancer drug) was loaded via hydrophobic and π–π interactions with the conjugated 

backbone of the COE up to 5.86 wt% (expressed in loaded drug weight divided by total weight 

of the system and multiplied by 100). The release profile at pH 7.4 showed that 7.5% of the 

drug was released in 12 hours, which increased to 50% in 60 hours and around 98% in 144 

hours. A decrease in pH to 5 (as found in the tumor environment) accelerated the release of the 

drug (around 97% in the first 12 hours). A dose-dependent decrease in cells viability was 

observed for breast cancer MCF-7 and MDA-MB-231 cells treated with the drug-loaded 

nanoparticles confirming its therapeutic efficacy. 

In another study, camptothecin was loaded into poly[2-(2,5-dibromo-thiophen-3-yl)-

ethyl acetate)-co-4,7-(2,1,3-benzothiadiazole)] nanoparticles with 10 wt% drug loading 

efficiency.[183] In this case the release mechanism was based on the hydrolysis of the acetyl side 

groups of the CP to hydroxyl groups at high and low pH, leading to CP swelling and drug 

release. Two kinds of nanoparticles were developed with different loading efficiencies (9.8 wt% 

and 1.6 wt%). In vitro release studies showed that the nanoparticles with high drug content lead 

to slower pH-triggered release if compared with the ones encapsulating a lower amount of drug. 

This was attributed to high π–π stacking interactions between drug molecules, which prevented 

release. In vitro cytotoxicity studies on hepatocellular carcinoma cells (Huh7) showed a slower 

inhibition of cells growth for both nanoparticles if compared to free drug, in agreement with 

release studies. 

A separate team of researchers used polyfluorene co-polymerized with electron-

deficient heterocyclic monomers to form near-infrared-emissive nanoparticles.[184] Dextran 

modified with acetals groups was used to form the nanoparticles together with the CP and to 
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allow a pH-dependent release. The encapsulated doxorubicin antibiotic has severe side effects 

(e.g. heart failure symptoms) that limit the dose that can be systemically administered. The 

investigators used FRET between doxorubicin and the near-infrared-emissive CP nanoparticles 

to track the nanoparticles in vivo. Moreover, the acetal groups are hydrolyzed in mildly acidic 

conditions (such as the one encountered at the tumor site), resulting in the release of the drug 

together with ethanol and acetone. In vitro studies revealed that all the loaded antibiotic is 

released in pH 5 buffer after 24 hours. Subcutaneous injections of the nanoparticles in mice 

revealed decreasing emission from the nanoparticles over 16 days, a sign that the antibiotic is 

released in vivo. The team found also that at 5 days post-injection the free nanoparticles (after 

drug release) or free fluorescence probe migrate and accumulate into other tissues. 

Other pH-responsive polymer nanoparticles were developed by self-assembly of 

poly(9,9-dioctylfluorene-alt-benzothiadiazole) with polystyrene-graft-ethylene oxide modified 

with a carboxyl group, and polyethylene glycol-modified doxorubicin using a co-precipitation 

method.[185] Subsequently, chemical coupling was used to bind the remaining polyethylene 

glycol-modified doxorubicin from the synthesis on the surface the CP nanoparticles leading to 

a total of 52 wt% drug loading. Glycol-modified doxorubicin was held together by a pH-

sensitive hydrazone linker. The results confirmed that at pH 5.5 the release is higher than at pH 

7.4 (51% and 24% after 168 hours, respectively). Moreover, in vitro studies on three cancer cell 

lines showed that incubation with nanoparticles (30 µg mL-1) decreases cells viability to 44.9% 

for lung (NCI-H292) cancer cells, 11% for glioma (U87-MG) cells, and 60% for cervical 

(HeLa) cancer cells (which exhibited the highest resistance). In vivo studies on lung tumor-

bearing mice showed that in absence of drug the tumor grew 9.28 times in 20 days. Delivery of 

free drug reduced this to only 1.17-fold, while drug delivered through the nanoparticles led to 

4.21 times tumor growth. However, the researchers observed that the mice treated with free 

drug experience greatest side effects, confirming the capability of the nanoparticles to deliver 

most of the drug specifically at the tumor site. 
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A different team developed a CP grafted with poly(ethylene glycol) and 3-fluoro-4-

carboxyphenylboronic acid for the adenosine-5’-triphosphate (ATP)-controlled release of 

doxorubicin (Figure 21f).[180] Once internalized in the cells, 3-fluoro-4-carboxyphenylboronic 

acid specifically binds ATP leading to a water-soluble CP and nanoparticles dissolution. The 

release profile confirmed that more drug is released at high concentrations of ATP in solution. 

In vitro cytotoxicity on human liver carcinoma (HepG2) cells revealed that their viability 

decreases with increased amount of drug loaded also for nanoparticles without ATP sensitivity, 

indicating that passive release occurs to a certain extent. Active release triggered by ATP led to 

lower viability due to a higher amount of drug released. 

In another work, a researchers developed PEDOT nanoparticles having dodecyl benzene 

sulfonic acid as a dopant as well as stabilizer for the delivery of two neutral drugs: curcumin 

and piperine, possessing (among others) antitumoral properties.[186] The amount of drug loaded 

was 5.9 wt% for curcumin and 8.0 wt% for piperine. All the nanoparticles were below 4 µm in 

diameter, but their size and distribution were affected by the loaded drug, leading to small and 

monodisperse nanoparticles for curcumin and relatively large and polydisperse for piperine. 

Passive release studies in PBS with 0.5% (v/v) Tween 20 (a surfactant that promotes drug 

dissolution) showed a slower release for curcumin with respect to piperine, which was attributed 

to a stronger interaction between curcumin and PEDOT. Curcumin release was controlled both 

with applied potential and time. Application of 0.5 V (vs Ag/AgCl) for 3 minutes resulted in 

5% release of curcumin (as for no bias). Application of a negative potential (−1.25 V for 3 min) 

led to an increase in the released drug up to 38%. Prolonged bias resulted in a logarithmic 

increase of the drug release up to 60% after 9 minutes, which stopped when the voltage is turned 

off. Piperine exhibited no statistically significant changes in release with potential or time, 

confirming that its release is mainly dominated by passive diffusion. Administration of 

curcumin nanoparticles and free curcumin to epithelial-like prostate cells (PC3) afforded a half-

maximal inhibitory concentration of 20 and 100 µg mL−1, respectively. Similar values between 
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released and free drug were observed for breast adenocarcinoma cells (MCF-7) (around 10 µg 

mL−1), confirming that only part of the drug was released in absence of external stimuli. 

All these strategies assure some control on the amount of delivered drug, however, most 

systems are limited by the poor concentration of loaded drug, which in certain cases is not 

enough to lead to the desired therapeutic effects, or poor control over active versus passive 

release. Combination of two or more therapeutic approaches having different mechanism of 

action is a promising strategy to lower the effective dose needed and minimize the side effects.  

PEDOT:PSS/poly(allylamine hydrochloride)/poly(acrylic acid) nanoparticles coated 

with polyethylene glycol were used for the delivery of three different drugs: doxorubicin, a 

water-insoluble antineoplastic drug (SN38), and the photodynamic agent chlorine 6.[187] The 

loading occurred via hydrophobic and π–π interactions between the aromatic drug and PEDOT 

backbone. The nanoparticles improved the solubility of SN38 up to around 1.6 mg mL-1. The 

total amount of loaded drug was around 100 wt% for doxorubicin, 80 wt% for SN38, and 40 

wt% for chlorine 6 (calculated as weight of drug divided by weight of polymer). The release of 

doxorubicin was pH dependent (higher release rate at pH 5 than pH 7), likely due to the 

protonation of the amino group of doxorubicin at low pH, which decreases its interaction with 

PEDOT. The uptake of doxorubicin by murine breast cancer cells (4T1) was promoted by 

photothermal effects upon laser exposure, leading to a higher therapeutic efficiency. The other 

loaded drug, chlorine 6, can sensitize the formation of highly reactive singlet oxygen species 

via illumination with a 660 nm laser. In vitro studies showed that chlorine 6 incorporated into 

nanoparticles led to lower viability of murine breast cancer (4T1) cells after laser illumination 

for 10 minutes with respect to cells treated with the free drug. This was attributed to an increase 

in cellular uptake of the nanoparticles (5.8-fold higher after 6 hours incubation with respect to 

the free drug). Further experiments confirmed that the drugs can be simultaneously co-loaded 

into the nanoparticles, providing multiple therapeutic strategies. 
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As living tissues absorb light in the ultraviolet and visible range, systems have been 

developed to absorb light in the near-infrared to provide a trigger for the deep-tissue release of 

drugs in vivo. Researchers used a donor-acceptor CP to develop nanoparticles having near-

infrared absorption and good photothermal conversion (i.e. production of heat from 

electromagnetic energy) for photothermal therapy.[188]  

The nanoparticles were stabilized using a poly(ethylene glycol)-block-poly(hexyl 

ethylene phosphate) co-polymer. Doxorubicin was loaded in the interior of the nanoparticles 

during synthesis via hydrophobic interactions with the CP and the poly(hexyl ethylene 

phosphate) core. The drug release was strongly light dependent. Moreover, antitumor efficacy 

tests on breast (MDA-MB-231) cancer cells showed that combined therapy led to lower cells 

viability than doxorubicin release or photothermal therapy alone. 

To achieve both temporal and spatial synchronism of chemotherapy and photothermal 

therapy to the targeted cancer cells, researchers developed a CP-drug composite encapsulated 

in a matrix made of a brush copolymer covalently bonded to 2-diazo-1,2-naphthoquinones 

photo-responsive groups.[181] The nanoparticles were subsequently functionalized with cyclic 

arginine-glycine-aspartic acid tripeptide to specifically bind overexpressed αvβ3 integrin in 

cancer cells. In dark conditions the nanoparticles showed negligible drug release, while 

irradiation with an 800 nm laser resulted in efficient heat generation from the CP for 

photothermal therapy. Moreover, the hydrophobic photoresponsive groups rearranged upon 

light irradiation to a hydrophilic product, causing nanoparticles disassembly and drug release 

(Figure 21g). In vitro studies showed minimum toxicity on 293T human epithelial kidney cells 

having a limited expression of αvβ3 integrin, demonstrating high selectivity compared to the 

MDA-MB-231 and MCF-7 cancer cells. Moreover, nanoparticles combining chemo- and 

photodynamic therapy led better potency with respect to single treatment. 

Other researchers developed 2-nitroimidazole-grafted CP nanoparticles coated with 

polyvinyl alcohol for light-triggered generation of reactive oxygen species (ROS), followed by 
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hypoxia-responsive release.[189] The hydrophobic core loaded doxorubicin with high efficiency 

(20.8 wt%). The release of the drug was activated by a cascade of processes triggered by light 

irradiation. This formed ROS from the CP and caused a local decrease of oxygen. These 

localized hypoxic conditions in combination with nitroreductases naturally present in tissues 

(such as the coenzyme NADPH) led to the reduction of the hydrophobic 2-nitroimidazole to 

hydrophilic 2-aminoimidazoles, which dismantled the nanoparticle structure resulting in drug 

release. In vitro evaluation using cervical (HeLa) cancer cells showed that light-activated 

hypoxia in presence of NADPH leads to subsequent drug release and a 30% of cells viability, 

lower than for all other conditions tested. Moreover, tests on mice having HeLa tumor 

confirmed that nanoparticles irradiation effectively suppress tumor growth. 

Researchers also used hyaluronic acid to develop nanoparticles that can specifically 

target cancer cells over normal cells.[190] The anticancer drug cisplatin was loaded via 

complexation between the Pt (II) of cisplatin and the carboxylic groups of hyaluronic acid. Then, 

they loaded their CP  (poly{[9,9-bis(6’-(N,N,N-diethylmethylammonium)hexyl)-2,7-

fluorenylene ethynylene]-alt-co-[2,5-bis(3’-(N,N,N-diethylmethylammonium)-1’-oxapropyl)-

1,4-phenylene]} tetraiodide) with the complex through hydrophobic interactions of its 

conjugated backbone as well as electrostatic interaction via its ammonium side groups. Passive 

release in PBS buffer at pH 7.4 led to a 50% drug release in the first 20 hours, followed by a 

constant release in the next 4 days. Addition of hyaluyaluronidase caused hydrolysis of 

hyaluronic acid and a full drug release in 50 hours. In vitro studies showed a higher affinity of 

the nanoparticles (and lower cells viability) for cervical cancer (HeLa) cells versus mouse NIH-

3T3 cells, due to specific binding of hyaluronic acid to CD44 receptors overexpressed on the 

surface of the cancer cells. 

A different research group conjugated tamoxifen (an estrogen receptor α modulator) to 

polythiophene via oligo-ethyleneglycol linkers.[191] Two polymers were synthesized: one 

having tamoxifen (around 60%) and hydroxyl side groups, and one having tamoxifen (around 
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47%), porphyrin (3.5%), and hydroxyl side groups. CP-tamoxifen exhibited higher cytotoxicity 

towards breast adenocarcinoma (MCF-7) cells than the pristine drug, which can be due to 

uptake of the CP aggregates by cancer cells via endocytosis and/or enhanced binding ability of 

the drug to the targeted protein. The conjugated backbone of the polythiophene can generate 

ROS under light irradiation, however, no decrease in cells culture was observed under 

irradiation with white light. Presence of porphyrin increased the ROS generation and decreased 

further cells viability, leading to a combined tamoxifen-ROS effect. 

Other investigators developed a strategy using bacteria Escherichia coli (E. coli) loaded 

with polypeptide exotoxin A of Pseudomonas aeruginosa, which can kill eukaryotic cells by 

blocking protein synthesis.[192] First, toxin-loaded bacteria were administered to A498 human 

kidney carcinoma cells. Then, the bacteria were pre-treated with a red-emissive cationic 

conjugated polyelectrolytes (CPE) having fluorene and 2,1,3-benzothiadiazole backbone units. 

The CPE intercalated and destabilized the cell envelope (as will be described in Chapter 7). 

Finally, the researchers applied membrane-disrupting antibiotic polymyxin B to disrupt the cell 

envelope and release the cargo. They found that the CPE (20 µM) enhanced the amount of 

released toxin at minimal antibiotic concentration (0.1 mg mL-1). The procedure led to 20% of 

maximal percentage of cells survival for toxin-loaded bacteria vs 80% for toxin-free bacteria. 

Another research team used a CPE-drug conjugate to coat upconversion 

nanoparticles.[193] Illumination of the nanoparticles with a 980 nm laser (having high tissues 

penetration) led to light upconversion to ultraviolet and visible light. The ultraviolet light was 

used to break the doxorubicin-CPE conjugates which were covalently bonded via an ultraviolet-

cleavable ortho-nitrobenzyl linker. After 1 hour exposure using pulsed cycles of 5 minutes 

irradiation followed by 2 minutes rest, the CPE-drug-nanoparticles released 9.5% of loaded 

doxorubicin. The effect was enhanced at higher power densities. Moreover, the visible light 

generated by the nanoparticles initiated the production of ROS from the CPE, leading to a 

combined therapeutic effect. In vitro studies using human glioblastoma (U87-MG) cancer cells 
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showed that the half-maximal inhibitory concentration (IC50) is 14.6 mg mL-1 for the combined 

therapy, 31.3 mg mL-1 for sole photodynamic therapy (no drug), and 121.1 mg mL-1 for sole 

chemotherapy (irradiation with 488 nm light, which elicit only drug release but not the 

formation of ROS). The results indicate that synergistic photodynamic and chemotherapy leads 

to better results than single strategies. Additionally, nanoparticles functionalization with a 

cyclic arginine–glycine–aspartic acid tripeptide provided selectivity for cancer cells having 

overexpressed ανβ3 integrin, leading to specific killing of targeted cancer cells. 
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Table 2. Summary of all the drugs that have been herein reviewed. All potentials are expressed vs Ag/AgCl unless otherwise stated. *Estimated 

from plot. 

 

Drug Loading Material Form Factor Drug Loading 
Mechanism 

Loading 
Amount 

Passive 
Release 
Concentration 

Main Active 
Release Method 

Active Release 
Concentration 

Drug release 
studies 

6-cyano-7-
nitroquinoxaline-
2,3-dione[144] 

 

PPy Electropolymerized 
film 

Electrostatic N/A N/A Cyclic 
voltammetry from -
1 V to 0.8 V 

12.5 ± 1 ng cm−2 
per stimulation  

In vitro – rat 
embryonic 
hippocampal 
neurons 

Dopamine[194] PEDOT:PSS 
 

Electropolymerized 
film  

Electrostatic N/A N/A -0.5 V for 60 s Increase of ~1 
µM in local 
environment 

In vivo – brain 
striatum of rat 

Acetylcholine[145] PEDOT:PSS Electropolymerized 
film, supercritical 
carbon dioxide 
treated 

Physical 
entrapment 

N/A N/A +1 V for 6 hrs 20.02 ± 8.01 μg 
cm−2 

In vitro - SH-
SY5Y cells 

Dexamethasone 
disodium 
phosphate[156] 

PPy Electropolymerized 
film 

Electrostatic N/A N/A Cyclic 
voltammetry from -
0.8 V to 1.4 V (vs 
SCE) at 100 mV s-

1 scan rate 

0.5 µg cm-2/ 
cycle 
 

In vitro – murine 
cerebellar glial 
cells (primary) 

Dexamethasone 
disodium 
phosphate[157] 

PPy/multi-wall carbon 
nanotubes: 
a) outer diameter 110–170 nm, 
inner diameter 38 nm, length 5-
9 mm 
b) outer diameter 20–30 nm, 
inner diameter 5–10 nm, length 
10–30 mm 

Electropolymerized 
film 

Electrostatic and 
physical 
adsorption 

N/A N/A Biphasic 
stimulation -2 V for 
5 s and 0 V for 5 s. 

a) 53.3 ± 1.7 µg  
b) 78.7 ± 2.1 µg 

In vitro – HAPI 
microglia cells 

Dexamethasone 
disodium 
phosphate[162,163] 

PPy Electropolymerized 
film 

Electrostatic 140 μg cm−2 N/A Cyclic 
voltammetry from -
1 V to 1 V with 100 
mV s-1 scan rate 

80% of loaded 
amount after 5 
cycles 

In vitro – mouse 
macrophages 

Dexamethasone 
disodium 
phosphate[158] 

Graphene oxide/PPy 
nanocomposites, with 
graphene oxide prepared 
using: 
a) 60 minutes sonication 
b) 30 minutes sonication 

Electropolymerized 
film 

Electrostatic and 
physical 
adsorption 

a) Around 40 μg 
mg-1 of 
graphene 
oxide* 
b) Around 10 μg 
mg-1 of 
graphene oxide* 

a) No drug 
detected. 

1) Biphasic 
voltage pulse -0.5 
V for 5 s and 0.5 V 
for 5 s 
2) Biphasic 
voltage pulse -2 V 
for 5 s and 0 V for 
5 s 

Stimulation 1 for 
100 cycles: 
a) around 35 μg 
cm-2* 
b) around 20 μg 
cm-2* 
Stimulation 2 for 
1000 cycles: 
a) 209.7 μg cm-2 

In vitro – 
Astrocytes 
(primary) 
 
Neural cells from 
hippocampal 
tissue isolated 
from E18 
Sprague-Dawley 
rat embryos 
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Dexamethasone 
disodium 
phosphate[164] 

PEDOT on 
1) 4 mm diameter probe 
2) probe made of 12 electrodes 
15x15 mm2 and 4 electrodes 
50x50 mm2 

Electropolymerized 
film 

Electrostatic In vivo (probe 2) 
19 nm per 
probe 

In vitro (probe 1) 
0.006 ± 0.005 ng 

Cyclic 
voltammetry from 
1) In vitro -0.3 to 
0.45 V or 2) In 
vivo -0.6 V and 
0.15 V (vs. IrOx) 
at 100 mV s-1 scan 
rate 
 

In vitro – 805 ng 
within 45 days 

In vivo – rat brain 

Diclofenac sodium 
salt[159] 

 

PEDOT on bacterial cellulose 
hydrogel microfibers. 

Chemically 
polymerized on 
core-shell hybrid 
microfibers 

Physical 
entrapment 

N/A 1.6 mg in 96 
hours 

Biphasic voltage 
pulse -0.6 V for 5 
s and 0 V for 5 s. 

2.1 mg in 48 
hours 

In vitro – PC12 
neural cells 

NGF[166] PPy/PSS, PPy/collagen 
PEDOT, PEDOT/collagen 

Electropolymerized 
film 

Electrostatic N/A N/A N/A N/A In vitro – PC12 
neural cell 

NGF[168] PPy/PSS embedding 
mesoporous silica nanoparticle  

Electropolymerized 
film 

Electrostatic 
interaction 

31.5% of 100 μl 
NGF (100 μg 
ml−1) in 20 mg 
nanoparticles 

Around 25-30% 
after 24 hours* 

Steady state 
current of 0.6 mA 

Around 35-40% 
after 24 hours* 

In vitro – PC12 
neural cell 

Neurotrophin-3[169] PPy/p-toluene sulfonate on: 
1) 18–21 mm2 Au circular 
electrodes 2) Four ring Pt 
electrode arrays having total 
surface area of 1.658 mm2 

Electropolymerized 
film 

Physical 
entrapment 

1) 93 ng cm-2 
2) 2.13 ng in 
1.658 mm2 
electrode 

1) 1.19 ng mL-1 

in 4 days 
2) 0.03 ng/day 

Biphasic current 
pulses (250 Hz). 
Waveform having 
±1mA amplitude, 
100 µs pulse 
width, 20 µs open-
circuit interphase 
gap, and 3.78 ms 
short-circuit phase 
between pulses. 

1) 1.35 ng mL-1 
after 1 hour 
2) 0.1 ng/day 
after stimulation 
for 8 hours/day 

1) In vitro – spiral 
ganglion neurons 
explants 
2) In vivo – 
deafened guinea 
pig cochleae 

BDNF[171] PPy/p-toluene sulfonate 
1) 18–21 mm2 Au circular 
electrodes 
 

Electropolymerized 
film 

Physical 
entrapment 

122.1±3.28 ng 
cm-2 

13.2±1.4 ng cm-2 
or 10.8% of total 
incorporated 
over 7 days 

Biphasic current 
pulses (250 Hz). 
Waveform having 
±0.2 mA current 
amplitude, 100 µs 
pulse width, 25 µs 
open-circuit 
interphase gap, 
and 3.78 ms 
short-circuit phase 
between pulses 

23.1±1.4 ngcm-2 
or 18.9% of total 
incorporated 
using 8 
hours/day 
stimulation for 3 
days after 4 days 
resting period. 

In vitro – spiral 
ganglion neurons 
explants 

Neurotrophin-3 
and BDNF[172] 

PPy/p-toluene sulfonate on 1 
cm2 Au 

Electropolymerized 
film 

Physical 
entrapment 

1) 244±7 ng cm-

2 of total 
neurotrophins 
2) 213± 8 ng 
cm-2 of total 
neurotrophins 

1) 2.8 
ng/cm2/day 
2) 1.4 
ng/cm2/day 

±1mA amplitude, 
100 µs pulse 
width, 20 µs open-
circuit interphase 
gap, and 3.78 ms 
short-circuit phase 
between pulses. 

1) 8-3 
ng/cm2/day 
2) 3.6 
ng/cm2/day 
using 8 
hours/day 
stimulation for 3 
days after 4 days 
resting period. 

Cochlear neural 
explants 
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BDNF[173] PEDOT:PSS/arginine-glycine-
aspartic acid-functionalized 
alginate hydrogel on 75 mm 
diameter Pt/ 
iridium alloy 
1) drug loaded into poly(lactic-
co-glycolic acid) particles 
2) direct loading into the 
hydrogel via soaking 
 

Electropolymerized 
film coated with 
hydrogel 

Physical 
entrapment 

N/A 1) 4.18 ng ml-1 
after 1 week and 
2.01 ng ml-1 after 
2 weeks post-
implantation 
2) 28.14 ng ml-1 
after 1 week and 
13.91 ng ml-1 
after 2 weeks 
post-
implantation 

N/A N/A In vivo – 
deafened guinea 
pig cochleae 

Insulin[161] PPy Nanoparticles Adsorbed via 
electrostatic and 
hydrophobic 
interactions 

Up to 51 wt% 1) Around 1 µg 
ml-1* 

Steady state 
potential of  
1) −1 V for 2 
minutes or 
2) -1 V for 20 
minutes 

1) Around 5 µg 
ml-1 for 1 pulse* 

In vivo – mice 

Penicillin and 
streptomycin[162] 

PPy Electropolymerized 
film 

Electrostatic 134 μg cm−2 N/A Cyclic 
voltammetry from 
-1 V to 1 V with 
100 mV s-1 scan 
rate 

80% of loaded 
amount after 5 
cycles 

In vitro – human 
osteoblasts 
(hFOB 1.19), 
mouse fibroblasts 
(NIH/3T3), and 
Staphylococcus 
epidermidis 

Ciprofloxacin 
hydrochloride[175] 

PPy Electropolymerized 
on PEDOT:PSS-
chitosan 
microfibers 

Electrostatic 42±4 μg cm-1 for 
1 cm fiber 
length 

Around 45% in 8 
hours* 

Steady state 
potential of −0.26 
V  

80% release 
after 72 hours 

In vitro – 
neuroblastoma 
(B35) cells, 
Gram-negative E. 
coli, and Gram-
positive  
Streptococcus 
pyogenes 

Amoxicillin 
antibiotic[176] 

Chitosan-graft-Pani Hydrogel prepared 
using oxidized 
dextran as 
crosslinker: 
a) 1% 
b) 3% 
c) 5% 

Electrostatic 1.5 mg mL-1 At pH 7.4 
a) 29% 
b) 31% 
c) 36%  
after 100 min  
a-c) 50-60% 
after 36 hours. 

1) pH or 
2) steady state 
potential for 80 
minutes 

1) pH 5.5,  
for a) 55% 
released after 45 
minutes and 
around 99% in 
36 hours 
2) For b) at pH 
7.4 
34% at 0 V, 
69% at 1 V, and 
82% at 3 V. 

In vitro – E. coli 
and 
Staphylococcus 
aureus bacteria 
and mouse 
fibroblasts (L929) 
cells 

Fluorescein and 

daunorubicin
[177]

 

PPy Nanoparticles 
dispersed in a 
temperature-
responsive 
hydrogel made of 
poly[(D,L-lactic 

Hydrophobic 
interactions 

Fluorescein 3.6 
wt% 
Daunorubicin 
3.2 wt% 

< 10 ng Steady state 
potential of -0.5 V 
(around -4.5 V cm-

1) for 10 seconds, 
repeated every 5 
minutes 

Fluorescein 20 
ng 
Daunorubicin 25 
ng 

In vivo – adult 
female mice 
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acid)-co-(glycolic 
acid)]-b-
poly(ethylene 
oxide)-b-poly- 
[(D,L-lactic acid)-
co-(glycolic acid)] 

In vivo studies: -
1.5 V cm-1 for 40 s 

Betulin[182] PEDOT on 1 cm2 Pt foil Electropolymerized 
film 

Physically 
entrapped from 
acetonitrile 

N/A 0.84 ± 0.15 mM Steady state 
potential of  
−0.5 V for 10 
minutes 

1.83 ± 0.22 mM 
for 1 pulse 

In vitro – human 
nasopharynx 
carcinoma (KB) 
and human 
breast 
adenocarcinoma 
(MCF-7) cells 

Oleanolic acid[178] PEDOT on 1 cm2 Pt foil Electropolymerized 
film 
1) One-step 
procedure 
2) Three-step 
procedure 

Electrostatic 
interaction 

N/A 1) 0.22 ± 0.08 
mM 
2) 0.27 ± 0.11 
mM 

Steady state 
potential of  
−0.5 V for 10 
minutes 

1) 0.72 ± 0.11 
mM 
2) 1.94 ± 0.25 
mM 

In vitro – cervical 
(HeLa), 
nasopharynx 
(KB) and lung (A-
549) cancer cells 

Camptothecin[179] 3,3′,3″,3‴-{[(1E,1′E)-2,1,3-
Benzothiadiazole-4,7-
diylbis(ethene-2,1-diyl)]-bis(9H- 
fluorene-9,9,2-triyl)}-
tetrakis(N,N-dimethylpropan-1-
amine 

Nanoparticles 
capped with 
cucurbituril 

Hydrophobic 
interaction, π–π 
stacking 

5.86 ± 0.04 wt% At pH 7.4 
7.5% in 12 
hours, 50% in 60 
hours, around 
98% in 144 
hours. 

pH - triggered 
release 

At pH 5 
Around 97% in 
12 hours 

In vitro – breast 
(MCF-7 and 
MDA-MB-231) 
cancer cells 

Camptothecin[183] Poly[2-(2,5-dibromo-thiophen-
3-yl)-ethyl acetate)-co-4,7-
(2,1,3-benzothiadiazole)] 

Nanoparticles Hydrophobic 
interaction, π–π 
stacking 

10% At pH 7.4 
50% in 48 hours 
and 90% in 256 
hours 

pH - triggered 
release 

At pH 5 
50% in 12 hours 
and 90% in 110 
hours 

In vitro – 
hepatocellular 
(Huh7) 
carcinoma cells 

Doxorubicin[184] 5,7-bis(5-bromo-2-thienyl)-2,3-
dimethyl-thieno 
[3,4-b]pyrazine – 2,7-
bis(4,4,5,5-tetramethyl- 1,3,2-
dioxaborolan-2-yl)-9,9-bis[30-
(dimethylamino)propyl] fluorene 
co-polymer 

CP – dextran 
nanoparticles 
incapsulated in 
polyvinyl alcohol 

Hydrophobic 
interactions 

95.13 ± 0.08 
wt% 

At pH 7.4 no 
detected release 

pH - triggered 
release 

At pH 5 most 
drug released in 
24 hours. 
 

In vivo –tumor-
bearing mice 

Doxorubicin[185] Poly(9,9-dioctylfluorene-alt-
benzothiadiazole) 

Nanoparticles 
made of CP, 
polystyrene-graft-
ethylene oxide 
modified with a 
carboxyl group, 
and polyethylene 
glycol-modified 
doxorubicin. 

Self-assembly 
via hydrophobic 
interactions and 
chemical 
coupling 

107% drug 
weight/CP 
weight 

At pH 7.4 
17.67% in 96 
hours and 24% 
in 168 hours 

pH - triggered 
release 

At pH 5.5 
37.27% in 1 day 
and 51% in 168 
hours 

In vitro – cervical 
(HeLa) cancer 
cells, lung (NCI-
H292) cancer 
cells, and glioma 
(U87-MG) cells 
In vivo – lung 
tumor-bearing 
mice 

Doxorubicin[180] Poly(ethylene glycol) and 3-
fluoro-4-carboxyphenylboronic 
acid grafted CP 

Nanoparticles Hydrophobic 
interaction, π–π 
stacking 

20 wt% CP without ATP 
binding groups: 
around 20% in 1 
day. 

Presence of a) 0.4 
mM or b) 4 mM 
ATP solution 
(pH=7.4), 

a) 5% in 4 hours 
and 20% in 1 
day 

In vitro – human 
liver carcinoma 
(HepG2) cells 
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b) 18% in 4 
hours and 55% 
in 1 day 

Curcumin and 
piperine[186] 

PEDOT:dodecyl benzene 
sulfonic acid 

Nanoparticles Hydrophobic 
interactions 

Curcumin 
5.9 ± 1.6 wt%  
Piperine 
8.0 ± 0.4 wt% 

Curcumin 
60% and 
piperine 
90% in 50 hours 

Steady state 
potential of  
−1.25 V 

Curcumin: 38% 
after 3 minutes 
and 60% after 9 
minutes 
Piperine: as for 
passive release 

In vitro – 
epithelial-like 
prostate (PC3) 
normal cells and 
human breast 
adenocarcinoma 
(MCF-7) cells 

a) Doxorubicin, 
b) SN38 (a 
camptothecin 
derivative) 
c) Chlorine 6 
photosensitizer[187] 

PEDOT:PSS/poly(allylamine 
hydrochloride)/poly(acrylic acid) 
coated with polyethylene glycol 

Nanoparticles Hydrophobic 
interaction, π–π 
stacking and 
electrostatic 
interaction with 
charged drugs 
(for doxorubicin) 

Around 100% 
for doxorubicin, 
40% for chlorine 
6, and 80% for 
SN38. 

a) pH 7 around 
20% release, 
and at pH 5 
around 40% 
release in 11 
hours. 
No drug release 
observed for b) 
and c). 

c) Illumination with 
a 660 nm laser 
(power density of 
0.1 W cm- 2) for 10 
min 

N/A In vitro – murine 
breast (4T1) 
cancer cells 

Doxorubicin[188] bis(5-oxothieno[3,2-b]pyrrole-6-
ylidene)benzodifurandione – 
bithiophene copolymer 

Nanoparticles 
encapsulated in 
poly(ethylene 
glycol)-block-
poly(hexyl 
ethylene 
phosphate) 
copolymer 

Hydrophobic 
interaction, π–π 
stacking 

2.1 wt % Around 30% in 
120 hours 

Illumination with 
an 808 nm laser 
(power density of 
1.0 W cm- 2) 

Around 90% 
after 10 minutes 
irradiation 

In vitro – breast 
(MDA-MB-231) 
cancer cells 

Doxorubicin[181] Poly[9,9-bis(4-(2-
ethylhexyl)phenyl)fluorene-alt-
co-6,7-bis(4- (hexyloxy)phenyl)-
4,9-di(thiophen-2-yl)-thiadiazolo 
quinoxa- line]  

Nanoparticles 
encapsulated in 
poly(L-lysine)-
graft-poly(ethylene 
glycol) binding 2-
diazo-1,2-
naphthoquinones 
groups and 
functionalized with 
cyclic arginine-
glycine-aspartic 
acid 

Hydrophobic 
interaction, π–π 
stacking 

2.5 wt% 7.8 ± 0.8% at 
25 °C; 11.6 ± 
1.2% at 37°C; 
17.2 ± 1.9% at 
50 °C 

Illumination with 
an 800 nm laser 
(power density of  
a) 0.5 W cm- 2;  

b) 0.75 W cm- 2; 
c) 1.0 W cm- 2) 

a) 24.5 ± 2.1% in 
40 minutes;  
b) 52.1 ± 3.1% in 
40 minutes; 
c) 73.4 ± 2.8% in 
40 minutes 

In vitro – breast 
(MCF-7) cancer 
cells with high 
αvβ3 integrin 
expression. 
Breast (MDA-MB-
231) cancer and 
normal (293 TI 
cells with low 
αvβ3 integrin 
expression 

Doxorubicin[189] 2-nitroimidazole-grafted CP Nanoparticle 
encapsulated with 
polyvinyl alcohol 

Hydrophobic 
interaction, π–π 
stacking 

20.8 wt% Around 10% in 
48 hours 

Illumination with a 
532 nm laser 
(power density 
0.1 W cm- 2) 

Around 60% in 
48 hours after 20 
minutes 
irradiation 

In vitro – cervical 
(HeLa) cancer 
cells 
and human 
kidney (A498) 
carcinoma cells 
In vivo – HeLa 
tumor-bearing 
mice 
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Cisplatin[190] Poly{[9,9-bis(60- (N,N,N-
diethylmethylammonium)hexyl)-
2,7-fluorenylene ethynylene]- 
alt-co-[2,5-bis(30-(N,N,N-
diethylmethylammonium)-10-
oxapropyl)- 1,4-phenylene]} 
tetraiodide 

CP assembled on 
nanoparticles 
made of cisplatin 
and hyaluronan 

Hydrophobic 
and electrostatic 
interactions 

20.2 ± 1.2 wt% 
loading content 

50% in 20 hours 
and continuous 
release for 4 
days 

Hydrolysis of 
hyaluronan by 
hyaluyaluronidase 

All drug released 
in 50 hours 

In vitro – cervical 
(HeLa) cancer 
cells 
And normal 
(NIH3T3) 
fibroblasts cells 

Tamoxifen[191] Polythiophene 
1) tamoxifen only 
2) tamoxifen + porphyrin 

Direct 
administration of 
the polymer 
aggregates 

Covalent 
bonding via 
oligo 
ethyleneglycol 
linker 

1) Around 60 
wt% 
2) Around 47 
wt% 

1) Up to 4 µM 
administered 
2) Up to 2 µM 
administered 

N/A N/A In vitro – breast 
adenocarcinoma 
(MCF-7) cells 
and estrogen 
receptor α 
negative MDA-
MB-231 cells 

Polypeptide 
exotoxin A of 
Pseudomonas 
aeruginosa[195] 

Cationic conjugated 
polyelectrolyte having fluorene 
and 2,1,3-benzothiadiazole 
backbone units. 
 

As disruptive 
coating for E. coli 
bacteria 

Physical 
entrapment 
inside the 
bacteria 

N/A None observed Administration of 
20 μM of CP and 
0.1 mg mL−1 of 
polymyxin B 
antibiotic – 3 days 
cells incubation. 

N/A In vitro – A498 
human kidney 
carcinoma cells 

Doxorubicin[192] Poly[9,9-bis(N-(but-30-ynyl)-
N,N-
dimethylamino)hexyl ?uorenyl 
divinylene-alt-4,7-(20,10,30-
benzothiadiazole)dibro- mide] 

Coating for 
upconversion 
nanoparticles 
functionalized with 
cyclic arginine–
glycine–aspartic 
acid tripeptide 

UV-cleavable 
ortho-nitrobenzyl 
linker 

N/A None observed 5 minutes 
irradiation with a 
980 nm light 
followed by 2 
minutes break, 
with laser density: 
1) 1.0 W cm-2 

2) 1.5 W cm-2 

3) 2.0 W cm-2 

After 1 hour 
pulsed 
irradiation: 
1) 9.5 ± 0.9%  
2) 22.1 ± 1.2% 
3) 30.1 ± 1.8% 

In vitro – human 
glioblastoma 
(U87-MG) cancer 
cells and 
breast 
adenocarcinoma 
(MCF-7) cells 
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6. Organic Biosensors 

 
Figure 22. A) Schematic representation of biosensor components. Reproduced with 

permission.[196] Copyright 2008, Caister Academic Press. B) Illustration of the kinds of 

transistors that have been applied as biosensors.  

 

Biosensors are analytical devices that sense, record and transmit information about a 

biological process (e.g. blood pressure) or the presence of a specific chemical compound (the 

analyte). The detection of analytes in vitro can be achieved by i) mixing the sample with a 

signal-generating probe in solution (homogeneous biosensing), ii) placing the sample solution 

on a biorecognition surface platform (heterogeneous biosensing), or iii) monitoring changes in 
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cells/tissue parameters in situ, such as in 2D or 3D cell culture.[197,198] In vivo, biosensing 

devices are powerful diagnostic tools that can be used for the long-term and continuous 

monitoring of biological analytes (e.g. biomarkers for disease diagnosis and progression). 

Biosensors have two core components: a biorecognition element able to specifically 

bind the analyte and a transduction element that converts the binding event to a measurable 

signal (e.g. electrochemical, optical etc., Figure 22a).[199,200] Early examples of biosensors had 

a biological component as sole biorecognition element, typically a protein or a single stranded 

DNA. Inspired by natural biorecognition elements, researchers developed also biomolecule-

free biosensors based on biomimetic approaches (e.g. molecularly imprinted polymers, where 

recognition occurs in specific sites fabricated on the polymer scaffold) as we will see in section 

6.4.[201] Depending on the application, CPs can be used in association with a biorecognition 

element or can combine both biorecognition and transduction, leading to the selective and 

continuous detection of biomolecular interactions.[202,203] Biorecognition in CPs occurs via 

supramolecular interactions of the CP backbone and/or side groups with the biological analyte 

molecules. Then, transduction takes place via changes of the CP optoelectronic properties, 

which can arise from amplified fluorescence quenching, FRET, conformational changes of the 

conjugated backbone or doping/de-doping of the CP.[204] These properties have been used for 

the development of biosensors both in solution and in film form. 

Biological species are normally dissolved in aqueous solutions. Therefore, biosensing 

in solution requires that the biorecognition and transduction elements are co-dissolved in water 

together with the analytes of interest.[205] Water-soluble CPEs with charged side groups 

covalently bound to the conjugated backbone have been extensively used as optical probes for 

the detection of conformational changes in proteins, amyloid fibrils formation, and DNA 

hybridization.[202,203,206] In contrast, biosensors relying on surface-biomolecule interactions 

require that the CP forms a stable film in aqueous solution. This can be achieved either by i) 

electrochemical or ii) chemical polymerization. The former method can be applied to virtually 
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any arbitrary geometry as long as the support material is conducting.[207] However, it generally 

yields to surface coatings characterized by high roughness from fractal growth processes, which 

may decrease batch-to-batch reproducibility. Chemical polymerization can form a highly 

conducting material without the need of an underlying support, and offers a wide range of 

processing methods (some of them compatible with large-scale manufacture), such as spin 

coating, drop casting, dip coating, electrospinning, freeze drying, inkjet printing etc., each with 

their own geometric constraints and yielded material formats (e.g. thin films, gels, and 

fibers).[208] However, additives (i.e. crosslinking agents and adhesion promoters) may be 

required to prevent film dissolution and delamination in aqueous solutions.[209] 

Variations in the CP film structure caused by film-analyte interactions can be detected 

via several methods, such as quartz crystal microbalance, surface plasmon resonance and 

optical spectroscopy.[210] Alternatively, electrochemical biosensors use electrical read-out 

techniques, which can monitor changes in the electrical properties of the CP film upon specific 

binding between the biorecognition element and the analyte.[211,212] At first, electrochemical 

biosensors used CP films as mere electrode coatings to improve charge transport from the 

biorecognition element to the underlying electrode. In this case, signal transduction takes place 

via electrochemical techniques such as cyclic voltammetry (CV), electrochemical impedance 

spectroscopy (EIS) and amperometry.[200] Further developments in the field lead to the coupling 

of the biorecognition element with an organic electronic device relying on a CP film as core 

electronic component (e.g. a transistor).[213] In contrast with CP coatings-based biosensors, 

organic thin film transistors (OTFTs) rely on field-effect or electrochemical doping for signal 

transduction and offer several advantages, including low-cost manufacture, fast response and 

signal amplification.[214] OTFTs are made of three terminals: named the source, the drain and 

the gate (Figure 22b). The CP channel electrically connects the drain and source terminals and 

is separated from the gate via an insulator (or an electrolyte). The gate electrode controls the 

amount of current in the channel through changes in the applied voltage. The operation of 
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OTFTs as biosensors is based on the ability of analyte molecules to modulate the channel 

current via direct interaction with the active material or with the gate electrode. OTFTs can be 

divided in two categories depending on the way the channel current is modulated: organic field 

effect transistors (OFETs) and OECTs (briefly encountered already in Chapter 3). 

In OFETs, current changes occur via field effect doping upon application of a gate bias. 

Initial OFET applications in bioelectronics were limited to dry state recordings, since water was 

considered detrimental for charge transport and device life time (Figure 22b). However, the 

analyte needed to be fully dried prior recording, a condition that made these devices unsuitable 

for practical applications. In 2002, researchers demonstrated that protection of the source and 

drain contacts using a hydrophobic polymer layer enables efficient OFETs operation in aqueous 

solution as well as their integration with microfluidics.[215] These results led to the development 

of two alternative device geometries: a bottom gate geometry, where the analyte is added on 

top of the active layer, and a top gate geometry, where the analyte solution is placed between 

the gate and an insulating layer on top of the active material. Alternatively, in OECTs the gate 

is separated from the CP only by the electrolyte, and the channel current is modulated via ion 

insertion/extraction from the polymer film, i.e. doping/de-doping of the active material (Figure 

22b). In contrast to OFETs, OECTs have the advantage of operating at very small gate voltages 

(below 1 V) to modulate large changes in channel current, resulting in high signal amplification 

and low detection limits (for details on OECT operation and on the difference between OFETs 

and OECTs we refer the reader to specialized literature).[79,80] An alternative configuration is 

the floating gate design (Figure 22b), in which a secondary gate electrode connects two separate 

parts of the sensors: the sensing area, where detection occurs, and the transduction area, where 

the device converts the binding events into a measurable electrical signal. These designs employ 

either an OFET or an electrolyte gated OFET (EGOFET) as the transducing element.[216,217] 

EGOFETs share the same design of OECTs but, unlike OECTs, modulation of channel current 

is attributed to the formation of an electrical double layer at the active layer/electrolyte interface. 
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Recent studies have shown that when a CP film is in contact with an electrolyte containing 

small ions (e.g. sodium chloride, phosphate-buffered-saline [PBS] etc.) current modulation via 

ion uptake cannot be completely ruled out, rendering the conceptual difference between OECTs 

and EGOFETs somewhat ambiguous.[218,219] 

In this Chapter, we will first discuss how CPs have been used to develop biosensors for 

the recognition of biological analytes in aqueous solutions (e.g. immunosensors, enzymatic 

sensors, DNA sensors and cell sensors). Then, we will address the challenges deriving from 

sensing analytes in complex biological fluids. 

6.1. Organic Immunosensors 

Immunosensors are a class of biosensors whose recognition is based on the ability of 

antibodies, or parts of antibodies, to bind specific antigens (i.e. a molecule capable of evoking 

an immune response). In a simple immunosensor, the antibody is immobilized on the transducer 

and is placed in contact with the solution containing the analyte of interest. The specific antigen-

antibody interaction is then converted by the transducer into a measurable signal. As mentioned 

in the introduction of this Chapter, the first examples of organic immunosensors comprised a 

CP film on a metal substrate (e.g. PAni or PPy on Au) to enhance the charge transfer between 

the biorecognition element and the electrode.[220,221] In 2002, researchers demonstrated for the 

first time that an OECT can be used as an immunosensor.[222] They immobilized anti-

immunoglobulin G (anti-IgG) via either physical adsorption on the preformed PEDOT polymer 

film or within the polymer matrix via electrochemical polymerization. Antibody-antigen 

binding led to changes in conformation of the conjugated backbone, which are detected as 

overall changes in film conductivity. The devices were capable to detect concentrations of 

antigen as low as 670 fM after 3 minutes. In contrast with this study, other researchers reported 

an OECT-based immunosensor for prostate specific antigen (PSA) whose transduction 

mechanism hinged on CP doping (and increase in OECT channel current) via negative changes 

accumulated at the CP surface upon analyte binding.[223] The authors treated the surface of the 
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conducting PEDOT:PSS film with 3-aminopropyldiethoxymethylsilane to provide the CP film 

with amine groups. These groups were then used to functionalize the CP with the calix-[4]-

arene derivative ProLinkerTM (Proteogen, Inc.), which binds PSA monoclonal antibodies 

through host-guest interactions. PSA–α-1-antichymotrypsin (PSA–ACT) complex (the analyte) 

is negatively charged in PBS solution (pH 7.4). The specific binding between PSA monoclonal 

antibodies and the negatively charged PSA–ACT produced a decrease in effective gate voltage, 

meaning that a higher gate bias was needed to switch the device from ON to OFF. The effect 

was increased by adding polyclonal antibodies labeled with Au nanoparticles to the sample 

solution. The authors attributed the further increase in doping of the CP to an overall increase in 

the negative surface charge caused by the Au nanoparticles. The device exhibited detection 

limits of 1 pg mL-1 (around 38 fM), enough to allow the discrimination of benign prostate 

hyperplasia and cancer. 

Other researchers used self-assembled Au nanoparticles on PAni/Au electrodes for PSA 

detection.[224] In contrast with the previous work, anti-PSA antibodies were immobilized on the 

Au nanoparticles–PAni/Au nanocomposite electrode via strong affinity towards the surface 

charge of the Au nanoparticles and electrostatic interaction with the positively charged amino 

groups on PAni. Moreover, in this study differential pulse voltammetry was used as a 

transduction method. The electrodes led to devices with a detection limit of 0.6 pg mL-1 (around 

23 fM, lower than enzyme-linked immunosorbent assays, ELISA)[225] and sensitivity of 1.4 µA 

M-1 (higher than ELISA). These examples illustrate the importance of both materials design 

and transduction method in achieving biosensors with low detection limit and high sensitivity. 

An important parameter that affects immunosensor sensitivity is the non-specific 

binding of the analyte or interfering molecules to the CP surface and/or gate electrode. To 

address this issue, the two above mentioned studies as well as others applied a treatment step 

where a protein, like bovine serum albumin (BSA), was adsorbed on the CP surface together 

with antibody.[223,224] The biorecognition element (e.g. anti-PSA) provided the biorecognition 
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sites, while BSA was used to coat the rest of the active layer and block non-specific binding. A 

similar blocking strategy was used by another team for the development of OTFTs (Figure 

23a).[226] They immobilized antibodies specific to procalcitonin on a poly-3-hexylthiophene 

(P3HT) active material and used a post-treatment with BSA to prevent non-specific adsorption. 

Devices exhibited detection limits in line with clinical applications, as low as 2.2 pM. 

 

 
Figure 23. A) Immunosensor based on an OTFT having anti-procalcitonin (PCT) antibody 

physically adsorbed on poly-3-hexylthiophene (P3HT) as sensing element, and bovine serum 

albumin (BSA) as a blocking element. Reproduced with permission.[226] Copyright 2017, 

Elsevier. B) Immunosensor using 1-ethyl-3-(3-dimethylamino-propyl) carbodiimide (EDC) 

mediated coupling to bind the antibody (anti-Vtg) to the carboxylic groups of terthiophene-

based CP film (TTCA). Adapted with permission.[227] Copyright 2005, Elsevier. 

 

Strategies to immobilize antibodies to CPs can result in their cross-linking or 

denaturation, both decreasing the number of functional antibodies. Furthermore, they may be 

immobilized in an orientation and density that hinders antigen access and binding to the active 

site. Therefore, favorable orientation and minimal structural modifications of the antibodies 

upon immobilization on the device surface are needed in order to preserve their immunological 

activity and lead to optimal device performance.[228] Electropolymerization of CPs can be used 
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for entrapment of the antibodies, but with the risk of denaturation and loss of activity.[229] On 

already formed CP films, surface modification has been used as a strategy to immobilize the 

antibody through covalent bonding or electrostatic interactions. Investigators utilized 1-ethyl-

3-(3-dimethylamino-propyl) carbodiimide (EDC) to promote amide bonds formation between 

the carboxylic groups of a terthiophene-based CP and the exposed lysine residues of the chosen 

antigen (Figure 23b).[227] The immunosensor detected the precursor protein vitellogenin at 

concentrations as low as 0.09 ng mL-1 (around 560 fM). However, covalent immobilization can 

also result in a loss of antibodies function. In this respect, a better approach is given by self-

assembly strategies (e.g. host-guest interactions, as shown for PEDOT:PSS functionalized with 

ProLinkerTM).[223] 

Instead of immobilizing the antibody on the active material, as in the works discussed 

so far, in transistor devices the antibody can also be immobilized on the surface of the gate 

electrode. 

In OECTs and floating gate geometries, this allows to decouple analyte detection (which 

occurs at the gate electrode) from signal transduction (which occurs in the active material). The 

advantage is the freedom to modify the chemistry at the gate for sensitive and selective 

biorecognition, while the active material is specifically designed to maximize device 

performance for effective signal transduction.[230] For example, researchers developed an 

OECT-based immunosensor for the detection of immunoglobulin G (IgG) having PEDOT:PSS 

as an active material and a biofunctionalized gate.[231] The Au electrode was first functionalized 

with a self-assembled monolayer made of 3-mercaptopropionic acid and 11-

mercaptoundecanoic acid. Then, the carboxylic groups of the self-assembled monolayer were 

activated via EDC/(N-Hydroxysulfosuccinimide sodium salt) sulfo-NHS chemistry to 

immobilize anti-IgG. Eventually, ethanolamine was added as a blocking agent to prevent non-

specific adsorption. Formation of the anti-IgG/IgG complexes led to changes in surface 

potential of the gate electrode, which were sensed as changes in PEDOT:PSS channel current, 

https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/protein-precursor
https://www.sciencedirect.com/topics/neuroscience/vitellogenin
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leading to a detection limit of 6 fM. More examples of gate-modification strategies for 

biosensing will be reported in the following sub-chapters. 

6.2 Enzyme-based Biosensors 

Enzyme-based biosensors are analytical devices having an enzyme as a biorecognition 

element.[232] The devices utilize the enzyme’s capability to catalyze a specific biochemical 

reaction to generate a signal. The signal (e.g. changes in pH or formation of redox species) is 

subsequently detected by the transducer and converted into a measurable response. As 

previously described for immunosensors in section 6.1, enzyme immobilization is a critical 

parameter to develop biosensors exhibiting operational stability and durability. The first 

examples of organic, enzyme-based biosensors were fabricated via entrapment of the enzyme 

in the CP matrix during electropolymerization. An electron acceptor was also added either in 

solution or within the CP film to mediate the transport of electrons from the enzyme to the 

CP.[233–235] In 1991, investigators reported the first example of OECT as a biosensor (Figure 

24a).[236] The research group utilized electropolymerization to immobilize the enzyme 

diaphorase within a pyrrole-N-methylpyrrole copolymer matrix. The film was then used to 

develop an electrochemical biosensor for nicotinamide adenine dinucleotide (NADH). Device 

operation depends on the enzyme catalysis of the following reaction: 

NADH + H+ + mediator ⇌ NAD+ + reduced mediator    (1) 

The reduced form of the mediator (i.e. anthraquinone-2-sulfonate) accepts electrons 

from the CP leading to its reduction and a consequent decrease in film conductivity, switching 

the device from ON to OFF. Conversely, another research group demonstrated that using PAni 

as an active material led to OECTs that switch from OFF to ON upon analyte detection.[237,238] 

In this case, reaction with the mediator led to the reduction of PAni from the insulating to 

conducting form. 
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Figure 24 A) Schematic representation of an OECT for the detection of nicotinamide adenine 

dinucleotide. CE is the counter electrode and RE the reference electrode. Reproduced with 

permission.[236] Copyright 1991, Royal Society of Chemistry. B) Illustration (i) and scanning 

electron microscope image (ii) of the active layer of a nanojunction OECT for glucose detection 

having poly(aniline):poly(acrylic acid) (PAni:PAA) as active material, HSO4
- as a dopant for 

PAni, glucose oxidase (GOx) as biorecognition element and poly(1,2-diaminobenzene) 

(PDAB) as immobilizing agent. Reproduced with permission.[239] Copyright 2004, American 

Chemical Society. C) Schematic representation of biosensor fabrication steps consisting of: 

PEDOT deposition, PEDOT:poly(allylamine) (PAH) deposition, mannosylation via 

divinylsulfone (DVS) cross-linker, concanavalin A (Con A) assembly and GOx assembly. 

Reproduced with permission.[240] Copyright 2017, Wiley-VCH. D) Schematic representation of 

OECT configuration (top) using free-floating GOx and reaction cycle (bottom) used for glucose 

detection. Reproduced with permission.[241] Copyright 2008, Royal Society of Chemistry. E) 

Schematic representation of the floating gate OFET used for lactate sensing. Reproduced with 

permission.[242] Copyright 2015, Elsevier. 

 

Osmium has been used as both a mediator and a crosslinker for the development of 3D 

enzymatic biosensors.[243] The hydrogel consisted of PEDOT:PSS and poly-4-vinylpyridine 

crosslinked with both magnesium and osmium. Horseradish peroxidase (HRP) was entrapped 

in the film to demonstrate the usefulness of this approach for the development of 

electrochemical biosensors (in this case for H2O2 detection). 

https://en.wikipedia.org/wiki/Scanning_electron_microscope
https://en.wikipedia.org/wiki/Scanning_electron_microscope
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The addition of redox mediator additives is not desirable for the detection of glucose in 

vivo due to potential leakage and toxicity.[244] Therefore, researchers developed a nanojunction 

OECT for glucose monitoring that operates using naturally dissolved oxygen in solution as an 

electron acceptor (Figure 24b).[239] The small size of the OECT enabled the use of only a limited 

amount of oxygen, which is essential to provide a reliable signal for in vivo glucose monitoring 

independently of blood oxygen concentration. The enzyme (glucose oxidases, GOx) was 

adsorbed and immobilized on the CP film via crosslinking with poly(1,2-diaminobenzene) at 

pH 5 to catalyze glucose reduction and H2O2 formation. The produced H2O2 led to the oxidation 

of PAni from its insulating to conducting state, switching the device from OFF to ON. The 

OECT exhibited fast response (below 200 ms) and a detection limit in the micromolar range 

(enough to detect clinical glucose concentrations). 

In all these strategies the enzyme was entrapped in the polymer network via either 

electropolymerization or crosslinking. Other techniques, such as inkjet printing and spin coating 

have been used to produce biosensing electrodes and devices exhibiting good sensitivity and 

stability.[245,246] These methods are simple and cost effective, but all lack control over enzyme 

orientation and function preservation. Biofunctionalization strategies involving non-covalent or 

covalent interactions have been introduced to improve the CP/protein interface and maximize 

functionality (see section 2.4.).[247] Methods to generate biosensors via biofunctionalization 

exhibited improved performance in terms of specificity, stability and signal transduction. 

Researchers developed a PEDOT–poly(allylamine) (PEDOT–PAH) composite biosensor 

where the enzyme (GOx) is bound to the film surface through supramolecular interactions 

(Figure 24c).[240] Specifically, the primary amine groups of PAH were used to covalently anchor 

mannose motifs using the crosslinker divinylsulfone. Then, concanavalin A and GOx were 

immobilized on the surface through recognition-directed assembly. This strategy led to an 

overall 2.7-fold enhancement of the bio-electro-catalytic signal with respect to pure Au 

platforms. In certain cases, enzyme immobilization on or within the CP was not required to 
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produce efficient biosensors. Investigators developed an OECT biosensor having PEDOT:PSS 

as an active material and both glucose and GOx present in the buffer solution (Figure 

24d).[241,248] The working mechanism of this OECT relies on the production of H2O2 as a by-

product from the enzymatic reaction and its consequent reduction at the Pt gate electrode. To 

maintain charge neutrality, positive ions penetrate the active material leading to PEDOT 

reduction and switching the device OFF. 

Similar to section 6.1 for immunosensors, transistor-based biosensors were developed 

with enzymes anchored on the surface of the gate electrode. OFETs were produced with an 

extended (or floating) gate electrode (Figure 24e).[242,249] One part of the gate was functionalized 

with the enzyme and was placed into the analyte solution, while the other part was embedded 

into the transistor and separated from the organic semiconductor by a dielectric material. The 

redox processes initiated by the presence of analyte generated a potential shift on the extended 

gate electrode. This signal was transmitted through the gate to the OTFT side and led to changes 

in hole concentration in the organic semiconductor, which were detected as changes in drain 

current. 

Modification of the gate electrode with nanomaterials was used to improve the 

sensitivity in OECT-based biosensors. Researchers reported an OECT having PEDOT:PSS as 

an active material and a Pt gate modified with a chitosan/GOx/Pt nanoparticles composite.[250] 

The combination of OECT and gate functionalization with nanomaterials led to excellent 

detection limits, down to 5 nM of glucose. Another group investigated the incorporation of 

nanomaterial-CP composites as an active layer of OECTs to increase the sensitivity and 

detection limit in enzymatic biosensors for monitoring of neurotransmitters (i.e. glutamate and 

acetylcholine).[251] Two OECTs were produced with either choline oxidase or L-glutamate 

oxidase immobilized on the PEDOT:PSS/Pt nanoparticles active layer together with BSA by 

glutaraldehyde crosslinking. The developed OECTs lead to detection limits of 5 µM for both 

neurotransmitters: suitable for glutamate detection in extracellular fluids (µM range) but not 
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enough for the detection of acetylcholine (nM range). These studies demonstrate that the 

synergy between inorganic and organic materials can be used as a strategy to produce devices 

with improved performance with respect to the single components. 

6.3 DNA Biosensors 

In DNA biosensors, the biorecognition element is a single stranded DNA/RNA with a 

known sequence of bases. CPs in solution or film form have shown to efficiently transduce 

DNA pairing with a complementary strand (the analyte) into a measurable optical or 

electrochemical signal.[252,253] In homogeneous systems, where the sensing and transduction 

elements are dissolved in the analyte solution, changes in DNA hybridization are detected as 

variations in the emission and absorption properties of the CPE.[254–257] For example, 

researchers used bioconjugation of amine-functionalized single stranded DNA with a 

luminescent CPE on one side and a quencher on the other side (molecular beacon) to develop 

a highly sensitive and label-free probe for DNA detection (Figure 25a).[258] The CPE-DNA 

complex is not fluorescent due to the close proximity of the CPE to the quencher, which enabled 

FRET. Hybridization with a complementary DNA strand led to changes in DNA conformation, 

resulting in fluorescence recovery as the quencher moves away from the CP backbone. With 

respect to chemical labeling methods, these approaches offer the advantage of being simple, 

time-effective and cost-effective. 
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Figure 25. A) Poly(p-phenyleneethynylene)-based CPE (PPE-R1-COOH) was coupled with a 

single stranded DNA labeled with a quencher to form a “molecular beacon”. This was used to 

sense the presence of target DNA through changes in DNA conformation. Adapted with 

permission.[258] Copyright 2007, Wiley-VCH. B) Chemical structure of the CPE and changes 

in conformation upon interaction with a single stranded DNA probe and DNA hybridization 

with a complementary strand. Adapted with permission.[206] Copyright 2003, Nature Publishing 

Group. C) Structure and detection mechanism of a floating gate OTFT. Reproduced with 

permission.[259] Copyright 2013, Wiley-VCH. D) Structure and working mechanism of a 

photoelectrochemical OECT-based DNA biosensor. Reproduced with permission.[260] 

Copyright 2018, Wiley-VCH. 

 

CPs in film form were used to develop electrochemical biosensors-on-chips. The CPs 

were first electropolymerized to form a thin film, and then functionalized with oligonucleotides 

to produce biosensors.[261–264] Signal transduction was determined either by conformational 

changes of the CP backbone or changes in CP doping upon hybridization with the target 

oligonucleotide. These were detected by the chip as changes in the magnitude of current and/or 

shifts of the electrochemical potential peaks of the CP.  
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The optical properties of CPEs were used to develop fluorescence-based DNA 

biosensors. Researchers demonstrated a DNA chip that functions without the need for covalent 

attachment of the sensing element or labeling of the analyte (Figure 25b).[206] The method was 

based on changes of poly(3-[(S)-5-amino-5-carboxyl-3-oxapentyl]-2,5-thiophenylene 

hydrochloride) backbone conformation upon electrostatic and hydrogen bonding interactions 

with itself, single stranded DNA and upon DNA hybridization. These conformational changes 

led to an optical response that were detected via optical spectroscopy. The CPE-single stranded 

DNA complex exhibited remarkable selectivity, detecting single nucleotide mismatches 

between complementary DNA strands. The same group also fabricated DNA chips using 

surface energy patterning technique. Here, cholesterol-modified, dye-labeled DNA single 

strands were first physically adsorbed on the chip using a hydrophobic PDMS pattern and then 

incubated with the CPE to form DNA-CPE complexes (see section 2.4 for details regarding 

physical adsorption).[265] In this case, the role of the CPE was to act as an antenna, amplifying 

FRET emission upon DNA hybridization. 

Transistors were introduced to provide a direct electrical readout of biorecognition 

events as well as the amplification ability needed to improve the signal-to-noise ratio. First 

examples of OTFT biosensors for DNA involved a drying step of the analyte solution, which 

was required to ensure proper device function. Drying, as well as other factors (such as non-

uniformity of the films) led to a large variance, requiring several devices (more than ten) to 

obtain statistically accurate measurements.[266] In 2010, researchers demonstrated the first 

example of an OTFT capable of detecting DNA hybridization in situ.[267] In situ operation is 

advantageous as it enables analyte detection in its native environment as well as simplification 

of the sample preparation step. A thin layer of polymer dielectric was used between the gate 

and the semiconductor to enable device operation below 1 V, a necessary criterion to ensure 

OTFT stability in contact with aqueous solutions. The semiconductor surface was modified 

with a thin layer of maleic anhydride to allow covalent attachment of the biorecognition element 
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(peptide nucleic acid strands). The device detected DNA in concentrations as low as 1 nM. To 

improve the device performance limits originated from poor semiconductor stability in the 

presence of air or moisture, other groups developed DNA OTFTs with a floating gate electrode 

design.[216,217,259] The OFET-based biosensors led to a detection limit of 100 pM (Figure 

25c).[216,259] Moreover, the floating gate OTFT was able to selectively distinguish between a 

fully complementary sequence and one containing a single nucleotide polymorphism.  

In 2004, researchers introduced the first example of DNA biosensor based on an 

OECT.[268] The reported biosensor had the sensing element embedded within 

electropolymerized PEDOT active layer and enabled DNA detection for concentrations as low 

as 10 nM. Further studies demonstrated that immobilization of the biorecognition element at 

the gate electrode led to better sensitivity.[269] The sensing mechanism was based on 

modification of the surface potential at the gate electrode triggered by DNA immobilization 

and hybridization, which led to changes in the offset voltage. The sensitivity was 1 nM in steady 

state conditions and 10 pM upon the application of electric pulses at the gate electrode. Device 

stability in aqueous solutions enabled their integration within microfluidic systems, while 

operational stability led to preservation of their performance over several days. 

Researchers combined the amplification properties of an OECT with 

photoelectrochemical bioanalysis to develop organic photo-electrochemical transistors 

exhibiting a femtomolar detection limit (Figure 25d).[260] The working mechanism leverages 

changes in gate voltage upon exciton–plasmon interactions between Au nanoparticles 

covalently attached to the analyte and DNA-functionalized quantum dots anchored at the gate 

electrode surface. The high sensitivity is counterbalanced by the complexity of the device, 

which requires illumination as well as DNA labeling. 

6.4 Monitoring Analytes within Biological Fluids 

Detection of analytes in biological fluids leads to an additional level of complexity in 

the sensing process due to the number and diversity of components present. These substances 
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can interfere with the biosensing mechanism through non-specific adsorption (biofouling) on 

the biosensing surface of the chips.[270] Biofouling is mainly due to protein and peptides 

naturally present in biological fluids, which can initiate multiple hydrophobic or hydrophilic 

supramolecular interactions with the biosensing surface. These can elicit false read-outs or 

blockage of the biorecognition element, preventing binding with its target analyte. If the 

response generated by interferents is higher than the signal generated by analyte recognition, 

the sensor is unusable. Therefore, whenever a biosensor is intended for use in contact with the 

biological milieu, it is important to assess if and how its performance is affected by interferent 

species.  

Blood is a complex mixture made predominantly of plasma, a clear liquid rich in 

proteins, salts and other small molecules, red blood cells (erythrocytes), white blood cells 

(leukocytes) and platelets (thrombocytes). Blood contains several biomarkers (proteins or small 

molecules) that can be used to monitor human health; however, it also contains several 

components that can interfere with target analyte measurements 
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Figure 26. A) Schematic representation of the detection mechanism of gel-electrodes upon 

glucose binding. Adapted with permission.[271] Copyright 2018, Wiley-VCH. B) Schematic 

illustration of the amperometric sensor based on competitive binding of HRP-conjugated 

creatinine antibody with creatinine in blood sample. Adapted with permission.[272] Copyright 

2012, American Chemical Society. C) Illustration of the working principles of combined 

ELISA-electrochemical biosensor for detection of the protein fms-like tyrosine kinase (sFlt1). 

Reproduced with permission.[273] Copyright 2014, Wiley-VCH. D) Schematic representation 

the structure and working mechanism of an OECT with the enzyme uricase (UOx)-graphene 

oxide/PAni/Nafion-graphene on a Pt gate. Adapted with permission.[274] Copyright 2014, 

Wiley-VCH. E) Schematic representation of a recording platform integrating an OECT and 

microfluidics for in vitro epithelia cells monitoring. Adapted with permission.[275] Copyright 

2017, Nature Publishing Group. 

 

High glucose concentrations in blood are typically associated with diabetes. Point of 

care devices capable of monitoring glucose levels in blood are a necessity for patients to control 

their lifestyle choices and help them to manage their disease. Recent progress in OECT 
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biosensors led to devices with the selectivity and sensitivity needed to detect clinically relevant 

concentrations of glucose (0.5–20 mM) in blood-like complex media.[271] In contrast to most 

devices, where biorecognition is based on the reaction catalyzed by the enzyme GOx, the 

biosensing mechanism was based on an enzyme-free gate electrode capable of selectively 

binding glucose (Figure 26a). Glucose recognition led to changes in ion permeability at the gel 

gate electrode, which in turn modulated the OECT channel current. 

Creatinine is a small molecule blood biomarker associated with kidney disease. 

Investigators developed an organic immuno-assay for the detection of creatinine in blood 

(Figure 26b).[272] The biosensor was based on competitive binding of the HRP-conjugated 

creatinine antibody between creatinine embedded within the CP matrix and the creatinine 

present in the blood sample. Presence of creatinine within the blood led to a decrease in antibody 

binding to the CP surface, which was detected as a decrease in the measured current. 

Several CP-based biosensors focus on the detection of analytes in blood serum, which 

is defined as the portion of plasma that remains after blood clot formation. As such, blood serum 

does not contain blood components such as the cells or the plasma protein fibrinogen. 

Researchers developed fluorescence sensors based on an enzyme-H2O2-CPE system or D-

glucuronic acid-functionalized CP in aqueous solution for the detection of catecholamine and 

bilirubin in human serum, respectively.[276,277] The first system relied on fluorescence 

quenching of the CPE upon catecholamine conversion to quinone (the quencher) operated by 

HRP in presence of H2O2. The second sensor system was based on FRET between the CP 

backbone and the analyte upon its spontaneous binding with the D-glucuronic acid side groups. 

CP nanoparticles biofunctionalized with single stranded DNA were used to develop a label-free 

biosensor for the quantitative detection of DNA in serum.[278] Selectivity between 

complementary and non-complementary DNA strands as well as a detection limit in the 

nanomolar range were achieved with this method. Heterogeneous systems, based on 

immobilization of the sensing and transduction elements on a surface, have also been 
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demonstrated. One research group developed an electrochemical biosensor based on a 

composite made of electropolymerized PEDOT, palladium nanoparticles and GOx.[279] The 

glucose level in a human serum sample was determined to be within 3.24% in terms of accuracy, 

with respect to a commercial glucose meter. Researchers demonstrated also organic 

immunosensors with high sensitivity in serum media. The combination of ELISAs with OTFTs 

led to multi-analyte disposable sensors for the detection of specific biomarkers (Figure 26c).[273] 

The method leveraged ELISA with an enzyme and substrate capable of producing an 

electroactive (rather than the more standard colorimetric) response. GOx catalyzed the 

production of gluconic acid leading to a local decrease in pH, which was sensed by the OTFT. 

By changing the antibody, the method can be used for the detection of different analytes which 

can indicate the presence of a pathology, like preeclampsia (a pregnancy disorder). 

The use of saliva samples offers the opportunity to develop non-invasive and painless 

methods for the assessment of systemic disorders.[280,281] Enzymatic biosensors were developed 

for monitoring analytes in saliva, such as glucose and uric acid. Researchers designed a top-

gate OTFT with a nafion-GOx composite as a gate and separated from the P3HT active layer 

via a polyvinylphenol insulator.[282] Addition of the analyte on top of the device led to a cascade 

of events that, in presence of a gate bias above 0.7 V (vs. saturated calomel electrode), 

terminated with proton accumulation at the gate-insulator interface and modulated the channel 

current by field effect. Glucose was successfully monitored for concentrations as low as 8 µM, 

enough to demonstrate the suitability of the device as a salivary glucose sensor (8–200 µM). 

Chemical modification of the Pt gate in an OECT was used to develop salivary biosensor for 

uric acid exhibiting remarkable selectivity.[274] Graphene flakes were used to improve overall 

gate conductivity, while a PAni/Nafion composite was used to improve gate selectivity to H2O2. 

Nafion prevents the diffusion of negatively charged interferents, while PAni can repel 

positively charged molecules. Overall, the composite can prevent charged molecules and large 
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neutral molecules to reach the gate, which led to high selectivity and detection limit of 10 nM 

(Figure 26d). 

Another biological fluid that has attracted increasing attention as a potential target for 

biomonitoring is sweat. Sweat biosensors offer the advantage of continuous external and non-

invasive detection of biological analytes. However, one of the challenges resides in the design 

of strategies that can induce sweat production on demand for persons at rest (i.e. not performing 

any physical activity).[283] Another challenge is the development of flexible devices combining 

sensitivity with long-term stability. Biosensors shelf life can be dramatically improved by 

substituting biomolecules (which are inherently instable and prone to degradation) with 

different recognition elements (i.e. biomimetic components, as discussed in the introduction of 

Chapter 6). A research group produced an impedimetric sensor for lactate in sweat using poly-

3-aminophenylboronic acid film molecularly imprinted with lactate. The device exhibited 

detection limit of 1.5 mM, high selectivity also in presence of interferents (such as glucose) and 

preserved its performance also after 6 months storage.[284]  

To further expand this field towards real-life applications, integration of biosensors with 

closed-loop control systems is a desirable step. In addition to analyte sensing, this will allow to 

precisely control the release of a drug or stimulation in response to abnormal analyte 

concentrations (e.g. insulin release in response to high glucose levels). As a first step towards 

this direction, researchers developed a patch-based disposable platform for glucose monitoring 

(in concentrations between 10 µM and 1mM) in human sweat. The patch comprised a thermal 

actuation feedback that controlled drug delivery upon high glucose concentrations.[285] The 

patch comprised several devices for multipoint detection of glucose, humidity, pH, and 

temperature. CPs were used as active components for the humidity and pH sensors; however, 

porous Au was the material of choice for the transduction component of the glucose sensor. We 

envisage that further advances in CP-based devices in terms of stability and selectivity will 

increase the use of organic bioelectronic components in closed-loop control systems. 
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6.5 Cell Monitoring 

Another area of interest is the identification/sensing of living cells and tissues. Most of 

the biosensors developed for cell identification targeted detection of bacterial pathogens or 

cancer cells. Environmental monitoring of bacteria requires simple and cost-effective 

biosensors that can be implemented in low resource settings. Alternatively, diagnosis of 

bacterial infection requires accurate and fast analytical methods that can be used at the point of 

care.[286] Methods for identification of cancer biomarkers and cancer cells are highly in demand 

for early diagnosis and real-time monitoring of therapeutic outcomes.[287] 

Biosensors for cell identification use a biorecognition element to target specific 

molecules expressed on the surface of the cell membrane. An OECT immunosensor having 

anti-E. coli antibodies anchored on the surface of the active layer was used to detect E. coli in 

concentrations of 103 cfu mL-1 (real‐time polymerase chain reaction assay can detect 3.5 × 103 

cfu mL-1 in pure culture).[288,289] Another research group developed a PEDOT:PSS-based OECT 

for the identification of cancer cells via overexpressed sialic acid detection.[290] A poly(3-

aminophenylboronic acid) modified glassy carbon electrode was used to detect cancer cells via 

sialic acid-phenylboronic acid complex formation, leading to a detection limit of 4.0 × 103 cells 

mL−1 for human cancer HeLa cells (in contrast with 1 × 105 cells mL−1 for healthy endothelial 

cells). 

In contrast with cell-identification biosensors, cell-based biosensors have emerged as 

sensitive and simple tools to monitor the physiological effects of analytes in 2D and 3D cell 

culture (such as those discussed in Chapter 4).[291] Such biosensors use cellular mechanisms 

naturally present in living cells as the biosensing element. Changes in cell parameters caused 

by toxins, drugs or external stimuli are sensed by the cell machinery and then converted into an 

electronic signal by the transducer. EIS has been used to monitor changes in impedance that are 

consequences of cell-substrate events such as adhesion, growth, proliferation, cell-cell junctions 

and migration. PEDOT:PSS electrodes for cell-EIS provided lower impedance, higher 



  

110 

 

sensitivity, and faster equilibration times compared to conventional Au electrodes.[292] EIS has 

proven to be an effective technique to monitor both 2D and 3D cell culture models.[293] 

Monitoring 3D cell microstructures (i.e. spheroids) was rendered possible by incorporating an 

OECT with a microfluidic trapping device. Changes in spheroid resistance recorded by EIS 

were correlated to variations in their ionic permeability caused by differences in cell type or 

addition of a porogenic agent. 

Researchers used an in situ ice-templating technique to provide a more intimate contact 

between the 3D cell constructs and the CP, leading to 3D scaffolds combining high conductivity 

and improved cells adhesion (see subsection 4.1.1).[294] The scaffold has the double function of 

hosting and monitoring the cells, whose proliferation and detachment induced by chemical 

substances can be sensed as changes in overall scaffold impedance. 

Cell-surface interactions were also monitored via gate voltage shifts of an OECT.[295,296] 

Cells have a negative surface charge (zeta potential) of tens of millivolts. When cultured on top 

of the channel, the cells interacted with the active layer material (e.g. PEDOT:PSS) via 

electrostatic interactions. These electrostatic interactions led to a decrease of the potential drop 

at the CP/electrolyte interface, which was sensed by the active layer as a decrease in effective 

gate voltage and determined the increase of gate bias required to switch the device OFF. 

Human airway epithelial cells were integrated into an OECT to monitor transepithelial 

ion transport in real time.[297] These cells have specific proteins that form cell-cell junctions that 

bind each cell to its neighbor to form a monolayer. The cell layer allows passive diffusion of 

some solutes and active transport of others through transmembrane channel proteins (see 

Chapter 7). When cultured on the OECT channel, the cell layers led to a decrease in effective 

gate voltage which, in this case, was attributed to the cells´ ability to form a blocking layer 

between the channel and the gate. The research group used changes in channel current and gate 

voltage of the OECT to assess the effect of certain drugs on the transepithelial active transport 

from transport proteins.  
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Monitoring the integrity of such cell layers in vitro can be used to develop useful models 

for the toxicological, distribution (pharmacokinetics) and function (pharmacodynamics) studies 

of new drugs or pathogens as well as for the study of fundamental questions behind the 

mechanism of diseases that affect these features.[298–300] Integration of OECTs within in vitro 

cell culture models, so called Organ-on-Chips, led to platforms capable of monitoring cell status 

in conditions that mimic their native environment (Figure 26e).[275] Combined optical and 

electronic monitoring was used to provide the chips with the sensing capabilities needed to 

assess different parameters, such as protein expression, cell integrity and glucose uptake. 

 

7. Molecular Bioelectronics 

Organic bioelectronic electrodes and devices use the mixed electronic-ionic transport of 

CPs to translate ionic processes occurring in aqueous solutions, cells and tissues to electronic 

transport in human-made technology and vice versa. The world of the living uses biomembranes 

as an active barrier to separate the intracellular spaces, where the molecular machinery of the 

cell is found, from the outer environment. The main components of biological membranes (i.e. 

biomembranes) are phospholipids (Figure 27a): amphipathic molecules possessing a polar 

head group and two hydrocarbon tails. Phospholipids self-assemble in aqueous solutions to 

form lipid bilayers where the hydrophobic tails are shielded from water by the hydrophilic heads. 

The lipid bilayer is permeable to small uncharged polar molecules (e.g. ethanol, urea etc.) and 

gases (e.g. oxygen, nitrogen, carbon dioxide etc.), but it is impermeable to ions and large polar 

molecules.[301] Ions and charged molecules are selectively transported across the bilayer by 

membrane transport proteins: one of the main players in cell communication with the outer 

environment.  
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Figure 27. A) Structure and melting temperature of phospholipids with zwitterionic head group 

and saturated alkyl chains (dipalmitoylphosphatidylcholine, DPPC), zwitterionic head group 

and one mono-unsaturated alkyl chain (palmitoyloleoylphosphatidylethanolamine, POPE), 

zwitterionic head group and two mono-unsaturated alkyl chains (1,2-dioleoyl-sn-glycero-3-

phosphocholine, DOPC), anionic head group and mono-unsaturated alkyl chains (1,2-dioleoyl-

sn-glycero-3-phosphate sodium salt, DOPA), and cationic head group and mono-unsaturated 

alkyl chains (1,2-dioleoyl-3-trimethylammonium-propane chloride salt, DOTAP). B) 

Schematic representation of the main types of CPEs and COEs that have been integrated within 

biomembranes. C) Schematic representation of the possible interactions between a positively 

charged thiophene-based CPE (poly(3-(6-trimethylammoniumhexyl)thiophene), P3TMAHT), 

a negatively charged thiophene-based CPE (poly[3-(6-sulfothioatohexyl)thiophene], 

P3Anionic) and a zwitterionic thiophene-based CPE (poly[3-(N-(4-sulfonato-1-butyl)-N,N-

diethylammoniumhexyl)-2,5-thiophene], P3Zwit) with DPPC vesicles. Reproduced with 

permission.[302] Copyright 2012, American Chemical Society. D) DSBN+ orientation within the 

bilayer of multilamellar DMPC lipid vesicles can be observed as changes in emission intensity 

upon irradiation with polarized light. Adapted with permission.[303] Copyright 2010, American 

Chemical Society. 

 

Among these proteins, voltage-gated ion channels (e.g. sodium, potassium etc.) attracted 

a great deal of attention in the bioelectronic community due to their role in the generation and 

propagation of action potentials in electrogenic cells. Another example is the proton pump in 

electron-transport chains (ETC). ETCs are used in photosynthesis and cellular respiration to 

http://allie.dbcls.jp/pair/P3TMAHT;poly(3-(6-trimethylammoniumhexyl)thiophene).html
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produce vital molecules such as ATP, the primary energy storage molecule of cellular processes. 

Proton pump proteins utilize redox processes to capture electrons from donor molecules, 

transport them across the ETC and donate them to acceptors, thereby building up an 

electrochemical proton gradient across the bilayer. An interface between human-made 

electronics and native ETCs found in cells would offer new opportunities to exploit biological 

processes for energy production.  

Researchers specifically designed synthetic electrogenic molecules, including CPs, to 

interact or integrate within the cell membrane to modulate existing cellular mechanisms (e.g. 

electronic and ionic transport) or to provide biomembranes with new functions.[304] The 

chemical structure of CPs determines their specific function and membrane-integration capacity. 

Several studies demonstrated that CPEs are capable of efficiently integrating within the lipid 

bilayer to provide de novo properties (e.g. luminescence), or modify existing functions.[305,306] 

Conversely, CPE interactions with the cell membrane can also lead to its disruption; a 

mechanism that can be used in new antimicrobial or anticancer agents (see section 7.4).[307,308] 

For either scenario, it is important to understand how CPs affect the stability of biomembranes 

and which structures can be used to deliver the desired outcome. 

In addition to the fact that CPs can affect the properties of the biomembrane, different 

compositions of the lipid bilayer can lead to changes in CP structure and conformation. 

Therefore, another aspect to consider is how the physicochemical properties of the lipid bilayer 

affect the function and optoelectronic properties of the CP. Researchers used these processes to 

develop optical probes to detect changes in biomembrane organization.[309] 

This Chapter is divided as follows: in sections 7.1 and 7.2, we will focus on CP-

biomembrane interactions with particular attention to the effect of CP integration on 

biomembrane properties and vice versa. In each sub-chapter we will first discuss simple systems 

(i.e. model lipid membranes) and then move to microorganisms and mammalian cells. With the 

term microorganisms we include both prokaryotic (e.g. bacteria) and monocellular eukaryotic 
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organisms (e.g. yeast cells). Then, in sections 7.3 and 7.4, we will focus on applications of CPs 

at the molecular scale and on how their optoelectronic properties have been used to aid 

phototransduction, to specifically eliminate bacteria over mammalian cells, and to enhance 

current generation in living cells-electrodes interfaces. 

7.1 Organic Conductors → Biomembranes 

To date, most of the CPs that were interfaced/integrated within biomembranes were 

either CPEs with hydrophobic conjugated backbone and charged, covalently bounded side 

groups or COEs with hydrophobic conjugated backbone and polar end-capping groups (Figure 

27b). Investigators showed that the chemical structure of the hydrophobic backbone as well as 

the distribution and charge of the side groups affect the interactions with the phospholipids 

composing the bilayer. However, studies on living cells are complicated by the fact that the 

exact composition and complexity of biological membranes varies between organisms, cellular 

types, and sub-compartments. Moreover, the lateral heterogeneity of biomembranes at the 

microscale makes controllable studies of the specific mechanisms behind molecules-

phospholipids interactions very challenging.[310] Alternatively, researchers used synthetic 

model lipid membranes (i.e. supported lipid bilayers, lipid monolayers and liposomes), custom-

made of one or more phospholipids, as a simple and well-controlled model to study the 

biophysical interactions between the lipid bilayer and synthetic molecules (e.g. CPs and drugs). 

7.1.1. Model Lipid Membranes 

Liposomes are synthetic lipid vesicles made of one or more phospholipids (Figure 27a). 

Liposomes made of zwitterionic phospholipids are generally used to model mammalian cell 

membranes, which are rich in phospholipids with phosphatidylcholine (PC), phosphatidylserine 

(PS), and sphingomyelin (SM) head groups.[311] In contrast, the microbial cytoplasm membrane 

is better represented by lipid vesicles made of E. coli total lipid extract or of anionic 

phospholipids.  
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Electrostatic forces play a key role in determining CPE-biomembrane interactions. As 

an example of electrostatic repulsion, two research groups showed that anionic CPEs possessing 

sulfonate or carboxylic side groups do not interact or integrate within the biomembrane of 

vesicles made of negatively charged phospholipids (such as 1,2-dioleoyl-sn-glycero-3-

phosphate, DOPA).[312,313] In contrast, anionic CPEs strongly interact and embed within 

liposomes made of positively charged phospholipids (e.g. 1,2-dioleoyl-3-trimethylammonium-

propane chloride salt, DOTAP).[313] Moreover, the investigators demonstrated that interaction 

of CPEs with liposomes made of oppositely charged phospholipids can induce vesicle fusion. 

The effect was related to the chain length of the CPEs, where no fusion was observed for short 

CPEs. Results on interaction between an anionic thiophene-based CPE having sulfothioate side 

groups (P3Anionic) and liposomes made of zwitterionic phospholipids (such as DOPC or 

DPPC) showed partial embedding of the CPE within the bilayer (Figure 27c).[302] The authors 

postulated a mechanism based on a balance of attractive and repulsive forces.[314] The attractive 

forces could be established between the anionic CPE and the ammonium groups of the 

phospholipids exposed to the solvent, whereas between the hydrophobic regions of the bilayer 

and the polar groups of the CPE repulsive forces are likely. The length of the CPEs also 

determines the CPEs-liposomes interaction, with short CPEs more capable of insertion within 

the bilayer than long CPEs.[313]  

As shown for anionic CPEs, electrostatic interactions play a key role in the association 

between cationic CPEs and vesicles made of oppositely charged phospholipids. Researchers 

used a dye-leakage assay to assess the perturbation activity of poly(phenylene ethyneylene) 

(PPE)-based CPEs towards anionic lipid vesicles.[312] The results showed perturbation and dye 

leakage up to 20%, depending on the nature and size of the side chains. In a subsequent study, 

the group found that the disruption activity of the CPEs on vesicles made of anionic 1,2-

dipalmitoyl phosphatidylglycerole (DPPG) phospholipids was inversely proportional to the 
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number of monomer units.[315] No dye leakage was observed for vesicles made of zwitterionic 

phospholipids, confirming that the interaction was predominantly electrostatic in nature. 

The study further revealed that a CPE with bulky side chains comprising both charged 

1,4-diazabicyclo[2.2.2]octane (DABCO) groups and terminal alkyl chains led to dye release in 

vesicles made by both cationic or zwitterionic phospholipids.[312] This broad spectrum of 

membrane perturbation activity was ascribed to the high charge density of the DABCO groups 

as well as the ability of the hydrophobic alkyl chains to facilitate interactions with the acyl tails 

of phospholipids in similar manner as detergents. Cationic CPEs possessing smaller side chains 

and flexible thiophene backbone (such as P3TMAHT) showed minimal penetration within the 

bilayer of zwitterionic vesicles (Figure 27c), which was explained by the electrostatic repulsion 

with the external ammonium groups of DPPC phospholipids.[302] 

In contrast to charged CPEs, zwitterionic CPEs do not have a net charge and their 

interaction with vesicles made of zwitterionic phospholipids are dominated by hydrophobic 

effects. For example, data on (P3Zwit) suggested that it can fully penetrate within the 

zwitterionic bilayer of DPPC vesicles (Figure 27c).[302] 

Investigators recently introduced hydrophobic CPEs with EDOT or thiophene backbone, 

sulfonate side groups and ammonium counterions (Figure 27b).[305] The non-polar alkyl chains 

of the counterions play a key role in CPEs hydrophobicity, leading to CPE:ammonium 

complexes soluble in organic solvents, such as chloroform. The CPE:ammonium complexes 

were successfully intercalated within the biomembrane of vesicles composed of zwitterionic 

phospholipids without disrupting the lipid bilayer, as demonstrated by confocal microscopy 

images (for lipid:CPEs compositions up to 10:1).[305,309] However, the exact conformation of 

the CPEs within the bilayer remains elusive. 

COEs with end-capping charged groups and no side groups can interact with 

phospholipids both via hydrophobic and electrostatic interactions (Figure 27b). COEs with rod-

like PPE backbone, length comparable with the thickness of the lipid bilayer (∼3.5-4.0 nm) and 
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positively charged end-capping groups led to membrane disruption both in vesicles made of 

zwitterionic DOPC/cholesterol and anionic phospholipids.[311,312] The investigated compounds 

share a rod-like, linear structure, which the research group suggested to be the leading cause for 

their high disruption activity. 

In contrast with PPE-based COEs, COEs with a conjugated distyrylstilbene backbone, 

length close to the thickness of lipid bilayers and end-capped with polar quaternary ammonium 

salts (1,4-bis(4′-(N,N-bis(6′′-(N,N,N-trimethylammonium)hexyl)amino)-styryl)benzene 

tetraiodide, DSBN+ and 4,4′-bis(4′-(N,N-bis(6′′-(N,N,N-trimethy- lammonium)hexyl)amino)-

styryl)stilbene tetraiodide, DSSN+) did not led to membrane disruption.[303] DSSN+ and 

DSBN+ incorporation within lipid vesicles made of the zwitterionic phospholipids 1,2-

dimyristoylphosphatidylcholine (DMPC) or DPPC was confirmed by confocal microscopy and 

cryo-transmission electron microscopy (for COEs concentration up to 5 mol % with respect to 

total lipid concentration). Confocal microscopy coupled with a polarized excitation source was 

used to probe the preferred orientation of the primary transition dipole along the molecular axes 

of DSBN+ and DSSN+ and determine the favored alignment of their conjugated backbone 

perpendicular to the biomembrane plane (Figure 27d). 

The investigators used molecular dynamics simulation to underpin the effect of COEs 

structure (such as chain length and fluorine substituents on the backbone) on membrane 

perturbation.[316] The model was constructed for a bilayer made of both anionic POPE (75 

mol%) and palmitoy- loleoylphosphatidylglycerol (POPG, 25 mol%): the two main lipids found 

in the E. coli cell membrane. Results showed that COEs having a backbone shorter than the 

thickness of the bilayer (i.e. three monomer units instead of four) cause localized membrane 

thinning. The authors attributed this effect to the interaction between the positively charged 

ammonium groups of the COEs and the anionic phosphate head groups of the phospholipids, 

which results in COE attraction towards the center of the bilayer. Increasing the number of 

COEs from one to four molecules aggravated the effect, leading to an overall decrease in 



  

118 

 

membrane integrity. Moreover, they found that fluorination of the central benzene monomer 

unit in DSBN+ backbone decreased COEs aggregation within the bilayer and alleviated 

membrane thinning.[316] This was attributed to a greater range of COEs movement across the 

bilayer generated by the polarity of the fluorine atoms. 

DSSN+ was modified with either carboxylate (DSSNcarb) or pyridinium (DSSNpyr) 

groups to investigate the influence of the nature and charge of end-capping groups on COE 

incorporation in lipid vesicles.[317] Both COEs intercalated within the biomembrane of 

liposomes made of E. coli lipid extract; however, the anionic DSSNcarb was unable to 

incorporate within the biomembrane of live E. coli. This was attributed to the layer of negatively 

charged lipopolysaccharides that surrounded the outer membrane of E. coli and prevents 

DSSNcarb intercalation within the bilayer via electrostatic repulsion. 

An important outcome of this study is the indication that simple lipid membrane models 

can be insufficient to fully model the intercalation of COEs within the biomembrane of living 

systems. Therefore, in subsections 7.1.2 and 7.1.3 we will discuss CPE and COE 

interaction/intercalation with the biomembrane of living cells. 

7.1.2. Microorganisms 

Microorganisms, or microbes, are a category of microscopic organisms existing as 

single cells or as a colony of cells. These comprise both prokaryotes, such as bacteria, and 

eukaryotes, like fungi (including yeast cells), protozoa and algae. Most microorganisms, with 

exception of protozoa and some bacteria, have a cell wall in addition to their cell membrane. 

The cell wall provides them with structural support as well as protection. A research group 

tested the membrane intercalation activity of a poly(phenylene vinylene) (PPV)-based CPE 

having positively charged ammonium side groups (PPV-NMe3
+) on gram-positive bacteria, 

gram-negative bacteria and fungi.[318] These three categories of microorganisms feature entirely 

different cell wall architectures, which is likely to affect CPE-microorganism interactions 

(Figure 28a). 
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The cell wall of fungi consists of a biomembrane surrounded by an external layer mainly 

composed of chitin, β-glucans and mannoproteins. Gram-negative bacteria (e.g. E. coli) have 

an outer membrane, which is separated from the inner membrane by a peptidoglycan network 

and it is surrounded by a layer of anionic lipopolysaccharides. Gram-positive bacteria (e.g. 

Bacillus subtilis) have a peptidoglycan network surrounding their single plasma membrane. 

Regardless of these differences, all microorganisms have a negatively charged cell wall. The 

research group found that PPV-NMe3
+ interacts with the cell envelope of all these kinds of 

microorganisms.[318] However, the nature of the interaction depends on the chemical structure 

of the cell surface. Binding to gram-negative bacteria and fungi is mediated by electrostatic 

interactions, while intercalation within the cell wall of gram-positive bacteria is promoted by 

hydrophobic effects. In this study, the effects of CPE administration on biomembrane integrity 

was not investigated. 

 

 
Figure 28. A) Schematic representation of the different cell envelope structures for gram-

positive bacteria, gram-negative bacteria and fungi. Reproduced with permission.[318] Copyright 

2014, Wiley-VCH. B) Confocal images of DSSN+ incorporated in the biomembrane of (i) E. 
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coli, (ii) yeast cells, and (iii) mammalian cells. Reproduced with permission.[319] Copyright 

2014, American Chemical Society. C) Confocal images of (i) hydrophobic CPE blend and (ii) 

COE blend exhibiting different emission properties in phase-separated giant unilamellar 

vesicles. Reproduced with permission.[309,320] Copyright 2016, Wiley-VCH and 2016, Royal 

Society of Chemistry. D) Illustration of the cathode of photoelectrochemical devices 

comprising vertically aligned photosynthetic membrane proteins within a biomembrane and 

DSSN+ within a tethered lipid membrane on a metal electrode. Adapted with permission.[321] 

Copyright 2016, Royal Society of Chemistry. E) Illustration of a photoelectrochemical device 

using FRET between vertically aligned DSSN+ and Nile red dye. Reproduced with 

permission.[322] Copyright 2013, American Chemical Society. F) Schematic representation of a 

bioconjugation reaction leading to CP nanoparticles docking on the cell membrane. Adapted 

with permission.[323] Copyright 2017, Royal Society of Chemistry. G) Schematic representation 

of the proposed mechanism of CPE and COE interaction with the cell envelope of E. coli. 

Reproduced with permission.[324] Copyright 2012, American Chemical Society. 

 

CPE and COE luminescence is a useful tool to trace their location after delivery to living 

cells. Confocal microscopy showed that the end-capped COEs DSSN+ and DSBN+ can 

intercalate within the cell membrane of yeast cells.[303] Researchers attributed the absence of 

background fluorescence to the low quantum efficiency of these COEs in aqueous solution. 

Both COEs were retained within the cell membrane of subsequent generations of cells, 

demonstrating that the yeast cells reproduce after COE incorporation. 

In a subsequent study, the group investigated the effect of the chemical structure and 

position of charged groups on COE-microorganisms interface.[319] Confocal images of E. coli 

in contact with DSSN+ showed a distinct luminescent pattern around the edge of the cells, 

consistent with its intercalation within the cell membrane via both hydrophobic and electrostatic 

interactions (Figure 28b). Contrastingly, benzothiadiazole/dithiophene backbone and 

pyridinium side groups (ZCOE) led to a diffuse and weak luminescent pattern around the cell 

membrane of E. coli. This was attributed to ZCOE association with the outer surface of the 

negatively charged bilayer. In contrast to the ability of DSSN+ to integrate within cell 

membrane of yeast cells (Figure 28b), ZCOE exhibited only intracellular staining of yeast cells 

having a compromised, permeable membrane. 

7.1.3. Mammalian Cells 
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In contrast to most microbial cells, mammalian cells do not have a cell wall, but only a 

plasma membrane composed primarily of phospholipids, cholesterol and membrane proteins. 

These eukaryotic cells have several compartments (organelles) designated to carry out specific 

functions essential of the cell´s survival. Delivery of CPEs to mammalian cells can lead to 

multiple interactions with the plasma membrane and/or the different entities within the cell. 

Investigators used polythiophenes having either cationic, anionic or zwitterionic 

covalently bounded side groups to test the effect of side groups charge on CPEs targeting of 

different cell components.[325] The cationic and zwitterionic CPEs exhibited specific interaction 

with nucleic acids in cell nuclei and chromosomes, while the anionic CPE did not bind to 

nucleic acid, suggesting that electrostatic repulsion prevents binding of this CPE. 

These data were acquired using fixed cell microscopy, where cell fixation is used to 

preserve the cellular structure during processing and imaging. However, from the study 

emerged that CPEs interaction with cell components depends on the kind of fixative used. For 

example, all CPEs were found in the cytoplasmic vesicles of cells fixed with acetic alcohol and 

acid formalin alcohol, but not with paraformaldehyde. 

Live cell imaging provides a reliable and real-time observation of cellular structures but 

entails the challenge of preserving cell viability while acquiring quality images. Within the 

series of CPEs studied by the research group, only polythiophene acetic acid (PTAA) showed 

the long-term stability in neutral pH solution and lack of toxicity needed for live cell imaging. 

PTAA displayed different interaction patterns when delivered to either fibroblasts or malignant 

melanoma cells.[326] The authors suggested that when delivered to fibroblasts, PTAA interacts 

first with the extracellular matrix protein fibronectin, and then is internalized through a 

fibronectin mediated mechanism. Confocal images after 24 hours showed that PTAA was 

completely internalized and partially associated with lysosomes. On the contrary, in melanoma 

cell PTAA was immediately (after 1 hour) internalized through simple diffusion or with the aid 

of a molecular transporter to reach a non-identified intracellular target. 
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In contrast to cationic polythiophenes, PPE-based CPEs with quaternary ammonium 

groups did not stain the nuclei of fibroblast cells, but internalized in cytoplasmic vesicles.[327] 

The authors suggested an internalization method initiated by CPE interaction with the 

negatively charged proteoglycans of the extracellular matrix. The PPE-based CPE having 

carboxylic side groups exhibited a similar trend to PTAA, strengthening the hypothesis that the 

interaction between fibronectin and anionic CPEs in fibroblasts is mediated by electrostatic 

interactions.  

Another team acquired confocal images of ZCOE delivered to green monkey kidney 

cells. The images showed first an emission pattern peripheral to the cells, consistent with 

binding to the plasma membrane, followed by internalization after ~12 hours.[319] Co-staining 

with LysoTracker Green exhibited good overlap, indicating that ZCOE is internalized in acidic 

compartments (e.g. late endosomes and lysosomes). Instead, DSSN+ first bound to the plasma 

membrane and after 12 hours it was found both in the cell membrane and lysosomes (Figure 

28b). Overall, these studies revealed that only COEs with end-capping groups and thickness 

comparable with the bilayer exhibit persistent staining of the cytoplasmic membrane of 

mammalian cells upon incubation.  

Confocal images of DSSN+ interaction with cancer HeLa cells showed COE 

localization within the plasma membrane as well as the biomembrane of internal compartments 

(i.e. the endoplasmic reticulum, the Golgi apparatus and the external part of mitochondrial 

membranes).[328] None of the studied end-capped COEs exhibited staining of the nuclei, even 

though electrostatic interaction is expected to occur with positively charged COEs (as 

previously shown in this section). The research group attributed the absence of emission to the 

low hydrophobicity of the environment within the nuclei, which might lead to quenching of 

COE emission (see subsection 7.1.2).  

Investigators also tested the effects of DSSN+ modifications in chain length (3, 4 and 5 

monomer units) and concentration (from 1 to 20 µM) on viability of a non-carcinogenic cell 
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line (HEK293T) and two malignant lines (K562 and HeLa).[329] The longer COEs exhibited 

little changes in toxicity upon increases in concentration, while the short COEs led to a 

significant decrease in viability already at 10 µM, consistent with the molecular dynamics 

simulation studies discussed in subsection 7.1.1. For longer COEs, the nature of the charged 

groups (trimethylammonium vs. carboxylate) plays a limited role in toxicity.[328] 

In some cases, the nature of the end-capping group can be crucial in determining COEs 

toxicity. Cytotoxicity of a dithienothiophene-based COE on Madin-Darby Canine Kidney 

(MDCK) cells was attributed to the chemical instability of its aldehyde and thienyl ester end-

capping groups.[330] The side chains of CPs can also be tailored to enable selective targeting of 

certain cells through specific ligand-receptor interactions.[331,332] Folate receptors are 

overexpressed on the cell surface of many cancer cells, whereas normal cells have limited 

expression. Researchers developed folate-substituted poly(p-phenyleneethynylene)-based CPs 

capable of specific binding to these receptors and consequently be internalized through 

endocytosis pathway. Thiophene-based COEs with D(+) and L(-) mannose end-capping groups 

showed different internalization times in myeloid cells, explained by the positive interaction of 

the D(+) enantiomer with D-(+)-mannosidic scavenger receptors. 

7.2 Biomembranes → Organic Conductors 

In section 7.1. we showed that the chemical structure of CPs has a profound impact on 

the stability of lipid bilayers as well as toxicity on living cells. Moreover, their molecular 

structure impacts the kinetics and the route of internalization as well as the compartments 

targeted in mammalian cells. In this section, we will explore the reverse phenomena – how 

changes in the physical state of the biomembrane affect the optical and charge transport 

properties of the CPs. 

7.2.1. Model Lipid Membranes 

Changes in the environment surrounding CPs (e.g. solvent, pressure, temperature etc.) 

lead to modifications in their backbone conformation and conjugation length, giving rise to 
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different optoelectronic properties. In the same way, when embedded within a biomembrane, 

changes in the lateral organization of the phospholipid bilayer have an impact on the CP 

conformation. 

The physical state of a lipid bilayer is determined by its phospholipid composition. Each 

phospholipid is characterized by a phase transition temperature or melting temperature (Tm), 

defined as the temperature at which the phospholipid undergoes a transition from an ordered, 

rigid state to a fluid state (Figure 27a). This parameter primarily depends on the number of 

unsaturated bonds on the alkyl tails of the phospholipids; the higher the number of unsaturated 

bonds, the lower the melting temperature. For example, DPPC has no unsaturated bonds and a 

Tm of 41 ºC, while DOPC has two unsaturated bonds (one for each alkyl tail) and a Tm of −17 

ºC. Below the Tm, the lipid bilayer is in a solid, gel-ordered phase (So), while above the Tm, it is 

in a fluid liquid-disordered phase (Ld).  

Moreover, additives can modify the physical state of the bilayer. For example, high 

concentrations of cholesterol lead to a comparably ordered liquid-crystalline phase (the liquid 

ordered Lo phase). Due to the different affinity of phospholipids for cholesterol, it is also 

responsible for phase separation in lipid bilayers made of two or more phospholipids. 

CPEs interacting with model lipid membranes through electrostatic interactions have 

shown to be sensitive to the structural changes occurring in the lipid bilayer upon phase 

transition. For example, data on a polyfluorene-based CPE with trimethylammonium side 

groups showed that electrostatic attraction mediate the interaction with the head groups of 

anionic dimyristoylphosphatidylglycerol sodium salt (DMPG) liposomes.[333] Increasing the 

temperature from 10 ºC to 40 ºC led to a blue shift in its emission maximum of Δλem = −6 nm, 

caused by the sensitivity of the CPE to changes in lipid phase around Tm,DMPC = 24 ºC.  

Charged CPEs are also sensitive to the phase transition of biomembranes made of 

zwitterionic phospholipids. Researchers investigated the effects of phase transition in vesicles 

made of zwitterionic DPPC phospholipids on the emission properties of P3Anionic interacting 
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with the bilayer (see subsection 7.1.1). They observed an increase in emission intensity and 

blue shift in emission maxima of Δλem ~ −35-40 nm upon DPPC transition from So to Ld phase 

due to a higher CPE chain flexibility and lower aggregation in the most fluid state. 

Other researchers evaluated the changes in the optical properties of hydrophobic 

polyelectrolytes and hydrophobic polyelectrolyte blends upon modification of lipid 

composition and physical state of the lipid bilayer. Poly(6-(thiophen-3-yl)hexane-1-sulfonate) 

PTHS:dioctyl ammonium complex exhibited little changes in emission and excitation maxima 

upon phase transition as well as modification in lipids composition, indicating little sensitivity 

to the lateral organization of the bilayer. However, ammonium complexes of PTHS:poly(4-

(2,3-dihydrothieno-(3,4-b)-(1,4)dioxin-2-yl-me-thoxy)-1-butanesulfonicacid (PEDOT-S) 

blends exhibited exquisite sensitivity to both temperature-induced phase transition and lipid 

composition (e.g. coexisting Lo and Ld phases in giant unilamellar vesicles, Figure 28c). The 

blend PTHS:PEDOT-S(1:3):(Oct)2NH2, for instance, exhibited fluorescence quenching and red 

shifts in excitation and emission maxima up to Δλex = +74 nm and Δλem = +31 nm, respectively, 

upon phase transition from Ld to So. These changes were consistent with an increase in PTHS 

backbone planarity and higher π-π stacking between the two CPEs in the stiff So phase (Figure 

28c).  

Another group synthesized COEs with mannose end-capping groups and thiophene-

based backbone having different emission properties depending on their aggregation state.[332] 

In aqueous solution they formed aggregates exhibiting a non-structured fluorescence emission 

band. COEs incorporation in LUVs (large unilamellar vesicles) made of egg yolk 

phosphatidylcholine (Tm ~ -15ºC) at room temperature led to an increase in emission intensity 

and a blue shift of emission maxima of Δλem = -74 nm due to COEs dissolution. Incorporation 

in multilamellar vesicles made of DMPC (Tm ~ 25ºC) led to the formation of two blue-shifted 

emission maxima consistent with additional disaggregation in the So membrane. 
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Researchers introduced COEs having donor and acceptor end-capping groups as 

polarizable and planarizable probes to sense the physical state of the biomembrane.[334] The π 

acceptor and π donor units at each end of the COEs backbone rendered them sensitive to 

biomembrane polarity, while the side methyl groups were responsible for the deplanarization 

of the conjugated backbone and sensitivity to lateral packing. Decrease in membrane fluidity 

led to the planarization of the conjugated backbone, an increase in the conjugation length and a 

consequent red-shift of COEs excitation and emission maxima. The investigators showed that 

the COE with the highest push-pull strength could be used to monitor (via changes in 

fluorescence emission at a specific wavelength) the build-up of membrane potential upon the 

addition of the potassium-carrier valinomycin as well as membrane depolarization in response 

to addition of melittin (a peptide responsible for membrane lysis). This study suggests that 

COEs can be designed to probe changes in membrane potential. 

The same research group explored modifications of the position and number of the 

methyl substituents on the thiophene backbone to test the effect of deplanarization on shifts in 

emission and excitation maxima of the COEs upon DPPC LUVs phase transition.[335] Results 

indicated that the COEs having intermediate planarization in the Lo and So phase, but not in the 

Ld phase, led to the largest shifts upon phase transition. COEs having weak planarization did 

not lead to enough sensitivity, while highly deplanarized COEs exhibited small shifts as 

complete planarization became impossible. They also investigated effects of chain length on 

COE sensitivity.[336] Red shifts in excitation maxima upon COE planarization were independent 

of the number of monomers. Alternatively, shifts in emission maxima were higher for the 

intermediate-length, four-monomer COEs, due to their higher transition dipole moment. A 

decrease in the number of monomers led to a lower dipole caused by a shorter conjugation 

length, while from quater- to quinquethiophene, the distance between donor and acceptor 

became too large for efficient intrachain charge transfer. Moreover, an increase in the 

conjugation length determined both a decrease in quantum yield and a higher sensitivity 
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towards oxidation, making the quaterthiophenes the best candidates to sense and report changes 

in membrane organization.  

Substitution of the terminal thiophene monomer with a EDOT resulted in a COE 

combining deplanarazing S-CH repulsion and planarizing S-O attraction from the 

ethylenedioxy group of the EDOT unit and the sulfur of the adjacent thiophene unit.[337] The 

structural changes led to a probe exhibiting high thermochromism and low excitation shifts 

upon phase transition in DPPC vesicles. Transition from So to Ld was detected as changes of 

intensity of the red-shifted excitation shoulder of the COE. 

Investigators combined two or more COEs with tailored backbones and functional 

groups to amplify COE sensitivity to bilayer physical state via FRET (Figure 28c).[320] The 

blend contained a thiophene-based COE donor and a dithienothiophene-based COE acceptor. 

The donor COE was insensitive to the physical state of the bilayer, while the acceptor COE 

exhibited a red shift in the excitation spectra upon an increase of the lateral order but without 

shifts in emission maximum. The combination of the two COEs led to translation of excitation 

shifts in emission shifts by FRET. This effect resulted from COE backbone planarization 

leading to higher proximity of groups in the highly packed So phase. 

Other investigators demonstrated that the physical state and composition of the bilayer 

also affect the electrochemical properties of the COEs. They investigated the effects of 

cholesterol, cholic acid and choline on the electrochemical activity of DSSN+ embedded in 

supported lipid bilayers made of zwitterionic DMPC phospholipid.[338] Cholic acid is a 

negatively charged molecule that incorporates itself in the bilayer in proximity to the 

hydrophilic phospholipids headgroups. The main effect of cholic acid is to promote chain 

disorder and increase membrane permeability. The researchers showed an increased DSSN+ 

incorporation in the bilayers containing cholic acid, which was explained by attractive 

electrostatic interactions between the ammonium groups of DSSN+ and carboxylic group of 

cholic acid. On the contrary, choline chloride introduces a positive charge near to the 
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phospholipids headgroups. In this case, DSSN+ uptake was not affected but the biomembrane 

exhibited lower charge permeability, probably due to a change in distribution of DSSN+ within 

the bilayer. Addition of cholesterol has a double effect on the bilayer: low concentrations 

increases membrane fluidity, while high concentrations lead to an increase in membrane rigidity. 

Addition of cholesterol did not affect the amount of DSSN+ incorporated in the bilayer but 

improved the ability of DSSN+ to increase charge permeability. This was explained by 

modification of the conformation and arrangement of DSSN+ in the bilayer. 

7.2.2. Living Cells 

As previously mentioned in section 7.1, the lipid composition of biological membranes 

varies between cell types as well as throughout intracellular compartments of eukaryotic 

cells.[339] Investigators observed spectral alternations of CPEs upon association with different 

entities in mammalian cells (e.g. cytoplasmic vesicles).[325] The spectral changes were attributed 

to variations in backbone conformation and/or aggregation of the CPE chains in the different 

cell compartments. Another group found that dithienothiophene-based COEs exhibit a decrease 

in their fluorescence lifetime upon incorporation in the biomembrane of organelles with respect 

to the plasma membrane.[330] This decrease in lifetime was attributed to a lower planarization 

of the conjugated backbone, which is sensitive to the less ordered phase found in the internal 

compartments of the cell. Other researchers reported that the quantum efficiency of both 

dithienothiophene and distyrylbenzene-based COEs increase when they are embedded in the 

phospholipid bilayer with respect to aqueous solutions (as shown in subsection 7.1.1). This 

allowed optimal signal-to-noise ratio for visualization of COEs within biomembranes.[340] A 

similar effect was found for oligothiophenes having end-capping mannose groups.[332] In 

aqueous solution they form aggregates exhibiting weak emission (as mentioned in subsection 

7.2.1). COEs incorporation in the biomembrane and internal compartments of myeloid cells 

resulted in green emission which could be observed by confocal microscopy. 
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In most of the above-mentioned studies, researchers used the optoelectronic properties 

of CPs to probe the physicochemical state of the biomembrane via changes in their absorption 

and emission properties. In section 7.3. we will explore how these properties can be used to 

develop photo-bioelectronic devices capable of converting light to electricity. 

7.3 Phototransduction at the Nanoscale 

Organic photovoltaic devices are used to harvest solar energy and convert it to electronic 

currents.[341] Organic solar cells are made of thin layers of organic conductors embedded 

between two electrodes. The donor material absorbs a photon from the incident solar light and 

forms an exciton. When the exciton reaches the donor/acceptor interface, it dissociates to form 

charge carries which are consequently transported and collected at the electrodes upon bias 

application. In nature, the sunlight is harvested by photonic systems consisting of 

photosynthetic membrane proteins, which lead to efficient charge separation and energy 

transfer across biomembranes.[341] Examples include the photosystems I and II (PS1 and PS2) 

which are embedded within the biomembrane of thylakoids in green plants and cyanobacteria, 

as well as rhodopsin proteins in halobacteria. 

The high efficiency of these cell machineries inspired the development of hybrid and 

synthetic biomimetic systems for the development of photoelectrochemical cells. Investigators 

designed a hybrid photo-electrochemical interface consisting of PS1 crystals embedded within 

a DMPC lipid bilayer (Figure 28d). This biomembrane was supported by a tethered bilayer lipid 

membrane made of thioplipids, dithio-diglycolic and DSSN+.[342] The tethered bilayer lipid 

membrane had the function of providing a cushion that prevents PS1 denaturation, while 

DSSN+ facilitated electron transfer between the Au electrode and PS1. Incorporation of DSSN+ 

led to a 4-fold enhancement in photocurrent with respect to the device without COE. The same 

research group studied the use of DSSN+ as an absorber in synthetic photo-electrochemical 

systems (Figure 28e).[322] In this case the photocurrent is generated by FRET between vertically 
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aligned DSSN+ embedded in a DMPC lipid bilayer and Nile Red incorporated in a 11-

mercaptoundecanoic acid self-assembled monolayer on a Au substrate. 

CPEs can also be used to provide living cells with phototransduction properties under 

illumination, allowing to use light to control their properties, such as membrane potential, and 

to regulate cells excitation/inhibition. Researchers synthesized polythiophene nanoparticles 

with N-succinimidyl-ester (NHS) groups to provide the cell membrane of kidney HEK-293 

cells with light-electrical signal transduction properties (Figure 28f).[323] The NHS groups were 

essential to anchor the nanoparticles on the cell membrane surface and prevent internalization. 

Illumination with light pulses of wavelength resonant with nanoparticles absorption led to 

membrane potential polarization, followed by subsequent hyperpolarization. These studies pave 

the way towards the application of CPs in optogenetics: a field that combines genetic and optical 

methods to modulate/alter molecular events in living cells and tissues.[343] CPs have tunable 

properties and compatibility with living cells, which might be the key to solve some of the 

challenges connected with nanomaterials-mediated optogenetics, such as their potential toxicity, 

low tunability of their size and surface properties, limited luminescence efficiency and poor 

precision in the delivery of the stimulation/inhibition effect.[344] 

7.4 Antimicrobial Properties 

In contrast to CP interaction with mammalian cells, CPs can strongly associate with the 

biomembrane/cell wall of bacteria and, in certain cases, lead to the disruption of the cell 

envelope. The growing resistance of bacteria to antibiotics has stimulated the search for 

alternative methods (different from existing classes of antibiotics) to fight against microbial 

adaptation and has encouraged studies of CPs structure-function relationships for the 

development of new antibacterial agents. PPE-based CPEs and COEs exert a bactericidal action 

both on gram-negative (e.g. E. coli) and gram-positive bacteria (e.g. Bacillus subtilis). However, 

the differences in their cell envelope structure (see subsection 7.1.2) suggested that membrane 

disruption occurs through different mechanism.[324,345] Large cationic PPE-based CPEs can 

https://it.wikipedia.org/wiki/Bacillus_subtilis
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strongly bind to the negatively charged outer membrane components of gram-negative bacteria 

(Figure 28g). However, the large molecular size may limit their ability to penetrate across the 

peptidoglycan layer. CPE antimicrobial properties may arise from destabilization of bacterial 

surface and their capability to induce cell agglomeration. Small COEs can permeate the outer 

membrane and peptidoglycan layer of gram-negative bacteria, leading to cytoplasm membrane 

disruption and bacterial cell lysis (Figure 28g). These results were corroborated by experimental 

evidence showing that COEs having shorter backbone have higher antimicrobial properties.[307] 

Moreover, COEs showed higher toxicity for gram-positive bacteria over gram-negative 

bacteria.[307,346] One possible reason behind this difference is the specific interaction of COEs 

with diphosphatidylglycerol (one of the main components of the membrane of gram-positive 

bacteria), which destabilizes the cell membrane.[347] However, the exact mechanism behind 

these differences is still under debate and may be due to several concurrent factors. 

The antibacterial action of CPs can be enhanced by light irradiation, through either the 

production of ROS or photothermal effects. In the first case, the CPs sensitize the production 

of singlet oxygen species upon light irradiation, which in turn led to the formation of 

ROS.[345,348,349] The formed ROS react with several cell targets, including the cytoplasmic 

membrane, DNA and proteins, leading to bacterial death. However, most CPs absorb and emit 

light in the ultraviolet and visible regions of the solar spectra. Researchers designed new CPEs 

and COEs capable of absorbing near-infrared, allowing higher photon penetration depths within 

tissues for in vivo applications as well as photothermal killing of bacteria.[346,350,351] These CPs 

dissipate the absorbed light through non-radiative vibrational relaxation processes, leading to 

local heat generation. This could subsequently lead to protein denaturation and bubble 

formation, resulting in cell membrane damage and bacteria disintegration. 

7.5 Cell-based Bioelectronics 

The first attempt to insert an electroactive conjugated molecule within a lipid bilayer 

date back to the 1986, with the report of bispyridinium polyenes having a conjugated chain for 
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electron-transport, length spanning the phospholipid double layer, and terminal polar groups 

with electron exchange properties.[352] The conjugated polyenes were incorporated into the 

bilayer of vesicles made of sodium dihexadecyl phosphate with the purpose of producing 

molecular electronic devices capable of improving the transport of information across the 

bilayer and, ultimately, across the biotic-abiotic interface. 

Bioelectrochemical systems are bioelectronic devices that couple the natural metabolic 

processes of microorganisms with electronic transport in human-made electronics to convert 

chemical energy in electrical energy and vice versa.[353,354] These include microbial fuel cells 

(MFCs), which produce electrical currents from the decomposition of organic wastes, as well 

as microbial electrolysis cells (MECs) that use electrical energy to drive enzymatic processes, 

such as the reduction of carbon dioxide to commodity chemicals. 

Researchers suggested that electrogenic microorganisms can lead to external electron 

transfer via three main mechanisms: (i) direct electron transfer mediated by membrane proteins 

called cytochromes, and/or (ii) via “nanowires” produced by the cell itself, or (iii) mediated 

electron transfer via redox-active species like flavins (Figure 29a).[306] Membrane-intercalating 

COEs were used to enhance existing microbial redox processes or to provide non-electrogenic 

cells (such as E. coli) with electron-transport capabilities. End-capped COEs (such as DSSN+, 

Figure 29b) could improve both anodic and cathodic charge transport in wastewater MFCs 

having a non-predeterminate population of microbes as well as charge extraction in MFCs 

having non-electrogenic E. coli at the bioanode.[355–357] The mechanism is based on an increased 

microbe-to-electrode electron transfer, facilitated by DSSN+. 
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Figure 29. A) Schematic representation of the possible mechanisms of extracellular electron 

transfer of electroactive microorganisms. Reproduced with permission.[306] Copyright 2015, 

Wiley-VCH. B) Illustration of DSSN+ incorporation within a cell membrane. Adapted with 

permission.[355] Copyright 2012, Royal Society of Chemistry. C) DSSN+ insertion in the 

biomembrane of E. coli leading to (i) direct electron transfer or (ii) membrane permeabilization. 

The latter mechanism leads to the transformation of HAuCl4 to Au nanoparticles. Adapted with 

permission.[358] Copyright 2014, Royal Society of Chemistry. D) Proposed mechanisms of 

membrane permeabilization induced by DSSN+. Reproduced with permission.[359] Copyright 

2016, Royal Society of Chemistry. E) Ferrocene-based COE (DSFO+) led to catalytic 

transmembrane electron transfer. Reproduced with permission.[360] Copyright 2017, Elsevier. 

F) Effect of PEDOT-S:Dioctylammonium complexes on the steady-state potassium 

conductance G (top) and dose response (bottom) of Shaker potassium channels. Reproduced 

with permission.[305] Copyright 2015, Nature Publishing Group. 

 

Researchers proposed two different mechanisms to explain COEs effect on non-

electrogenic cell-electrode charge transport: direct electron transport or membrane 

permeabilization (Figure 29c).[358] The leakage of redox active components from E. coli 

cytoplasm was probed using chemical transformation of HAuCl4 to Au nanoparticles, pointing 

out towards the second mechanism. Further studies were conducted to underpin COE effects 
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on membrane permeability. In this respect, three different scenarios were considered (Figure 

29d): i) permeabilization of the outer membrane, allowing the release of periplasmic enzymes, 

ii) permeabilization of the inner membrane leading to the release of cytosolic enzymes, and iii) 

increased whole-cell permeability to redox substrates.[359] Experimental results demonstrated 

that DSSN+ facilitated outer membrane permeability, leading to the release of enzymes like 

alkaline phosphatase (molecular weight 89 kDa) without decreasing cell viability. Inner 

membrane permeabilization was not detected, evident from the retention of the enzyme b-

galactosidase (molecular weight 465 kDa). DSSN+ also enhanced the transport of small 

substrates across the cell envelope, strengthening the hypothesis that enhanced electron transfer 

occurs via a combination of multiple effects. 

Conversely, Shewanella oneidensis is an electrogenic microorganism capable of 

accepting electrons from molecular donors (such as lactate and pyruvate) to drive redox 

processes (i.e. the conversion of fumarate to succinate). Researchers integrated COEs within its 

cell membrane to enable the use of a graphite electrode as the only electron donor for fumarate 

reduction to succinate.[361] In this case, the enhanced electron transfer was a result of both direct 

and mediated electron transfer. Direct electron transfer can occur through intimate interface of 

COEs with membrane-bound cytochromes, leading to a higher contact area between the 

cytochromes and the electrode.[362] Studies also suggested that COEs may establish new 

pathways for direct electron transfer that are complementary to the native ones.[363] Mediated 

electron transport, instead, relate to the COE capability to increase membrane permeability to 

redox shuttles produced by the cells, e.g. flavins.[306] 

Overall, these studies indicate that PPV-based COEs can facilitate transmembrane 

transport of ions and small molecules as well as improve native direct electron transport. 

However, there is not any evidence that suggests the capability to transport electrons through 

transmembrane electron tunneling or hopping. Researchers specifically designed a ferrocene-
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based COE to mimic the function of iron redox centers in electron transport proteins and to 

increase the cell metabolic efficiency via transmembrane electron transfer (Figure 29e).[360] 

In contrast to COEs, CPEs are highly soluble in aqueous solutions. Therefore, doped 

CPEs were used only as electron-transfer mediators from solution.[364] Hydrophobic CPEs (i.e. 

PEDOT-S:ammonium complexes) combine the hydrophobicity and inherent doping needed to 

provide the lipid bilayer with electronic conductivity.[305] Researchers showed that the delivery 

of liposomes containing PEDOT-S:ammonium complexes to eukaryotic cells can be used to 

modify the opening potential of voltage-gated potassium ion channels (Figure 29f). These 

observations suggested that CPs can be used to control biological processes within a cell in a 

non-destructive manner. However, several unanswered questions need to be addressed before 

these systems can be effectively used to modulate cell function. Measurements to assess CP 

conformation and retention times within the cell membrane as well as evaluations to understand 

and control their mechanism of action and effects on bilayer stability are some of the most 

critical challenges. 

8. Conclusions and Future Outlook 

We are expecting an immense increase in applications that are based on electronic and 

optoelectronic interfaces with biological entities, ranging from single molecules to living 

organisms. Compared to systems based on inorganic materials, conjugated polymers, in our 

broad definition, have clear advantages of possible form factors, diverse functionalities, and 

mixed charge carrier conduction of ions and electrons. Inorganic materials, however, are more 

widely used for practical applications mainly because of durability, high operational stability, 

and well-developed production. In order to realize a more widespread use of CPs for applied 

uses in the field of organic bioelectronics, we will mention a number of areas that we think 

require further attention. 

First and foremost, a broader range of commercially available, well-characterized CPs 

that can reach highly conducting states are needed. Today, most organic bioelectronic devices 



  

136 

 

employ PEDOT:PSS because of its commercial availability, high conductivity, stability, and 

compatibility with a wide range of fabrication techniques. . This focus on one material has 

helped considerably to advance the field, since results obtained in different labs were able to be 

compared more easily. Moreover, PEDOT:PSS has been used in the clinic and this pave the 

way for broader use. However, the high content of PSS compared to PEDOT make this blend 

highly acidic, posing questions on its long-term compatibility with living tissues, and water 

soluble, requiring crosslinkers and adhesion promoters to ensure films stability and substrate 

adhesion in contact with aqueous solutions, respectively. The PEDOT domain size, and the 

chemical structure of PSS create limitations in conductivity and chemical modifications, which 

are generally solved by the addition of additives or surface treatment methods.[209,288] 

Development of commercially available CPs with alternative structures, counter ions and 

composites with other materials will create opportunities for more versatile and optimized 

bioelectronics. Moreover, the vast majority of CPs for bioelectronics are p-type. For many years, 

n-type materials have been disregarded by the field due to poor stability in air and moisture. 

Recent advances in this respect are very promising. N-type materials can be synthesized with 

both the environmental and operational stability needed to integrate them in devices suited for 

operation in aqueous solutions and in contact with the biological milieu.[365,366] Recent 

developments showed that n-type OECTs can be used for the realization of complementary 

logic circuits for low-power bioelectronics.[367] Such devices can be implemented in future 

bioelectronic implants which demand miniaturized or even battery-free systems. On the other 

hand, these n-type CPs can be used to develop new biosensors with simplified design,[368], as 

well as allowing new possibilities of efficient drug release.  

We further believe that integrating CPs with other “smart” materials, such as 

thermoresponsive polymers, magnetic nanoparticles or redox switchable functional groups are 

the first steps towards the development of composites offering significantly enhanced 

control/actuation capabilities.[103,369,370] 
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In biosensors featuring biological molecules as sensing elements (e.g. antibodies and 

enzymes), orientation and preservation of structure/function of these proteins are crucial to their 

performance. In this respect, the versatility of CP chemistry offers several opportunities for 

biofunctionalization. Further development of biosensors based on CPs with low Young’s 

moduli and high degrees of swelling in water can allow better preservation of the biosensing 

element structure. One of the major challenges that prevents the widespread use of CP-based 

biosensors (as well as inorganic biosensors) is the poor performance in contact with complex 

biological fluid (e.g. blood). This low performance is caused by the presence of numerous 

interferents, biofouling from proteins and molecules found in bodily fluids, and fibrous tissue 

encapsulation; a common issue with implantable devices. Here, the challenge resides in 

developing biosensors that combine low limits of detection (as suited for the application), 

selectivity for the analyte of interest, and resistance to biofouling, possibly with a fine-tuned 

chemical modification of the CP or its composites. This would allow their integration with 

implantable devices for continuous, in-line monitoring of analytes in situ.  

 3D and organ-on-chip cell culture models are a critical route to evaluate organic 

electronic devices before in vivo use. These models should be used to build a better 

understanding of both endogenous and exogenous electrical cues on cell behavior and tissue 

engineering – including de-coupling of electrical stimulation applied to the cells from 

electrochemical changes in the CP. Integration of CP-based devices with 3D cell culture offers 

opportunities to monitor cell state as well as to modulate the cell behavior for tissue engineering 

applications. So far, 3D and organ-on-chip approaches in this direction are confined to very few 

works and display limited sensing capabilities, with no attempts made yet (to best of our 

knowledge) to combine physical and chemical sensing. New concepts for non-planar form 

factors are moreover necessary to gain knowledge on cell status with spatial resolution inside 

the 3D construct. For example, the integration of organic electronics with additive 

manufacturing techniques may provide new opportunities for the 3D spatial control of 
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bioelectronic device components/circuit elements. Towards this effort, the engineering of CP 

composites compatible with additive manufacturing methods will be beneficial. Specifically, 

bioprinting – the printing of cells – alongside printing of electronic inks could lead to integration 

of the biology at the device fabrication stage. Such multi-material printing could fabricate on-

demand cell-laden bioelectronic devices and bioelectronic tissues, especially those of large-

volumes (greater than 1 cm3). In addition to better biological integration at the device 

fabrication stage, we propose that, with improved device performance, hydrated, all-polymer 

devices with chemical and mechanical properties more mimetic of tissue could provide more 

seamless interfaces in cell culture and implantable electronics for both electrophysiology and 

tissue engineering. We further suggest that tissue engineering research with CP-based device 

studies is conducted with induced human pluripotent stem cell-derived cells when relevant since 

these cells are likely to be clinically used in the near future.  

An often-neglected topic in research on implantable devices is the requirements for 

sterilization prior implantation. So far, few works have directly addressed the sterilization issue 

of CPs with promising results,[371,372] but we hope to see more examples in the near future. 

Increased evaluations of long-term biocompatibility and operational stability of CPs in vitro 

and in vivo are also necessary criteria for clinical/commercial translation of developed devices, 

and these studies must be extended to years of duration.[372] Furthermore, an exciting approach 

is to remotely sense/monitor as well as modulate by controlled delivery of stimuli via CP-based 

implantable devices.[373] Such a combination of sensing and stimulating devices will also be 

useful in different systems capable of modulating the tissue function in response to a specific 

stimulus. For example, closed-loop control would provide devices that can monitor changes 

(e.g. glucose concentration) and deliver a therapy in response (electrical or biochemical, such 

as insulin release). 

On a molecular level, CPs could be used to harvest certain signals (e.g. electronic or 

optical) to modulate specific cellular functions. Here, it would be desirable to gain a better 
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knowledge on how CP chemical structure and properties affect biological functions, what 

structural modifications would lead to the desired effect (e.g. closure of the ions channels in 

presence of an optical stimuli), and to design materials that are selective for the specific target. 

Overall, the research areas touched upon by Prof. Inganäs in his works have proven 

fertile ground for innovation, which we have attempted to cover in this review. As we have also 

pointed out, significant opportunities for further advances remain. This is especially true for 

translation into medical applications. Ultimately, the integration of both assessment and control 

of biological function –across all levels of biology, from ions and biomolecules, to 

biomembranes, to cells and tissues – presents perhaps the most exciting frontier. 
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