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Résumé

De nos jours, efficacité et précision des diagnostics médicaux sont des éléments essentiels pour
la prévention en termes de santé et permettre une prise en charge rapide des maladies des
patients. Les récentes innovations technologiques, particulierement dans les domaines de la
microélectronique et des sciences des matériaux ont permis le développement de nouvelles
plateformes personnalisées de diagnostics portatifs. Les matériaux électroniques organiques qui
ont déja par le passé démontré leur potentiel en étant intégrés dans des produits de grande
consommation tels que les écrans de smartphones ou encore les cellules solaires montrent un
fort potentiel pour une intégration dans des dispositifs biomédicaux. En effet, de par leurs
natures et leurs propriétés physiques et chimiques, ils peuvent étre a la fois en contact avec les
milieux biologiques et constituer ’interface entre les éléments biologiques a I’étude, et les
dispositifs électroniques. L’objectif de mes travaux de thése est d’étudier et évaluer les
performances des matériaux organiques électroniques intégrés dans des dispositifs biomédicaux
en étudiant leurs interactions avec des milieux biologiques et par 1’utilisation et 1I’optimisation
de ces dispositifs permettre la détection de métabolites tel que le glucose ou lactate par exemple.
Pendant ma thése, j’ai notamment créé une plateforme de diagnostics combinant a la fois
microfluidique et électronique organique permettant la multi détection de métabolites présents
dans des fluides corporels humains, j’ai également congu des capteurs intégrant des transistors
organiques au sein des circuits électroniques classiques afin de détecter la présence des cellules
tumorales. D’autres applications biologiques ont également été envisagées telles que la
détection d’acides nucléiques par 1’utilisation d’une approche simple de biofonctionnalisation.
Bien que I’objectif ma these était de de créer des capteurs biomédicaux en utilisant une approche
in vitro, il pourrait étre €galement possible d’intégrer ces dispositifs « in vivo » ou encore dans

des e-textiles.



Abstract

Rapid and early diagnosis of disease plays a major role in preventative healthcare. Undoubtedly,
technological evolutions, particularly in microelectronics and materials science, have made the
hitherto utopian scenario of portable, personalized diagnostics a reality. Organic electronic
materials, having already demonstrated a significant technological maturity with the
development of high tech products such as displays for smartphones or portable solar cells,
have emerged as especially promising candidates for biomedical applications. Their soft and
fuzzy nature allows for an almost seamless interface with the biological milieu rendering these
materials ideally capable of bridging the gap between electronics and biology. The aim of this
thesis is to explore and validate the capabilities of organic electronic materials and devices in
real-world biological sensing applications focusing on enzyme-based metabolite sensing, by
combining both the right materials and device engineering. We show proof-of-concept studies
including for example microfluidic integrated organic electronic platforms for multiple
metabolite detection in bodily fluids, as well as more complex organic transistor circuits for
metabolite detection in tumor cell cultures. Taking advantage of the structural versatility of
organic electronics, we extend our repertoire and explore a new class of materials bringing new
insights on enzyme-based metabolite sensing. Finally, we attempt to get a more fundamental
understanding of the effect of the critical interface between the biological milieu and the device,
getting useful insights for novel biosensing applications such as nucleic acid sensing. Although
the focus is on in vitro metabolite monitoring, the findings generated throughout this work can
be extended to a variety of other sensing strategies as well as to applications including on body

(wearable) or even in vivo sensing.
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Introduction

Rapid and early diagnosis of disease plays a major role in preventative healthcare. Biosensor
technology, has significantly advanced, from the first reported “enzyme electrode” by Clark
and Lyons, able to measure accurately glucose concentrations in whole blood samples, to recent
research prototypes of miniaturized sensor chips able to measure real-time multiple metabolites.
Undoubtedly, the technological evolution particularly in microelectronics and in materials
science has made the previously utopian scenario of portable, point-of-care personalized
diagnostic tests a reality, paving the way to a more decentralized preventative healthcare
system.

Organic electronics, including carbon-based semiconducting materials, have
demonstrated a significant technological maturity with the development of high tech products
such as displays for smartphones or portable solar cells, due to the chemical tunability of their
electronic properties as well as their low-temperature and thus low-cost processing. Moreover,
their organic soft and fuzzy nature allows for an almost seamless and direct interface with the
biological milieu rendering those materials ideal for bridging the gap between electronics and
biology. Indeed, “organic bioelectronic” devices are attractive for a wide range of biomedical
applications including neurophysiology, in vitro toxicology, metabolite sensing etc.

This thesis focuses on the use of organic electronic devices, namely organic
electrochemical transistors (OECTSs), as compact miniaturized metabolite sensing platforms
aiming to address unmet clinical needs. The biosensing scheme developed herein relies on the
electrochemical detection of critical metabolites (i.e., glucose, lactate and cholesterol) using
enzymes as biorecognition elements due to their high selectivity and their excellent catalytic
activity. As such, focus is given to the surface functionalization of the semiconductor in order
to achieve a good communication with the enzyme’s active site for optimized analytical sensor
performance. Alongside the workhorse conducting polymer poly(3,4-ethylenedioxythiophene)
polystyrene sulfonate (PEDOT:PSS), we explore a new class of materials, specially customized
to meet the device and sensor requirements. We show proof-of-concept studies including
microfluidic integrated OECT-based platforms for multiple metabolite detection in bodily
fluids as well as metabolite detection in tumor cell cultures using complex transistor circuits.
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We also explore different sensing strategies and demonstrate nucleic acid sensing using a
simple biofunctionalization approach. Overall, the aim of this thesis is to explore and validate
the capabilities of organic electronic materials and devices for biological sensing applications.
Although the focus is on in vitro metabolite detection, we believe that the input provided
throughout this work can be extended to a variety of other sensing strategies as well as to
applications including on body or even in vivo sensing.

In more details, Chapter 1 gives an overview of the state of the art in enzyme-based
electrochemical detection of metabolites using organic electronic materials and devices. Focus
is given to the especially promising class of polymer-based electronics, the conducting
polymers (CPs), however in the cases where the examples of CP based biosensors are still
scarce, examples with carbon-based nanomaterials are highlighted in order to show the potential
of organic electronic materials. Particularly, the key properties that render those materials ideal
transducers for metabolite monitoring including better electrochemical communication at the
bio-electronic interface, faster electron transfer, lower signal-to-noise ratio etc, as well as for
the system’s integration in real — world applications are thoroughly discussed. We approach
this by taking into account both the advantages offered by the devices enabled by those
materials, as well as by their bulk properties, all contributing to an ideal interface with the
biorecognition elements as well as with the complex biological milieu. We also highlight early
breakthroughs, and key developments offered by this class of biosensors. Finally, we discuss in
this respect the niche for organic electronic metabolite sensors for state-of-the art future point-
of-care diagnostics.

Chapter 2 reports on a compact multianalyte biosensing platform that is composed of
an organic electrochemical transistor (OECT) microarray integrated with a pumpless “finger-
powered” microfluidic, for the quantitative screening of glucose, lactate, and cholesterol levels.
A biofunctionalization method is designed, which provides selectivity towards specific
metabolites as well as minimization of any background interference. In addition, a simple
method is developed to facilitate multi-analyte sensing and avoid electrical crosstalk between
the different transistors by electrically isolating the individual devices. The resulting biosensing
platform, verified using human samples, offers the possibility to be used in easy-to-obtain
biofluids with low abundance metabolites, such as saliva.

Chapter 3 reports on a biosensing platform based on an organic transistor circuit for
metabolite detection in highly complex biological media such as cell culture media. Due to the

complexity and high biological interference in the media a sensor circuit is developed that
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provides inherent background subtraction allowing thus for highly specific and sensitive lactate
detection in tumor cell cultures. The proposed sensing platform can be used for the detection of
lactate produced from circulating tumor cells in blood, thus paving the way to an in vitro
prognostic model of the degree of malignancy in primary tumors as well as of the probability
of metastasis.

Chapter 4 reports, for the first time, an accumulation mode electrochemical transistor
comprising an N-type organic semiconductor in the channel, for enzymatic detection of lactate.
Without the need for an electron-transfer mediator, the channel is doped when lactate is
oxidised by the enzyme lactate oxidase present in the electrolyte, leading to a sensor with
superior sensitivity and detection range compared to PEDOT:PSS analogues. This is due to the
operation principle of this transistor type which allows for the bioelectrocatalytic reactions to
occur at the channel. By fine tuning the semiconductor to improve its interactions with the
enzyme, we can detect lactate with high sensitivity and in a wide concentration range within
the physiologically relevant concentrations in blood and sweat.

Chapter 5 describes a biofunctionalization method comprised of oppositely charged
polyelectrolyte multilayers (PEMSs) built up in a layer-by-layer (LbL) assembly on top of the
conducting polymer channel of an OECT. This aims to combine the advantages of well-
established PEMs with a high performance electronic transducer. The multilayered film is a
model system to investigate the impact of biofunctionalization on the operation of OECTs
comprising a PEDOT:PSS film as the electrically active layer. Understanding the mechanism
of ion injection into the channel that is in direct contact with charged polymer films provides
useful insights for novel biosensing applications such as nucleic acid sensing. Moreover, LbL
is demonstrated to be a versatile electrode modification tool enabling tailored surface features
in terms of thickness, softness, roughness, and charge. LbL assemblies built up on top of
conducting polymers will aid the design of new bioelectronic platforms for drug delivery, tissue
engineering, and medical diagnostics.

This thesis concludes with an overview of the overall findings followed by a discussion

and outlook.
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State-of-the-art in Organic Electronics for
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The present Chapter is based on the following publication:

“Organic Electronics for Point-of-Care Metabolite Monitoring”

A.M. Pappa, O. Parlak, G. Sheiblein, P. Mailley, A. Salleo and R.M. Owens

Invited Review in Trends in Biotechnology, submitted




Abstract

In this review we focus on demonstrating how organic electronic materials can provide
solutions to key problems in biosensing thanks to their unique materials properties and
implementation in innovative device configurations. We highlight specific examples from
literature where these materials solve multiple issues related to complex sensing environments.
We benchmark these examples by comparing to state of the art, often commercially available
sensing using alternative technologies. We have categorized our examples by sample type,
focusing on sensing from bodily fluids in vitro, also on wearable sensors which have attracted
significant interest due to their integration with everyday life activities. We finish by describing
a future trend for in vivo, implantable sensors which hopes to build on current progress from

sensing in biological fluids ex vivo.

Author’s contribution:

For the present publication, used as chapter 1 in this thesis my contribution was the
bibliographic review of the state of the art in organic electronic materials for use in metabolite
sensing, their role in solving current issues related to sensing performance and especially in real

world applications, focusing on the in vitro applications.
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Glossary

A Biosensor is an analytical device that consists of a biorecognition element which can
specifically interact with an analyte and produce physical, chemical or electrical signals [1].
An Analyte is a compound (e.g. glucose, lactate, drug, pesticide) whose concentration is to
be measured.

Biorecognition elements include biological components or derivatives that specifically
interact with the analyte of interest (e.g. enzymes, organelles, cells, tissues, antibodies and
nucleic acids)

A Transducer is a device that converts the biological signal that is generated to a readable
signal: electrical, optical or mechanical.

Metabolites are the intermediates and products of metabolism.

Multiplexing involves the incorporation of multiple sensing capabilities in terms of analyte
diversity

Electrochemical enzyme-based sensing relies on coupling a redox reaction catalyzed by an
enzyme with an electrochemical transducer using techniques such as amperometry,
potentiometry, and voltammetry [7, 12].

Amperometry measures the current of the working electrode set out of equilibrium at a fixed
potential. Thus, when the substrate reaches the active site of the immobilised enzyme,
electrons are rapidly exchanged [12].

Direct Electron transfer (DET) involves direct electron transfer between the redox active
center of the catalytic biorecognition element (e.g. enzyme) and the electrode in the absence
of an electron transfer mediator.

Mediated electron transfer (MET) occurs with the help of small molecules that shuttle
electrons between the biorecognition element and the electrode [13, 14].

Conjugated Polymers contain alternating single and double bonds on the polymer backbone
allowing stabilization of the structure of the molecule upon addition or subtraction of a
charge, through redox activation, conferring on it electronically conducting behavior. These
polymers when subjected to redox activation generate polyionic structures in which charge
compensation takes place, in a similar manner to the doping in inorganic semiconductors.
Conducting Polymers or (CPs) or, more precisely, intrinsically conducting polymers are
organic polymers that conduct electricity, having either metallic conductivity or
semiconductor properties. CPs can exhibit mixed conduction which is the ability to conduct
both ionic and electronic current.

Organic electrochemical transistors (OECTS) are electrolyte-gated organic thin film
transistors (EGTs) where, unlike the conventional EGTs [15, 16], the doping level
modulation occurs in the bulk of the CP film resulting in especially high currents for very
small gate fluctuations (sub Volts), a property also known as transconductance [17, 18].
When coupled with biorecognition elements, this inherent amplification results in highly
sensitive transduction of a biological event i.e., the enzymatic detection of metabolites.
Poly(3,4-ethylenedioxythiophene)-poly(styrenesulfonate)  (PEDOT:PSS) is an
intrinsically doped p-type semiconductor and is the champion material used to date in
OECTs. Such transistors have been shown to exhibit the highest transconductance values
among their electrolyte-gated counterparts [17].

11




Box 1. Biosensors and enzymatic electrochemical detection
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What is a biosensor? The biosensor, first introduced by Leland C. Clark Jr. and co-workers
in 1962,[1] is defined as an analytical device incorporating a biorecognition element within
or associated with physiochemical transducers (classified as optical, electrochemical or
mechanical[2-4])

What does a biosensor do? It generates a digital electronic signal based on the concentration
of specific chemicals or end products of a given biochemical reaction in an analytical
standard.[5]

What is a biosensor used for? Applications ranging from medical diagnostics to drug
discovery, food safety, process control and environmental monitoring, to defence and
security applications.[6]

Electrochemical techniques possess many advantages that allow fabrication of portable,
miniaturized, low-cost, often label-free and simple-to-operate analytical devices that
interface with biological components.[7-9] The working mechanism relies on selective
recognition of a target analyte by a biomolecule or biomacromolecular complex, which in
turn produces a measurable electrochemical signal. Although a variety of biorecognition
elements can be employed, electrochemical detection techniques rely predominantly on
enzymes. Enzyme-based electrochemical sensors are typically
preferred for metabolite monitoring due to high selectivity, catalytic activity and fast acting
properties of enzymes at the electrode interface.[10, 11]
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1. Biosensors as Analytical Tools in Point-of-care Diagnostics

Today’s biosensor (see Glossary) market represents a US$ 13 billion annual turnover, and has
rapidly become an invaluable tool to reduce healthcare costs and enhance the patient’s quality
of life [6, 19]. Thus, the development of novel concepts and methodologies in biosensor
technology for more effective diagnostic solutions is anticipated to have a significant
economical and societal impact beyond the single patient outcome.

Continuous and multiplexed monitoring, non-invasiveness, portability, long-term
stability, ease in device integration and compatibility with flexible substrates and low cost
technologies are only some of the numerous challenges for a biosensor to enter the market.
Many prototypes have been developed, however only a very limited number of such systems
have made it to commercialization.[20, 21] Failures have been attributed to
(bio)incompatibility, environmental factors and technological limitations [6, 13] Undoubtedly,
a key step towards advanced biosensors for continuous monitoring of analytes in complex and
sometimes harsh biological environments is the development/integration of materials with more
favorable mechanical properties, long life-times, anti-biofouling capabilities as well as ease of
integration with miniaturized sensor technologies, all at low cost and with minimum power
consumption needs.

Electrochemical enzyme- based sensing is a viable approach for a wide repertoire of
metabolic targets , due to the high selectivity and excellent catalytic activity of the enzymes as
biorecognition elements coupled with their label-free, fast and simple detection principle (see
Box). Indeed, since its inception by Leland C. Clark Jr [1] academic research in this field has
continued unabated in parallel with commercial developments predominantly in glucose
sensing. In such approaches, the selectivity and sensitivity of the biosensors can be sought by
establishing an exclusive and intimate interface between the transducer and the enzyme thus
reducing interference as well as improving the efficiency of the electron transfer (ET)
involved in the redox reactions, [22]. Hence, the concept of “functional” electronic materials
that can simultaneously provide an ideal immobilization matrix and an efficient signal
transducer has fundamentally changed the understanding of how to develop efficient
biosensors.[23]

In this review, recent advances in enzyme-based electrochemical detection of human

metabolites in real samples using organic electronic materials are described. We place a
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particular focus on the promising class of polymer-based electronics and more specifically
electrically conducting polymers (CPs), however in the cases where such examples are still
scarce, we showcase alternatives with carbon-based nanostructures, particularly in cases where
their operation in real world applications pushes the state of the art thanks to their materials
properties. We highlight the key properties that render organic electronic materials ideal
transducers for metabolite monitoring, including better electrochemical communication at the
bio-electronic interface, faster electron transfer, lower signal-to-noise ratio etc, as well as for
the system’s integration in real-world applications Finally, we discuss the niche for organic
electronic metabolite sensors for state-of-the art point-of-care diagnostics (POC), as categorised

into three groups; in vitro, wearable and implantable biosensors.

2. Organic Electronics at the Interface with Biology: state of the art in

metabolite sensing

Box 2. Organic Electronic Materials

Organic electronic materials, including conjugated polymers, small molecules and
carbon based nanomaterials exhibit multiple advantages over their inorganic equivalents,
such as ease in processability, compatibility with flexible substrates, as well as low-cost and
environmentally-friendly manufacturing [24-27]. Organic electronics is a field of research
that has rapidly come to the fore for biological applications including biosensing, owing to
their literal flexibility and tunability to adapt to challenging performance requirements in
biological milieu [28, 29]. Additionally, their intrinsic unique properties including high
surface-to-volume ratio (owing to their nanometer scale molecular structures), high electrical
conductivity, chemical stability, and excellent mechanical properties render them not only
ideal substrates for chemical modification and bioreceptor immobilization but also excellent
electronic signal transducers [30, 31].

Conducting Polymers is an
especially promising class of

_ ¢©—E @_N_C _ @_;:%_ biological events [32-34] showing

great potential for applications such

P ey as biosensing [35, 36]. Polypyrrole
(PPy), Polyaniline (PANI), and
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Poly(3,4-ethylenedioxythiophene) (PEDOT), are the predominantly studied ones in
biological applications due to their biocompatibility & ease of processability.
Ability to operate in harsh biological environments, enhanced sensitivity and selectivity,

and demonstrated potential for low cost production, are just some of the reasons that poise
organic electronic materials to revolutionize the biosensing arena (see Box 2). Some of the
earliest demonstrations of organic bioelectronics were in sensing of metabolites from biological
samples, and so this technology has reached a level of maturity where performance must be
compared to state of the art devices or methods using other technologies.

2.1 Conducting polymers as efficient electron relays

a. b.
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Figure 1: Organic electronic materials as efficient enzyme immobilization matrices and
transducers for metabolite detection. (a) Weak and strong electrostatic binding of glucose oxidase
onto PEDOT matrix due to the positive charged PMVP inside the matrix and current response of the
corresponding biosensor at 0.3 V vs Ag/AgCI reference electrode as a function of glucose concentration
for PEDOT only (A), as well as different PEDOT/PMVP molar ratio: 6(B), 3(C) and 2(D). Copyright
© 2001 WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim (b) Schematic diagram of the working
electrode coated with ferrocene-branched polyethylenimine, PEDOT:PSS and glucose oxidase for
glucose detection with increased sensitivity. Copyright © 2013 American Chemical Society. (c)
Chemical structure of phytic acid gelated and doped PANI hydrogel. Copyright © 2007 American
Chemical Society . (d) Schematic of the PANI hydrogel matrix integrating platinum nanoparticles and
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the corresponding enzymes for the detection of uric acid, cholesterol and triglyceride. Copyright © 2007
American Chemical Society
Efficient electrical communication between the biorecognition element (enzyme) and

the electrode is rather challenging when it comes to the design of metabolite biosensors. In most
cases, the distance between the active site of the enzyme and the electrode surface is too long
for DET, due to shielding by the protein shell. Since ET via a tunneling mechanism is rarely
encountered in traditional electrodes, the establishment of electron relays that allow for fast ET,
avoiding free-diffusing redox species between the electrode and the enzyme is crucial. In this
context, organic electronic materials represent very promising candidates for molecular wiring
owing to their polymeric nature and conducting behavior. Nevertheless, their ability to be
electrochemically polymerized in the presence of biologically active molecules allows for an
intimate and spatially controlled enzyme localization inside their matrix, resulting in a
conducting ramified network. [37]

PPy was the first CP that was shown to provide an electron relay between the surface of
the electrode and the active site of the enzyme, significantly enhancing the biosensors analytical
characteristics [38, 39]. However, due to poor electrochemical stability (potentially affecting
long-term functionality) [40], efforts shifted to other CPs such as PEDOT, a polythiophene
derivative which due to its low bandgap and high electrochemical stability in the oxidized state,
emerged as a more stable candidate [41].The first example of a PEDOT- based glucose sensors
with potential for long-term measurements was presented by Kros et al. [42]. They physically
incorporated a positively charged polymer in the conducting matrix of the biosensor, allowing
for more efficient ET due to the increased electrostatic interaction of the positively charged
entrapped polymer with the negatively charged enzyme (Figure 1a). In a more direct approach,
Thompson et al compared chemical vs electrochemical incorporation of GOx directly into
PEDOT during polymerization, concluding that the chemical polymerization resulted in more
efficient enzyme entrapment and thus DET [43].

An alternative strategy to improve the electron relay in the CPs post-synthesis involves
intermixing with redox hydrogels, shown to exhibit fast substrate and counter ion diffusion
properties, with high flexibility and fast electron transfer rates. The non-conducting nature of
such hydrogels impedes their efficient and spatially localized immobilization on the active
electrode surface, therefore their combination with CPs can overcome this issue and result in
an ideal electron-transfer pathway. PEDOT:PSS was used to enhance the poor performance of
a mediator based biosensor by its incorporation in nanocomposite enzyme electrodes, resulting

in improved electron hopping in terms of the electron diffusion coefficient as well as the charge
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transfer resistance (Figure 1b).[44] Going one step further, the Bao group developed
intrinsically conducting nanostructured PANI- redox hydrogels. The high surface area and
interconnected CP hydrogels not only resulted in excellent electronic conductivity and
electrochemical properties but also served as an efficient catalytic substrate for the enzymatic
determination of glucose, yielding excellent analytical biosensor properties.[45] In another
approach, a CP -based glucose-permeable redox hydrogel was formed by cross-linking polymer
acid-templated PANI along with GOx, leading to the electrical wiring of the enzyme, allowing
the electrocatalytic oxidation of glucose at low oxidation potentials (Figure 1c). [46] More
recently, CP hydrogels with high permeability to enzymes were used to fabricate metabolite
biosensors with excellent sensing performance without the need for a mediator (Figure 1d).
[47]

2.2 Conducting polymers as permselective membranes for improved selectivity

Another striking feature of CPs is their potential to be used as permselective membranes for the
elimination of interference induced by electroactive compounds, particularly important when it
comes to real-world applications, due to the increased complexity of the biological milieu. As
such, overoxidized polypyrrole (OPPy) has been employed for the development of interference-
free biosensors, as a cation exchange film that can repel common interferents found in complex
media, and also limit protein binding, due to the oxygen-containing groups introduced onto its
surface. Additionally, its controlled deposition via electropolymerisation renders it a versatile
approach for permselective membranes. [48] PANI-polyisoprene films have been also used as
an immobilization matrix for GOx and the resulting composite film was found to exhibit high
permselectivity allowing selective H2O, detection over common electroactive interferents. [49]

2.3 Nanostructured organic electronic materials for improved sensitivity

Arguably, nanostructured sensing elements provide higher sensitivity due to increased surface
to volume ratio. Due to the versatility in processing organic electronic materials, nanoscale
structures can be easily achieved to improve both the enzyme immobilization efficiency and
the sensitivity and stability of the sensor. Yang et al recently developed PEDOT nanofibers
carrying GOx on top of a Pt electrode resulting in increased entrapment of the enzyme owing
to its nanoscale matrix but also to a reduction in the electrode impedance, achieving glucose
detection at relatively low polarization potentials [50].

2.4 Conducting Polymer- based devices
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Figure 2. Highly integrated electronic devices bearing organic materials as the transducing
elements for metabolite detection. (a) Schematic representation of the lactate OECT with an ionic gel
solid state electrolyte, photograph of the actual flexible device and current modulation upon addition of
lactate. Copyright © 2012 Royal Society of Chemistry (b) Ilustration of the whole graphene solution
gated transistor, showing the sensing electrode (gate) functionalization. Copyright © 2015, Rights
Managed by Nature Publishing Group (c) Schematic diagram of the screen printed OECT and
illustration showing the gate electrode functionalization, comprised of a mediator as well as current
response for the enzymatic determination of lactate. Copyright © 201 , Materials Research Society (d)
Schematic representation of the epinephrine OECT based sensor bearing functionalized gate electrodes
and potential drop at the gate electrode upon different concentrations of epinephrine dependent on the
different functionalization schemes. Copyright © 2012 Royal Society of Chemistry

Organic electronics have been used for enhancing biosensors thanks to distinct materials
properties, however they can themselves constitute the active material of the transducer
resulting in highly integrated devices. Forzani et al developed a glucose sensing device
comprised of interdigitated nanoelectrodes, bridged by PANI/GOx nanojunctions. The
transduction mechanism relied on the glucose oxidation inducing changes in the polymer redox
state. Due to the small size of the nanojunction sensor, the enzyme was naturally regenerated
without the need of redox mediators allowing for very fast responses and minimal oxygen
consumption, a prerequisite for future in vivo applications. [51] Mixed conduction in CPs is a
key property that has enabled several new modes of operation and devices including the organic
electrochemical transistor (OECT), a rising star in terms of biosensing applications [52, 53].

After the first work on glucose sensing with OECTs in 1998, based on the CP PANI, using
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tetrathiafulvalenium as an electron transfer mediator,[54] many have followed, mainly aiming
at detecting the H2O- catalyzed oxidation at a Pt gate. [55] The integration of an ionic liquid
as electrolyte [56] or the incorporation of carbon-based nanomaterials (graphene oxide), at the
gate and channel electrode [57] represent interesting attempts to improve the stability and
sensitivity respectively, of such devices (Figure 2 a,b). OECT-based sensors have beem also
screen-printed and functionalised using a chitosan hydrogel matrix, incorporating a ferrocene
electron transfer mediator along with the corresponding oxidase enzyme for the detection of
glucose and lactate on artificial sweat samples (Figure 3c). [58] Epinephrine, a key
neurotransmitter, has been also detected using solution processed OECTs with remarkable
sensitivities (sub nM) owing to a Nafion anti-interference layer and carbon-based nanomaterials

co-immobilized on the gate electrodes (Figure 3d) [59].

3. Highly integrated Organic Electronic Devices for Point of Care

Metabolite Sensing

3.1 In vitro metabolite biosensors

3.1.1 Metabolite sensing from bodily fluids/ gases
Blood is the most commonly used bodily fluid for metabolite level monitoring, however, due

to the abundance of electroactive species, electrochemical detection methods become somewhat
challenging not to mention the commonly observed biofouling of the sensing electrodes posing
further restrictions. [60] CPs bearing appropriate surface modifications (i.e., incorporation of
electron mediators, permselective membranes etc) can offer valuable tools towards novel, more
accurate diagnostic devices. An antibody-mediated amperometric system developed by Wei et
al was designed to avoid the interfering signals often encountered in complex matrices such as
whole blood due to the need to use high potentials. Their 6-array gold electrochemical sensor
coated with creatinine embedded in a PPy matrix thus allowed for rapid and accurate creatinine

detection from whole blood resulting in a POC assay for allograft dysfunction (Figure 3a). [61]
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Figure 3. Fully integrated point-of-care platforms based on organic electronics for in vitro
detection of metabolites and used in real world applications. (a) Ilustration of the CP
electrochemical sensor array for the direct measurement of creatinine from serum Copyright © 2013
American Chemical Society (b) Schematic showing the OECT-based multianalyte platform,
simultaneous measurement of the three metabolites and the metabolites’ levels of two healthy volunteers
before and after exercise as measured by the proposed device. lens Copyright © 2016 WILEY-VCH
Verlag GmbH & Co. KGaA, Weinheim (c) Photograph of the paper OECT- breathalyzer and curve
showing the detection sensitivity. (d) Schematic of the sensitive reference-based OECT lactate sensing
platform and lactate titration curve in different amounts of cells. lens Copyright © 2017 WILEY-VCH
Verlag GmbH & Co. KGaA, Weinheim

Liao et al recently developed a flexible OECT platform based on PEDOT:PSS for the
selective detection of urea and glucose in saliva samples. [62] To eliminate electrochemical
interference in saliva, thus enhancing sensitivity and selectivity, the gate electrodes were
modified with oppositely charged bilayer polymeric films for both anionic and cationic charge
exclusion of interferents. Moving towards multiplexing, a PEDOT :PSS based OECT
biosensing platform integrated with microfluidics, was developed for the simultaneous
screening of glucose, lactate and cholesterol in human saliva samples. The interference issues
were resolved by operating the device at a bias far below the oxidation potential of the

electroactive species present in biofluids, by using ferrocene derivatives as a mediator. The final
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device was tested with human volunteers before and after exercise to show relative variations
of the metabolite profiles under stimuli (Figure 3b). [63] In a similar approach, simultaneous
sensing of lactate and glucose was demonstrated by integrating two OECT-based devices each
with a separate microfluidic channel. They generated a prototype portable glucose sensor by
linking a smartphone with the device through Bluetooth connection, highlighting the ease of
integration of such devices for POC systems.[64]

Electronic devices, (e-noses) have emerged as excellent candidates for the detection of
breath volatile biomarkers compared with conventional methods used to date. Pavlou et al, were
the first to detect the pathogen Mycobacterium tuberculosis both in vitro and in situ using a 14
gas-sensor array which consisted of a set of specifically tailored CPs which physically interact
with volatile compounds produced by the in vitro cultures or the sputum samples, resulting in
a change in electrical resistance. [65] In another study chemically-polymerized PPy films on-
chip were used to capture absorbing and desorbing breath volatiles for subsequent chemical
analysis from both environmental air samples as well as directly from exhaled human breath,
paving the way for lab-on-a-chip-based environmental and health monitoring systems. [66]
Bihar et. al recently developed a printed disposable breath analyser based on an all-PEDOT:PSS
printed OECT, for the detection of blood alcohol levels from breath. The sensing platform,
tested on human volunteers, showed remarkable sensitivity in detecting the consumption of

even one glass of wine. (Figure 3c). [67]

3.1.2 Metabolite sensing from whole cells

Detection of cellular metabolites under different stimuli or environmental conditions can give
useful insights for drug discovery and toxicology, particularly with the advent of organ-on-chip
technologies. Larsen et al, used PEDOT:tosylate microelectrodes as an all polymer
electrochemical chip for simple detection of potassium-induced transmitter release from
neuron-like cells, demonstrating the potential of the method for drug screening applications.
[68] To improve electrocatalytic activity of the sensing electrode, the PEDOT:PSS gate may
also be decorated, with electrodeposited Pt nanoparticles (NPs). [69] Due to the high surface
area of the NPs and the enzymes’ specificity the authors achieved very sensitive determination
of the critical metabolites glucose and lactate from live cells. Lactate production in tumor cell
cultures derived from real patients was also measured using an OECT circuit. To circumvent
the issue of interference in such samples, the proposed reference based sensor circuit design

allowed for inherent background subtraction. Lactate production could be measured from a few
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cells underlying the sensitivity of the device over a highly complex milieu and thus illustrating
its potential for its use in in vivo applications for cancer diagnostics (Figure 3d). [70] In a more
recent study, Curto et al demonstrated a multiparametric on-chip platform integrated with
microfluidics for cell cultures, using among other in-line methods, the OECT-based detection
of glucose produced by the cells as a measure to validate their improved differentiation under

stimuli conditions. [71]

3.2 Wearable Metabolite Biosensors

Box 3. Wearable metabolite sensors
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Overview of the rapidly growing field of wearable biosensors: An undeniable trend in
biosensor technology is on-body continuous monitoring of metabolites using wearable
devices.[13] In parallel with the emergence of wearable electronics, wearable sensor-based
systems for healthcare applications have attracted significant interest both in industrial and
academic research.[72] Wearable biosensor applications aim to transform centralized
hospital-based care systems to home-based personal medicine, reducing healthcare cost and
time for diagnosis. Electrochemical transducers offer many advantages for wearable sensors
for physiological monitoring, and can be easily integrated onto textile materials or directly
on the skin. Saliva-based: Copyright © 2016 Elsevier B.V., Implantable sensors: Copyright
© 2013 WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim, Tear-based: © 2016 WILEY -
VCH Verlag GmbH & Co. KGaA, Weinheim, Sweat-based: © 2016 WILEY-VCH Verlag
GmbH & Co. KGaA, Weinheim, ISF-blood based: Copyright © 2014 American Chemical
Society
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The move towards biosensor technology for on-body continuous metabolite monitoring
and the advancements in wearable electronics [13] have inevitably lead to wearable sensors for
healthcare applications (see Box 3) [6, 72]. Although organic electronic materials have been
successfully implemented into wearable sensors for electrophysiological measurements [73,
74] , there are few examples of metabolite sensors using this technology as yet [75]. As we
expect this area to trend rapidly, we present here some examples of current technologies used
for metabolite sensing in wearable formats and illustrate progress towards this goal using

organic electronic materials.
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Figure 4. (a) Schematics of screen printed electrode, enzymatic sensing mechanism and amperometric
response of wearable sweat-based lactate biosensor, Copyright © 2016, Rights Managed by Nature
Publishing Group (b) schematic of fabrication steps on conductive micropattern on a flexible substrate,
and large area micro patterns of flexible PEDOT:PSS on silk fibroin sheets with optical micrograph
(Scalebars: 100 pum), Copyright © 2016 Elsevier B.V. (c¢) Saliva-based mouthguard uric acid biosensor
and its various components with sensing principles. Copyright © 2016 Elsevier B.V.

Sweat-based wearable sensor systems, although mostly focused on a small number of
physical or electrophysiological parameters, can yield significant information about a patient’s
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health status based on levels of the critical metabolites. [76] Wearable biosensors can be either
textile/plastic based or epidermal (tattoo)-based systems.[77] Epidermal biosensors provide
better contact with skin; but usually exhibit shorter life-time compared to textile based systems.
Such biosensors were first developed in 2009 by the Rogers’ group for continuous monitoring
of physical parameters [78] and shortly after, Wang’s group combined this approach with
biorecognition elements towards the first printed tattoo-based biosensor.[79] A screen-printed
electrode on temporary tattoo paper was developed with carbon and Ag/AgCl serving as
working and reference electrode, respectively. The working electrode was also modified with
CNTs carrying a mediator together with lactate oxidase (LOXx) for continuous monitoring of
lactate in sweat during exercise.[79] The same group later introduced a fully integrated sensor
(comprising the sensory part, the microcontroller, the wireless communication system and the
acquisition system) in an epidermal patch. The sensory part was composed of a screen-printed
three electrode-based amperometric sensor and two carbon-based electrocardiogram electrodes
for the simultaneous measurement of lactate and electrophysiological parameters (Figure
4a).[80]

CPs are especially advantageous for wearable sensor technology due to their
compatibility with fabrication on flexible substrates.[56] In a very interesting approach, Pal. et.
al developed PEDOT:PSS electrodes on flexible fully biodegradable silk protein fibroin
supports using a simple photolithographic process and an aqueous ink composed of the CP and
carrier proteins. (Figure 4b).[81] The silk provided excellent mechanical and optical properties
together with biocompatibility and controllable degradation. In a similar approach by the same
group, silk proteins including fibroin and sericin were modified with photoreactive
methacrylate groups to be used as substrate inks for the water-dispersable PEDOT:PSS that was
micropatterned to develop biodegradable bioelectrode, for glucose sensing in vitro [82]. This
opens up a new direction for the fabrication of an entirely organic, free-standing device with
controllable biodegradability including scalability and processability, leading to applications in
wearable or implantable bioelectronics with “wear/implant and forget” functionality[83] .

Complementing to recent progress on in vitro salivary diagnostics, wearable salivary
sensing has also been reported, dating back to the 60s, where pH and other important
electrolytes were measured on a partial denture.[84, 85] However, the focus now is on the
development of wearable sensors for the early diagnosis of important metabolic diseases.[13,
86] An early example is a non-invasive mouthguard biosensor for continuous monitoring of

uric acid, the end product of purine metabolism in the human body, developed by Wang et.
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al.[87] In this study, a screen-printed amperometric enzyme-based biosensor together with an
integrated wireless transmitter were developed. As for their sweat sensors, carbon electrode
containing mediators were printed as transducing elements on a plastic substrate and
crosslinked uricase enzyme was electropolymerized to serve as the biorecognition element. A
wireless amperometric circuit coupled with a Bluetooth low energy communication system was
integrated on the mouthguard biosensor as shown in Figure 4c.[87] The advantages of this

mouthguard sensor over in-dwelling type of devices are wearability, ease of operation and

renewability.
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Figure 5. (a) The fabrication method of the contact lens biosensor on a flexible electrode and (b)
integration of this electrode to the contact lens. Copyright © 2016 WILEY-VCH Verlag GmbH & Co.
KGaA, Weinheim (c) Images showing the device fabrication steps and implantation in a rat vein, and
in vivo chronoamperometry measurements with Glucose injection after 20 min (zoomed region).
Copyright © 2015 WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim

The very first successful prototype of electronic contact lenses was developed by Parviz
et. al. in 2009, showing the first in vivo test of wirelessly powered contact lens display placed
on a live, anesthetized rabbit’s eye.[88] Later, they developed the first metabolite sensor in
human tear fluid using the same contact lens approach by integrating a three- electrode
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amperometric sensor system consisting of a Pt working electrode with immobilized GOx, and
an external Ag/AgCI reference electrode on plastic films in an electrochemical cell again
detecting H>O> catalysis.[89, 90] A lactate biosensor was developed in the same manner
replacing GOx with LOx (Figure 1c).[91] Mitsubayashi et. al. developed an interesting strategy
to produce enzyme-based glucose biosensors by integrating a polydimethyl siloxane (PDMS)
membrane onto a contact lens. The counter/reference electrodes were fabricated by successively
sputtering Ag and Pt metal onto a 70 um thick PDMS substrate (Figure 5a-b).[92] Flexible
electrodes were then bonded onto the surface of the contact lens using PDMS, and GOx was
immobilized on the sensing region of the electrode. This integrated biosensor was successfully
tested using a rabbit model.[92] Progress is moving towards integration of organic electronic
materials into metabolite sensors from tears; a recent study by Lee et al has illustrated the
potential for integration of graphene into contact lenses [93], while Tehrani et al are working
towards a rapid detection of glucose on CuNP decorated graphene electrodes. [94]

Even though there has been no commercial success as yet in non-invasive wearable
metabolite sensing using saliva, tears or sweat, limited commercial success has been achieved
with interstitial fluid (ISF) based biosensors.[20] One of the most well-known examples is The
GlucoWatch Biographer™ (Cygnus, Inc.). Having initially attracted considerable attention in
the early 2000s, it was quickly withdrawn due to significant inaccuracies, sampling errors, skin
irritation problems and frequent calibration needs.[19] Recently, Abbott launched the
FreeStyeLibre as a new wearable continuous glucose monitoring device, [95] showing more
promise in terms of comfort and user interface; the sensor can be used for 14 days and does not
require any finger-stick calibration while its small sensory part (0.2 inches long) directly
connects to a plastic patch that can be easily placed on the upper arm The glucose concentration
is transferred in real-time to an external reader wirelessly via a near infra-red identification tag.
[95] This recent progress on ISF based biosensor further expands the wearable biosensor

market, and is anticipated to extend to other types of biosensors in the near future.

3.3 Implantable Biosensors

The concept of implantable metabolite sensors was first proposed by Leyland C. Clark in his
seminal paper in 1962,[1] but was put into practice by Shichiri et. al in the early 80s.[96] There
have been many different research efforts since then, mostly focusing on developing continuous

glucose monitoring systems.[97] In one prominent study, an implantable 100 mm flexible

26



biochip for intravenous glucose sensing in rat blood was described.[98] The fabricated
microelectrode was modified with a carbon-based composite consisting of flexible carbon
fibres, neutral red as a mediator and GOx as an enzyme layer. The device was inserted in the
thoracic region of a living rat for glucose measurements, simulating diabetic conditions by
injecting glucose intravenously (Figure 5c). [98]

Despite limited progress in academic studies, considerable success has been achieved in
industrial research and the implantable biosensor market has begun to expand in the last decade.
In 2005, Medtronic (USA) launched the first implantable continuous glucose monitoring device
for personal use.[6, 19] The self-implanted sensor was based on the amperometric
determination of H>O, produced by the oxidation of glucose in the presence of glucose oxidase.
Despite the commercial and medical success, there are still restrictions that limit to some extent
the use of such devices. For instance, FDA still stipulates that the finger stick blood test must
be performed in parallel when using these self-implantable biosensors. In addition issues such
as biocompatibility, reliability, and powering all crucial aspects for implantable, long life-time
devices still remain.[19] While it is impossible to include all successful devices in this review,
there are other reviews for the reader interested in learning more about the historical evolution

and development of commercialised implantable biosensors.[6, 19-21, 99]

4. Conclusions

Despite the significant progress in biosensor development, successfully commercialized
devices are still scarce, with glucose sensors a notable exception. The dual market demands of
high analytical performance and cheap, easy-to-use, long-lasting devices often render their
clinical implementation beyond the reach of current technologies. Organic electronics is a field
of research that has rapidly come to the fore for biological applications, despite its beginnings
in areas such as large area, flexible applications embodied by devices such as the organic light
emitting diode or organic photovoltaics. One of the factors credited for the success of organic
electronics in biosensing applications is the literal flexibility and tunability of these materials
to adapt to challenging performance requirements in biological milieux. Organic electronics
may therefore represent the ideal technology to meet the market demands.Indeed, in cases of
bioelectrocatalytic detection methods —such as those described in this review- we show
examples where their organic, often polymeric in nature structure can allow for molecular

wiring with the enzyme’s active site and thus achieve high sensitivities without the need of
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artificial electron mediators. Bearing in mind commonly raised issues in terms of stability and
lifetime of the enzymes, future trends in this dynamic fast moving field of organic electronic
biocatalytic sensors are anticipated towards the development of biomimetic architectures (i.e.,
molecular imprinted structures) harnessing the versatility in synthesis of such electronic
materials. Transducer and biorecognition element can be sought as a single active component,
combining electronic functionalities and the best features of the biological reagent in a more
stable matrix, opening up new exciting directions in biosensor technology from both
fundamental and practical aspect.
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Abstract

We report a compact multianalyte biosensing platform, comprised of an organic
electrochemical transistor (OECT) microarray integrated with a pumpless “finger-powered”
microfluidic, for quantitative screening of glucose, lactate and cholesterol levels. A
biofunctionalization method was designed which provides selectivity towards specific
metabolites as well as minimization of any background interference. In addition, we developed
a simple method to facilitate multi-analyte sensing and avoid electrical crosstalk between the
different transistors by electrically isolating the individual devices. The resulting biosensing
platform, verified using human samples, offers the possibility to be used in easy-to- obtain
biofluids with low abundance metabolites, such as saliva. Based on our proposed method, other
types of enzymatic biosensors can be integrated into the array to achieve multiplexed, non-

invasive, personalized point-of-care diagnostics.

Author’s contribution:

For the present publication, used as chapter 2 in this thesis my contribution was: the OECT
fabrication and characterization, the development of the biofunctionalization strategy, and the

biosensor characterization. Moreover, | prepared the manuscript, including the figures.
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1. Introduction

Point-of-care testing (POCT), is one of the fastest growing sectors of medical diagnostics.
However, effective POCT methods pose stringent requirements and challenges for biosensor
development.-31 Multiplexed and compact devices for high throughput analysis in a cost-
effective and time-saving manner, are urgently required for next generation biosensors, to
provide more holistic and accurate understanding of the system under investigation. Advances
in electronics and microfabrication have allowed the miniaturization of various optical and
electronic transducers allowing for faster and more sensitive devices for diagnostics.*® Despite
these developments, it remains challenging to develop portable, low-cost biosensing platforms
that are able to detect multiple metabolites simultaneously with high sensitivity and selectivity.

Lactate, glucose and cholesterol are metabolites of critical importance in healthcare.
Although cellular metabolic pathways are somewhat complex, quantification of such key
markers in normal and under different conditions, as well as assaying their relative abundance
compared to other metabolites, can provide useful insights for the health status of an individual.
For example, due to the close metabolic relationship between glucose and lactate, fluctuations
of their absolute or relative concentrations, along with cholesterol quantification, can be
correlated with certain medical conditions such as heart disease and diabetes.[®”]
Commercialized metabolite sensor chips rely mainly on finger-stick blood draws. However, the
intrusiveness and inconvenience of such blood — sampling methods as well as the stringent
requirements for continuous real-time sampling and screening (for example in areas as diverse
as critical healthcare units to sports medicine) emphasize the importance of non-invasive
biosensing technologies using alternative biofluids such as saliva.!®!

Organic electrochemical transistors (OECTS) represent a very promising class of
organic thin film transistors (OTFTs) that have recently fueled scientific interest as especially
performant transducers in sensing applications. OECTs couple the advantages of OTFTs ¥l (i.e.,
simple electrical readout, inherent signal amplification, ease of fabrication and straightforward
miniaturization), with electrochemically driven operation in aqueous solutions, thereby
establishing a conduit between electronics and biology.*™ OECTSs, unlike the vast majority of
OTFTs, comprise an organic active layer which is in direct contact with the biological milieu
of interest. The working principle relies on the electrochemical doping/de-doping of the organic
semiconductor upon application of a small gate bias.[***? As amplifying transducers of ionic-
to-electronic signals, OECTSs can also be integrated with microfluidic channels, toward lab-on-
a-chip applications.[*314]
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Poly(3,4-ethylene-dioxythiophene):poly(styrene sulfonic acid) (PEDOT:PSS) has
emerged as the benchmark material of organic bioelectronics*®*" and is typically employed
as the active layer of OECTSs. Such devices have been used as ion-selective sensors,8% cell-
based sensors?>2ll and when coupled with redox enzymes, as biocatalytic sensors for the
detection of metabolites (i.e., glucose, lactate, etc),1???*l the latter showing great potential for
POCT applications. Kergoat et al recently reported on the use of PEDOT:PSS based OECTs
for single- analyte detection of critical neurotransmitters such as glutamate and
acetylcholine,® while Liao et al demonstrated sensitive and selective single-analyte detection
of key metabolites such as glucose and urea in saliva samples, as a potential POCT system. 2]
In those studies, as in most cases of amperometric biosensors using an oxidase type of enzyme,
the sensing mechanism relies on the detection of hydrogen peroxide (H20>), a by-product of
the enzymatic reactions. In practical applications, such approaches suffer from several
constraints related to the selectivity of the device, mainly due to the existence of electro-active
compounds in complex media. Specifically, the relatively high potential (0.6 V vs. Ag/AgCI
reference) required for the oxidation of H202 increases significantly the level of interference
from endogenous electroactive species (e.g., uric acid, dopamine, and ascorbic acid) that are
present in bodily fluids, leading to misinterpretation of the recorded signals. One possible
strategy to reduce or eliminate electrochemical interference of endogenous species is through
the use of permselective membranes such as nafion and poly-lysine for size or charge based
exclusion of the interferents.[2°]

In the case of multianalyte detection from a single biological sample, diffusion of H20-
between adjacent biosensors may also lead to signal misinterpretation. Notably, two kinds of
“cross-talk” should be considered, electrical and chemical. The former results primarily from
capacitive coupling and the latter from diffusion of H.0.[?71 Arguably, a more elegant
alternative to the detection of H>O: is the use of mediators as a strategy to improve selectivity
and performance of such amperometric biosensors. Indeed, as we show in this study, by using
a novel biofunctionalisation scheme incorporating an electron mediator (ferrocene), molecular
wiring of the enzyme active site to the electrode is achieved, thus lowering the working potential
of the electrodes, and reducing background signal.

We report here, for the first time, the development of a compact biosensing platform
consisting of multiplexed OECTs for the simultaneous detection of three critical biomarkers:
glucose, lactate and cholesterol. The real-time detection of a combination of analytes from

human saliva samples is achieved in a non-invasive and label-free manner with high selectivity
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and sensitivity in the relevant physiological ranges. Additionally, this versatile platform is
integrated with a simple pumpless poly(dimethylsiloxane) (PDMS) - based microfluidic

towards the realization of POCT devices.

2. Results and discussion

2.1 OECT biofunctionalization and use for enzymatic sensing

Figure la shows a schematic illustration of the device structure of a single OECT fabricated
on a glass substrate, as well as the generic biofunctionalization scheme at the planar gate
electrode of each transistor, based on the method of Strakosas et al.[?8 Briefly, by blending
PEDOT:PSS with polyvinyl alcohol (PVA), we introduce free hydroxyl groups on the surface
of the conducting polymer, a functionality subsequently used for covalent attachment of a
heterobifunctional silane (3-glycidoxypropyltrimethoxysilane, GOPS) via a condensation
reaction. A different protein was then immobilized on each gate electrode of the four transistors,
namely glucose oxidase (GOXx), lactate oxidase (LOx) and cholesterol oxidase (ChOx) for the
respective detection of glucose, lactate and cholesterol. Bovine serum albumin (BSA) was
immobilized on the fourth electrode serving as the control.

The first generation of enzymatic biosensors, in which the co-substrate for the enzyme
is oxygen, suffer from several disadvantages, principally oxygen dependence and interference
from electro-oxidizable compounds. Indeed, when we used a highly complex biological matrix,
i.e., whole blood, we observed a significant decrease in the background signal when the same
device was operated at low potential (0.2 V) compared to a higher potential (0.4 V)
(Supplementary Figure S1). To circumvent this issue, other types of redox active molecules
have been used as an alternative co-substrate for the enzyme (known as electrochemical
mediators), to reduce the applied potential to near - zero values.?°3

Among the electron mediators used in biosensing applications, ferrocene (Fc), a stable
organometallic compound, is frequently used due to its favorable intrinsic properties (i.e., low
molecular mass, good electrochemical stability and reversibility at low potentials and formation
of stable redox states).®!] However, Fc absorbs weakly onto metal electrodes due to its small
size and low affinity with such surfaces, leading to leaching of Fc, with subsequent concerns
for toxicity. A solution to this issue is to provide a supporting matrix to improve the stability of

the system.
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Figure 1. OECT biofunctionalization and use for enzymatic sensing (a) Schematic representation
of the OECT device structure and an illustration of the generic biofunctionalization scheme at the gate
electrode. (b) Cyclic voltammogram of the gate electrode in PBS (scan rate: 20 mV/sec) i) before gate
functionalization, ii) after gate functionalization with CS-Fc /GOx complex and iii) in the presence of
10 mM glucose. (c) Schematic illustration of the general sensing mechanism using an OECT -based
sensing configuration.

In this work, Fc-branched chitosan (CS) derivatives were prepared 2 to act as redox
active hybrid electrochemical shuttles for the biosensor. CS, a biopolymer with remarkable
physicochemical properties (i.e., film forming ability, high permeability towards water, good
mechanical properties and non-toxicity),[** was chosen as an effective biocompatible support
for both the mediator and the enzyme. We hypothesized that by creating a microenvironment
where the enzyme and the mediator are confined to a small volume adjacent to the electrode,
the efficiency of electron transfer would be substantially improved. The enzyme was attached
to the CS-Fc hybrid, by amine coupling of the residual amine groups of CS-Fc through N-(3-
dimethylaminopropyl)-N’-ethylcarbodiimidehydrochloride/  sulfo- N-hydroxysuccinimide
(EDC/NHS) chemistry and immobilized onto the epoxy-modified gate electrode via covalent
attachment of the amine groups present in the biocomplex (Figure 1a). Figure 1b shows cyclic
voltammograms of the pristine gate electrode (i) and the CS-Fc/ GOx composite modified
electrode in Phosphate Buffer Solution (PBS) (ii), as well as that of the modified electrode in
the presence of glucose (iii). The well-defined and symmetric peaks at 0.25 V and 0.15 V of
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the modified electrode in PBS are characteristic of the immobilized Fc group, whereas the
drastic increase of the current in the presence of glucose in the buffer solution indicates the
effective immobilization of GOx and the expected enzymatic reaction.

The sensing mechanism of our platform, based on the enzyme/mediator complex
functionalized gate electrode is illustrated in Figure 1c. Upon addition of a sample containing
the substrate of interest, an enzymatic reaction occurs, the enzyme is reduced and cycles back
via the ferrocene/ferricenium (Fc/Fc*) ion couple which mediates electron transfer between the
redox enzyme and the PEDOT: PSS gate electrode, due to its low oxidation potential. The
resulting change in the gating of the channel is proportional to the concentration of the analyte
allowing its quantification. The reaction cycles at the gate electrode specificaly for each of the
three analytes along with the subsequent reactions at the channel are shown in Supplementary

Figure S2a.

2.2 Characterization of biofunctionalised OECTs

OECTSs have proven to exhibit the highest transconductance (gm) among electrolyte-gated
transistors of comparable geometry,[*!I defined as gm = Ip/dVs,. Transconductance is the figure
of merit for biosensing applications as it sensitively quantifies the current flowing in the channel
(Ip, drain current), in response to a change (Vg, gate voltage), and is thus a measure of the
“efficiency” of transduction of a biological event. Rivnay et al, recently demonstrated that the
transconductance of an OECT can be tuned by not only changing the channel geometry but also
the conducting polymer film thickness.[>*l We customized the channel geometry in order to
obtain the highest transconductance value at the applied gate bias of 0.1- 0.2 V which coincides
with the working potential of our enzymatic sensors (0.2 V). Figure 2a, shows the transfer
characteristics of such an OECT, before and after the gate biofunctionalization. These
characteristics demonstrate typical low voltage operation (Vg, Vb <|1 V|) in the depletion mode.
The corresponding gm exhibits its maximum value of 16 mS at V= 0.15V and Vp=-0.6 V.
Notably, the biofunctionalization process doesn’t lead to any significant alterations in the

device performance.
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Figure 2. Characterization of biofunctionalised OECTs. (a) Steady state characteristics of a
representative OECT: transfer curve and its corresponding transconductance (dashed line indicates the
working point of OECTSs for signal acquisition), before and after biofunctionalization. (b), (c) and (d)
Normalized calibration curves derived from the chronoamperometric response of the OECTs after
successive additions of increasing concentrations of the analytes glucose (b), lactate (c) and cholesterol

(d) respectively. Insets of (b)-(d) show the corresponding linear parts of the calibration curves.

For the calculation of sensitivity and linear range, two vital indicators of the sensing
performance of any sensor, chronoamperometric (CA) measurements were performed on the
differently functionalized transistors after successive additions of increasing concentrations of
corresponding analytes. Figures 2b-d show the calibration curves, deduced from the CA
measurements after performing each experiment at least three times (Supplementary Figure
S2b). In order to compare the responses of different devices the current outputs were
normalized as described in the Experimental section.

The logarithmic plot of current response vs. analyte concentration yields a linear
behavior in the concentration range of 0.02 — 1 mM for glucose, 0.1 —2 mM for lactate and
0.01-0.7 mM for cholesterol, while all coincide with the corresponding physiological levels
in saliva, ranging typically from 0.1 - 0.5 mM, 0.1 - 2.5mM and 0.1 - 0.45 mM of glucose,
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lactate, and cholesterol respectively.®® The OECTs show excellent sensitivities in the
uM range and lower limits of quantification (LOQ) of 10 uM for glucose, 50 uM for lactate
and 10 uM for cholesterol as determined from the calibration curves.

For the bio-sample tested here, we show detection in the relevant physiological range,
however as might be expected, changes in the enzyme loading can be used as a method to alter
the dynamic range.[*8! Upon increasing the enzyme loading we observed no noticeable change
in the biosensors’ analytical characteristics, probably due to limitations in the diffusion of the
analytes. After a certain threshold of enzyme concentration, the response of the device became
relatively independent of changes in enzyme activity, an observation that is in accordance with
previous studies.*¢1 We determined the critical enzyme concentrations for the three different
enzymes and used it throughout as described in the Experimental section. Increasing the CS-Fc
concentration in our biocomplex on the other hand, resulted in a significant shift towards higher
upper limits in the linear range (Supplementary Figure S3). This is attributed to an increase
in the CS film thickness, which acts as a diffusion limiting barrier for the analyte. However, the
increase of the CS film thickness inevitably extends the response time of the device. Overall,
by fine tuning the enzyme/mediator complex loading we can rather easily adjust our sensor’s

analytical characteristic to the needs of a specific analytical task.

2.3 Selective multianalyte detection in complex media using the OECT array

In this work an array of analyte -specific OECTSs, operated in a common electrolyte, i.e., the
relevant biological sample, was fabricated, therefore electrical crosstalk between the different
transistors was typically an issue to troubleshoot. In a common-source configuration and in the
presence of a common electrolyte, the individual transistor gating will induce changes in each
of the separate sensing circuits due to polarization. To circumvent this issue we ensured a closed
electrical loop for each of the sensors by isolating the individual grounds (in our case the source)
as shown schematically in Figure 3a. The current output of two adjacent transistors in the same
electrolyte after a DC sequential pulsing at the gate electrode of each OECT demonstrated no
evidence of electrical cross-talk between individual OECTs (Figure 3b). Figure 3c shows the
normalized current response of the three differently functionalized transistors operated
simultaneously after successive additions of the corresponding analytes in known
concentrations. Each device operates independently and specifically for the relevant analyte,

without any biological crosstalk (Figure 3c). When a mixture containing all analytes was added
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on the OECT array, the current-response times of each transistor differed. This can be related
to the spatial position of each device with respect to the central addition of the metabolite

mixture as well the different kinetic properties of each enzyme (Figure 3d).
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Figure 3. Selective multianalyte detection in complex media using the OECT (a) A schematic
circuit diagram of two OECTSs on the array (b) CA response of the channels of two OECTSs after
sequential pulsing of the gates showing the absence of electrical cross-talk. CA response of three
differently functionalized OECTs after (c) successive additions of known concentrations of the three

analytes and (d) addition of a mixture of the three analytes.

2.4 On-chip multianalyte detection in saliva using the OECT

The use of biological samples such as blood and saliva is known to increase background
interference. One strategy used predominantly in in vivo biosensing applications to improve
biosensor signal-to-noise ratio (SNR) with respect to electrochemical interference present in
biological media, is the use of a “blank electrode”. This identical electrode that lacks the

selectivity towards a specific analyte, is utilized in extracting any background signal related to
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unspecific reactions and thus to improve the sensitivity of the biosensor.*”:38 To this end, we
incorporated an extra OECT into the microarrays, which was functionalized with a non-specific
protein, BSA. Interference studies with respect to the detectable analytes were also performed
with our reference transistor, to further ensure specificity and sensitivity of our system. The
device showed no response to the presence of these analytes in the medium, further confirming

its non-specific nature (data not shown).
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Figure 4. Selective multianalyte detection in complex media using the OECT array (a) Schematic
illustration of the biosensing multiplatform with the embedded “finger-powered” PDMS microfluidic
showing the 1) activation “button”, 2) the liquid reservoir and 3) the punched inlet and (b) photograph
of the actual device used for the measurements, showing droplet (for illustration purposes, a red-
coloured solution) that was pushed from the large round area serving as activation “button”, on the right
of the device, through the sensing areas to the outlet as the arrow indicates (c) Salivary metabolite levels
of 5 healthy volunteers as measured with our setup (the marked areas represent the physiological ranges
of concentrations for each analyte) and (d) relative salivary metabolite variations of two healthy

volunteers before and after intense physical exercise.

Furthermore, we integrated a versatile, portable and easy-to use “human- powered”,
PDMS-based microfluidic in the OECT array. Microfluidics allow for laminar flow, ultra-small
sample volumes, faster analysis, portability, miniaturization and automation.*%. In our

approach, the human finger, serving as the pumping actuation force, provides the pressure to
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drive the liquid inside the microchannel.*® The microfluidic device consists of a straight
channel and two large round areas (Figure 4a). Simply, the larger round area is used as the
activation “button” for the microfluidics by depressing the PDMS layer. The applied pressure
results in a decrease in the total volume of the microchannel. After pipetting the specimen on
top of the punched inlet, the pressure is released and the liquid starts to flow inside the
microchannel due to re-expansion. Since this process is reversible, the smaller round region is
used as a liquid reservoir (dead volume) to avoid complete emptying of the microchannel,
which can result in faulty operation of the transistors. It should be mentioned that physiological
solution (PBS) was flowed in all the experiments prior to the detection media in order to obtain
our baseline and thus avoid any possible signal misinterpretation due to contamination from the
previous samples. A photograph of the resulting portable biosensing set up embedded within
the microfluidic is provided in Figure 4b. Although the measurement set up utilized herein is
a custom lab-based multi-valent measuring system (described in the Experimental section)
which is not portable, once specific requirements are outlined for electronic acquisition,
portable embedded electronics can be tailored to the application at hand to be compatible with
POCT.

It is believed that salivary metabolite levels can reflect the corresponding blood
concentrations since saliva is an ultra-filtrate of plasma. In particular, most metabolites can be
detected in saliva due to their passive diffusion from blood and subsequent secretion from
salivary glands.[***? Figure 4c shows the salivary metabolite levels of five healthy volunteers
as measured by our device. For the calculation of the analyte concentrations the current
normalized responses of the OECTs were correlated with the calibration curves for each
metabolite that are shown in Figures 2b-d. All metabolite levels were found to be within the
physiological range (shaded areas in the graph), indicating the relevance of the measurements.
In order to examine the relative variations of those metabolites under different physiological
conditions, we collected samples from two healthy volunteers before and after intense physical
exercise and the results are summarized in Figure 4d. Monitoring of metabolite levels in sports
medicine has been extensively employed as a means of determining the athlete’s health status
during exercise. Lactate is a crucial intermediary in numerous cellular, localized and whole
body metabolic processes and the balance of its production and removal is highly dependent on
a multitude of parameters. Lactate is known to be formed by skeletal muscle when the rate of
glycolysis exceeds the metabolic rate of the citric acid cycle and oxidative phosphorylation (i.e.,

during intense exercise). However, given the multivariate mechanisms of energy metabolism
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that are involved, the levels of other associated metabolites need to be concurrently measured
in order to obtain a more holistic understanding of the rather complicated bioenergetic
pathways. With our platform we anticipate meeting such requirements that can facilitate

simulaneous identification of informative biomarkers in particular healthcare applications.

3. Conclusions

In this work, key challenges in continuous multi-analyte biosensing such as analyte specificity
and elimination of electrical and biological cross-talk were successfully addressed. A
multiplexed OECT platform integrated with a portable “finger-powered” microfluidic was
developed, allowing for the detection of several critical biomarkers simultaneously.
Measurements were performed with this prototype device in human saliva, to detect three
clinically relevant biomarkers, glucose, lactate and cholesterol. The biosensors achieved
excellent analytical performance with detection ranges that covered the physiological ranges in
saliva. This versatile and easy-to-handle platform enables the implementation of any type of
enzymatic biosensors toward accurate, rapid, non- invasive and portable next generation
healthcare monitoring. Finally, the solution processability of our main material (PEDOT:PSS)
and the simple planar fully integrated design renders the process easily scalable for high

throughput production of disposable sensors.

4. Experimental Section

Device Fabrication: The devices are fabricated photolithographically using a parylene-C lift-
off process.['7] Patterned gold lines served as source, drain, and gate electrodes. PEDOT:PSS
blended with PVA was employed as the active layer of the OECT and also deposited on the
gate. The overall device architecture consists of four pum-sized OECTS, each of them with a
channel of Width-to-Length (W/L) of 100/10 (um/um) and a planar gate of 500x500 pm?. The
metal contacts and interconnects were patterned using Shipley 1813 photoresist, exposed to UV
light with a SUSS MJBA4 contact aligner, developed in MF-26 followed by thermal evaporation
of chromium (10 nm) and gold (100 nm) and metal lift-off in acetone/isopropanol. Two 2 um
thick parylene C layers (SCS Coating) separated by an anti-adhesive (industrial cleaner, Micro-
90) were successively deposited using a SCS Labcoater 2. The first parylene layer, was attached
to the substrate using 3 (trimethoxysilyl)propyl methacrylate (A-174 Silane) as an adhesion
promoter. For the patterning of the PEDOT:PSS channel, AZ9260 photoresist was spin casted,
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exposed, and developed in AZ developer (AZ Electronic Materials) followed by reactive ion
etching by O plasma (Oxford 80 Plasmalab plus) of the unprotected layers of parylene. For the
deposition of the PEDOT:PSS/PVA films, a formulation of the commercial aqueous dispersion
PH-1000 (Heraeus Clevios GmbH), consisting of 5%V/V ethylene glycol, 0.4%V/V dodecyl
benzene sulphonic acid and 25%wt of polyvinyl alcohol was sonicated before spin-casting
(2.500rpm / 35sec, for a thickness of 90 nm). The resulting devices were subsequently baked at
110 °C for 1 h followed by 2 rinsing/soaking cycles in deionized water to remove any excess
of low molecular weight compounds.

Device functionalization: For the gate electrode functionalization, 3 glycidoxy-
propyltrimethoxysilane (GOPS) was deposited by vapor deposition at 90°C for 1h under
vacuum and baked after washing with ethanol (15 sec), for the formation of the epoxy-modified
gate electrode surface. The three enzyme solutions were prepared in 1X PBS (Phosphate
Buffered Saline) in their optimum concentrations, 2mg/ml for glucose oxidase (from
Aspergillus Niger, >100 U/mg, Sigma) 10 mg/ml lactate oxidaze (from Aerococcus viridans,
>55 U/mg, Roche) and 5 mg/ml for cholesterol oxidase (from Streptomyces sp. >20 U/mg,
Sigma). Chitosan — Ferrocene (CS-Fc) 4 mg/ml was diluted in a 1% v/v acetic acid aqueous
solution. Prior to CS-Fc /enzyme complex formation, the enzyme solutions were mixed with
EDC:NHS (1:1) 100 mM in 2-(N-morpholino)ethanesulfonic acid (MES) buffering agent in a
4:1 enzyme: reaction mixture ratio and left for 30 min to react.

Subsequently, the CS-Fc/enzyme complex was formed by mixing the activated enzyme solution
with the CS-Fc solution ina 1:1 ratio and left for 30 min. Following that, the mixture was drop-
casted selectively onto the epoxy- modified gate electrodes and left overnight in a humid
environment to avoid evaporation.

Device characterization: All characterization was performed using 1X PBS. The cyclic
voltammograms of the biofunctionalized electrodes were recorded using a potentiostat-
galvanostat (Autolab, PGSTAT128N) with a Ag/AgCl reference electrode and a platinum
counter electrode. The electrical characterization of the OECT (IV curves and calibration
curves) was performed using a Keithley 2612A dual SourceMeter with customized LabVIEW
software. The chronoamperometric measurements were recorded using a National Instruments
PXle-1062Q system. For this, the channel and the gate of the OECT were biased using an
isolated analog output model, NI PXle-4322, with 300 VV CAT Il channel to channel isolation.

The current output of each OECT was recorded with a separate digital multimeter card, PXI-
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4071, mounted in the same chassis. A customized LabVIEW software was used to address each
hardware component.

Chronoamperometric measurements for calibration of metabolites and multianalyte testing:
Glucose and lactate were dissolved as stock solutions in PBS 1X, while cholesterol was
dissolved in a PBS 1X solution containing 2% v/v Triton X-100, followed by heating until a
clear solution was obtained. The stock analyte solutions were subsequently diluted in PBS 1X
to perform calibration curves. Each measurement was conducted by consecutive additions of
increasing concentrations of the analyte solutions after baseline (steady current) in PBS 1X was
reached to our devices. The readout signal at zero analyte concentration is determined by the
steady current obtained in PBS solution. The device response for each metabolite concentration
was subtracted after the current output reached steady state and was normalized according to
the following equation:

Iconc—Iconc=
NR = |£2—==222 (1)

Iconc=0

where lconc=0, lconc are the current outputs in the absence of any analyte (baseline) and after the
addition of a specific concentration of analyte respectively. For multianalyte measurements in
PBS or saliva, the transistors were operated simultaneously and current outputs of each
transistor were recorded individually with a separate digital multimeter card as described above.
In the particular case of saliva samples our background signal is given by the readout signal
(current output) of the control device (BSA functionalized device) in the presence of the saliva.
Microfluidic fabrication: The fabrication of the microfluidics master mold was carried out by
pasting a 50 um thick double-sided pressure sensitive adhesive film, PSA (AR8890, Adhesives
Research, Ireland) onto a plastic petri dish. The desired microfluidic pattern was created by
cutting the PSA with a cutting plotter (Large Flatbed plotter - FC2250 series). For the formation
of the polydimethylsiloxane (PDMS) microfluidics, PDMS was prepared by mixing PDMS
elastomer with the curing agent from Sylgard 184 kit at a weight ratio of 10:1. After mixing
and centrifugation, the PDMS was poured onto the master mold, and cured in an oven at 60 °C
overnight. Following curing, the PDMS layer was peeled from the master and the inlet was
made using a metal punch (2 mm in diameter). Finally, the PDMS microfluidics was placed on
top of the OECTSs device that were previously fabricated and functionalized on conventional
microscope glass slide. By mean of optical microscope, successful alignment of the
microchannel and the OECTs was performed.

Saliva sampling: Saliva samples were collected from 15 healthy volunteers and 5 of them were

randomly chosen for the experiments. Saliva sampling was performed at fasting conditions (at
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least 3h) using a direct expectoration method the so called “spitting method”. Subjects were
asked to collect saliva in their mouths and to spit it into a sterile plastic tube with a diameter of
6 cm for 5 min, based on existing protocol. ! Saliva sampling was done according to ethics
principles set out by the biosafety committee at Ecole des Mines de St. Etienne and consent

forms were signed by all donors.
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Abstract

A biosensing platform based on an organic transistor circuit for metabolite detection in
highly interferent biological media is introduced. The sensor circuit provides inherent
background subtraction allowing for highly sensitive lactate detection in tumor cell cultures.
The proposed sensing platform paves the way toward rapid, label-free and cost-effective

clinically relevant in vitro diagnostic tools.

Author’s contribution:

For the present publication, used as chapter 3 in this thesis my contribution was: the OECT
functionalization and characterization, the development of the sensing strategy the and
performance of the lactate detection experiments in the biological samples. Also, I contributed

equally in the preparation of the manuscript.
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1. Introduction

Rapid and early diagnosis of disease is known to be a significant factor in treatment and
improved prognosis, notably in cancer. From the first commercialized device based on the
“enzyme electrode”, introduced by Clark and Lyons, able to measure accurately glucose
concentrations in whole blood samples,*?! to research prototypes of miniaturized epidermal
sensor chips able to measure real-time multiple analytes,®! biosensors have evolved
significantly and become invaluable tools for diagnosis of many pathologies from infections to
heart disease. Remarkably, little of the progress in the field of biosensing has translated to
improved diagnosis of cancer.!

Use of biosensors in diagnostic applications requires identification of a biomarker (to
confer specificity) while the sensitivity is mostly related to the intimate coupling of a reaction
involving the biomarker, with a transducer. In cancer diagnostics, clinicians are highly
dependent on the identification of biomarkers that will reliably predict occurrence and
recurrence of cancerous cell populations, however such reliable biomarkers are few and far
between, perhaps explaining the dearth of cancer biosensing devices.[>%! One marked feature of
cancer however, is the increased glycolytic activity associated with highly proliferative
aggressive cell growth.[’l In recent years, increased metabolic activity has been suggested as a
biomarker for cancer. This idea is not new, having been introduced over 60 years ago by
Warburg, who predicted enhanced uptake and usage of glucose and thus production of lactate. €]
Lactate has proven to be a prognostic indicator of the degree of malignancy in primary tumors
as well as of the probability of metastasis.

Electrical, label-free biosensing of metabolites such as glucose and lactate is known to
be advantageous with regards to speed and sensitivity, and indeed the integration of biosensors
with microelectronic devices has brought about multiplexed capabilities as well as enabled
miniaturization and automation.l®*2l However, some key issues still impede their practical
implementation in a clinical setting. These issues include signal drift due to environmental
changes (e.g. electrolyte evaporation, temperature changes, instability of transducer), as well as
signal misinterpretation due to interference (e.g. charged species or oxidizable compounds in
complex media).[*®! Sensor circuits represent an elegant alternative solution, departing from a
single sensor and focusing on a more complete system that can be readily intercepted with
simple acquisition tools, as demonstrated by Svensson et. al.l*

Recently, the organic electrochemical transistor (OECT) has drawn considerable

attention as sensing element.l*>-171 In a three terminal configuration, the active material, being
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comprised of an organic semiconductor, can be electrochemically doped or dedoped through
an ionic current from the electrolyte into the polymer, thereby changing its conductivity.[*®! The
possibility for low voltage gating provides devices sensitive to biological signals that may
consist of minute ionic currents.*® OECTSs have proven to outperform state-of-the-art devices
such as electrodes,?°! and have been used in a wide variety of biological applications, including

metabolite sensing.[?t %

2. Results and Discussion
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Figure 1. (a) Depiction of a planar OECT (blue: PEDOT:PSS, pink: electrolyte). The voltage supplies for the gate
(Ves) and the source-drain bias (Vps) are depicted as white spheroids connected to the gold leads. (b) Comparison
of channel resistance at Ves = 0 V and Vps = -0.1 V of 32 devices fabricated with orthogonal resist (green) against
32 devices with Parylene-C peel-off method (red). The bin size is 0.1 kQ. The bold lines show a Gaussian fit. The
distribution is much narrower for the orthogonal method, indicating a much better device to device homogeneity.
The device geometry is W /L = 0.6 and d = 100 nm. (c) Schematic circuit layout of the Wheatstone bridge sensor
circuit. The load resistors are on the drain side of the OECT. The electrolyte of the two OECTSs is physically
separated, ensuring a disjoined gating. The two branches of the bridge are highlighted in blue and red.
(d) Chronopotentiometric recording upon pulsing the gate of each OECT for different values of the drain load
resistor (gray triangles: Rioag = 70 Q and Vsyppiy = -1.5 V; black squares: Rioag = 190 Q and Vsypply = -2.7 V). The
pulse pattern is shown in the upper graph for the left (blue) and the right (red) branch of the Wheatstone bridge.
The results have been offset corrected Vou — Vout(t = 0). (e) Chronopotentiometric recording upon changing the
electrolyte. The upper graph shows the floating voltage point of each branch of the Wheatstone bridge circuit. The
lower graph shows the output voltage, i.e. the voltage difference between the two floating points. The electrolyte
is changed from 1X PBS (white) to DMEM cell culture media supplemented with FBS (pink) and then
consecutively washed again with 1X PBS (three times). The spikes in the curves are due to pipetting effects. The
supply voltage is Vsuply =-2.5V for load resistors of Rieag =190 Q. The gate voltage is kept constant at

Ves = 200 mV.
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Bearing in mind the complex issues related to sensitive and specific detection of
metabolites of interest in pathologies such as cancer, in this article, we present an in vitro
electronic platform for sensitive and accurate metabolite sensing in highly interfering samples,
such as cell culture media. In particular, we developed a reference-based sensor circuit, by
integrating two differently functionalized OECTs, comprised of the well-known organic p-type
semiconductor poly(3,4-ethylenedioxythiophene):poly(styrene sulfonate) (PEDOT:PSS),4
into a Wheatstone bridge layout.

The planar all-PEDOT:PSS configuration of the channel and the gate (Figure 1a)
facilitates the device biofunctionalization®®! and also allows for future integration with
microfluidics. For the device fabrication, a new lithographic approach based on a fluorinated
photoresist, that allows for direct patterning of spun-cast PEDOT:PSS, was employed in this
work (Figure S1). Starting from a homogeneously coated PEDOT:PSS film and ablatively
patterning the active areas,?>?% a greater device homogeneity can be achieved (Figure 1b and
Figure S2c), contrary to the conventional Parylene-C peel-off technique.?”! According to the
output and transfer characteristics of the OECTs (Figure S2a-b), the maximum
transconductance!®! gm = Alp / AVes of 6.4 mS is obtained at Ves = 200 mV, which coincides
with the sensor’s working potential, to ensure maximum sensitivity. By adding a drain load
resistor in series with the OECT, a floating voltage point Vit is created which depends on the

drain current Ip and is set by the supply voltage Vsupply.

VAoat = Vsupply — Rioad * In(Vgs, Viioat)

To a first order, Vroat depends linearly on the applied gate bias and can thus be used as
a reference to the signal of interest. By connecting two such branches in parallel, a full
Wheatstone bridge is provided (Figure 1c), where one OECT is used as a reference and the
other can be functionalized, to respond specifically to a given target analyte. The difference
between the two floating voltage points, the output voltage Vou, gives an intrinsically
background subtracted response to any change in the gating of the sensing OECT. In addition,
the response starts at low amplitudes and increases with the gate voltage. This so called signal-
ON response is generally easier to detect with simple data acquisition tools. The magnitude of
the drain load resistor sets the inherent gain of the device AVou/AVes and shifts the
transconductance depending on the operation regime.[?®! Specifically, the gain scales linearly
when operating the device in the saturation regime. We thus herein set the operation point of

both OECTs to OP =-0.6 V. This voltage value is not sufficient to reach full saturation in our
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device, but gives a good compromise between linearity in the gain and a sufficient dynamic
range for the sensing mechanism to avoid electrolysis in the water based electrolyte.[*%]

We demonstrate the working principle of our Wheatstone bridge platform upon the
application of a voltage pulse at both gates (Figure 1d). The electrolyte of the reference OECT
is physically separated from the sensing OECT. As expected, Vout remains zero when equal
voltages are applied to both gates, after a certain stabilization time. The observed difference in
the response time for the different drain load values is related to their respective aspect ratio
(W/L=5forRipad =70 Qvs W/ L = 1.7 for Rioad = 190 Q). The changing voltage drop across
the resistor and the resulting change in the current needs to equilibrate accordingly inside the
conductive polymer. The gain can be extracted as AVout/ AVes = 0.4 for Riead = 70 Q and
AVout | AVes = 0.5 for Ricag = 190 Q. For our enzymatic sensing approach, higher sensitivity
(i.e. higher gain) is more important than high speed, thus we chose the higher drain load for the
remainder of this study.

One key advantage of the Wheatstone bridge sensor circuit is the inherent background
subtraction. When working with low volume samples, evaporation of the liquid results in a drift
in Ip. Additionally, electro-oxidizable compounds present in the sample, as in the case of cell
culture media, can induce changes in Ip due to direct electron transfer at the gate thus leading
to an effective dedoping of the PEDOT:PSS material.*] When changing the sample from a
phosphate-buffered saline solution (PBS) to cell culture media, the response of the single
OECTs in our device is in the range of 100 mV (corresponding to a change of Alp = 0.5 mA),
whereas the baseline of the bridge remains fairly constant (Figure 1e). The observed spikes are
due to electrolyte perturbation as a result of consecutive pipetting of the two wells. After rinsing
with PBS, the original operation point of each individual OECT s retrieved. Note also the
stability in Vout, while the single OECTs haven’t reached steady state operation yet (0 s to 50 s).

Figure 2a shows a depiction of our Wheatstone bridge lactate sensor. The dashed line
indicates the reference (left) and the sensing (right) branch of the bridge. To render our sensor
specific to lactate, we employed a biofunctionalization scheme at the gate of the sensing OECT
based on our previous work,*% by using an oxidase type enzyme (lactate oxidase) along with
an electrochemical mediator. The enzyme/mediator complex is immobilized at the gate
electrode of the OECT. An identical biofunctionalization scheme is applied to the gate electrode
of the reference OECT by replacing the specific oxidase with a non-specific protein (bovine

serum albumin), thus ensuring a similar surface environment and response time.
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Figure 2. (a) Schematic depiction of the biofunctionalization approach using lactate oxidase. Ferrocene is
attached to a polymeric supporting matrix, chitosan. The chitosan-ferrocene/lactate oxidase complex is
immobilized on the sensing OECT using epoxy terminated self-assembled monolayers. On the reference OECT
the same complex is used, where the specific enzyme is substituted by a non-specific protein BSA to ensure
equality in the two devices. (b) Calibration curve of the Wheatstone bridge lactate sensor for three different
devices. The data points are extracted upon consecutive addition of 1X PBS containing increasing lactate
concentrations. The normalized response is NR = AVqut / AVourmax. The supply voltage is Vsuppy = -2.3 V for load
resistors of Risad = 180 Q. The gate voltage is kept constant at Vgs = 200 mV. (c) Titration curve of one selected
Wheatstone bridge lactate sensor after successive addition of media collected from cells cultured at different
concentrations for 24 hours (from 10 to 10° PBMC, the point at 10° corresponds to fresh culture media). The inset

shows the a zoom in of the same data to highlight the onset of lactate detection.

A calibration curve of lactate in buffer (1XPBS) is derived from the
chronopotentiometric response of the Wheatstone bridge sensor after successive additions of
increasing concentrations into the wells of both OECTs (Figure 2b). For ease of comparison
between different devices, we normalize our response as the change in Vout divided by the
maximum possible change, i.e., when Ip drops to zero and all potential would drop on the
OECT. The calibration curve shows a linear behavior in the range of 30 uM to 300 uM and a
detection limit of down to 10 M can be extracted.

To demonstrate the sensitivity of our device, we performed a titration curve (Figure 2c),

assessing the response of the device to an accumulation of lactate in cell media, collected after

63



incubation with increasing numbers of peripheral blood mononuclear cells (PBMC) for 24 h.
As baseline, fresh cell culture media is used. In one chronopotentiometric measurement, we
successively add samples harvested from a different number of cells, starting from the lowest
concentration. The titration curve shows an onset of response from medium incubated between
10-100 cells. From this, we can estimate a detection limit of lactate produced by a few 10° of
cells (estimated to be ~10 um from the calibration curve) The background concentration of
lactate in fresh media is estimated to be about 50 um (Figure S3) but this is not perceptible in

the measurements due to the reference based sensing mechanism of our circuit.
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Figure 3. (a) Typical chronopotentiometric recording for lactate analysis with the Wheatstone bridge sensor. The
addition of media before incubation (light pink) and after incubation with cells of interest (dark pink) and the
washing with 1X PBS solution is indicated in the center of the graph. The difference between the baseline of bare
media and the response due to the sample reflects the lactate amount produced by the cells. The red (blue) line
shows the operation point of the sensing (reference) OECT. (b) Comparison of lactate production from peripheral
blood mononuclear cells versus unstimulated and stimulated primary non-Hodgkin’s lymphoma cells (left to right).
The left bar corresponds to media before incubation with cells and the right bar to media in which cells grew for

24 hours. The supply voltage Vsupply = -2.3 V for load resistors of Rioaq = 180 Q.

Figure 3a represents a typical chronopotentiometric recording in cell-derived samples.
On the top is shown the individual response of each branch of the bridge and on the bottom the

subtraction of those signals. Due to the two separate wells, a short delay between the exchanges
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of the sample electrolyte in both wells is observed, which leads to a temporary rise in Vout. This
does not reflect any biological activity. As each cell line requires specific culture media that
contains different nutrients (including lactate) in various concentrations, for each measurement
we use the corresponding culture media as a baseline. The difference in the baseline of the
media vs the sample gives a direct measure of the lactate produced by the cells. Note that Vout
returns to its initial value, once the device is rinsed with PBS, indicating that the device
operation is not affected by the addition of complex media and the sensor can be reused for
several measurements.

As already mentioned, a common feature of cancer cells is the enhanced rate of
glycolysis, where glucose gets converted into pyruvate, and is aerobically fermented into lactic
acid even under normoxia.?>*3 Indeed, Brand et al. recently showed that human melanoma
metastases were found to exhibit a “Warburg phenotype” with high lactate measured both
intracellularly and extracellularly.*! This reinforces our hypothesis that electronic detection
methods may be used in the future for cancer diagnostics, for example for predicting metastatic
potential. The advantage of our reference based sensor circuit is in providing higher sensitivity
for such kind of in vitro applications, while allowing for a more accurate lactate production
analysis, even in the harsh sensing milieu that is provided by complex cell media. We thus used
our platform to investigate the lactate produced by cancer cells and normal cells grown under
similar conditions. Figure 3b shows the measured lactate, produced from malignant samples,
specifically samples from a non-Hodgkin’s lymphoma (NHL) patient. These are composed of
lymphocytes, notably malignant B lymphocytes known to secrete a high amount of lactate in
comparison to normal PBMCs.B% For the analysis, we use culture media incubated with a
population of 10* cells for 24 hours. We compare both the unstimulated as well as the stimulated
samples, where the stimulus promotes lymphocyte proliferation. The reference is a non-
cancerous PBMC culture, mainly composed of lymphocytes, under similar conditions (10*
cells, 24 hrs). The normalized response for the PBMC is NR =0.02, which from a linear
interpolation of the calibration curve in Figure 2 (Figure S4) can be estimated to a lactate
concentration Of Ciactate ~ 140 uM. The unstimulated lymphoma cells show a normalized
response of NR =0.05, hence more than twice the lactate concentration Ciactate = 370 pUM.
Finally, the stimulated lymphoma cells show NR =0.14, which correlates with a lactate
concentration of Ciactate =1 M (the raw data of this measurement are shown in Figure 3a),
however we note that this lies beyond the measured range of the calibration curve and saturation

of our enzyme-based sensor device is to be expected. Nonetheless, this value lies significantly
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above the unstimulated lymphoma cells, which can be explained by the fact that the stimulation
process significantly enhanced cell proliferation and thus metabolic activity. We also measured
more samples with the Wheatstone bridge sensor set at a lower operation point and we could
see a similar trend for the unstimulated and stimulated samples, even though the absolute values
of the device recordings are much lower (Figure S5). This emphasizes the fact that a proper

operation point of the device is needed in order to achieve the desired amplification.

3. Conclusions

In conclusion, the sensitivity of the device presented in this paper allows for ex vivo detection
of a broad range of lactate concentrations, from as lithe as 10° of non-malignant cells in
“resting” conditions, i.e. cells with basal metabolic activity, to cells with strong metabolic
activity, here stimulated tumor cells. The OECT has proven to provide highly sensitive
metabolite detection due to its high current modulation in response to a change in the gate bias
while the Wheatstone bridge sensor circuit provides an inherent background subtraction, thus
ensuring elimination of any interference arising from other factors (i.e., electro-oxidizable
compounds, electrolyte evaporation etc). As a proof-of-concept, the lactate produced from
cultures of healthy PBMC and malignant non-Hodgkin’s lymphomas was compared. An
elevated lactate production was indeed monitored in the cancer cells, confirming their intrinsic
enhanced glycolytic metabolic activity, even in unstimulated conditions. To our knowledge,
this is the first time that such a miniaturized sensor circuit has been applied to clinically relevant
testing protocols that are important to follow tumor evolution or treatment efficiency in cancer

patients. %]

4. Experimental Section

Device fabrication: (a) The Parylene-C devices in Figure 1b are fabricated according to
reference [29]. (b) For the Wheatstone bridge sensor, a lift-off process using photolithographic
patterning (plastic mask, Selba S.A.) of negative photoresist (51813, 3500 rpm, 35 s; softbake
110 °C, 60 s; SUSS MJB4 i-line 65 mJ/cm?; MF-26 developer, 30 s) and metal evaporation of
chromium (10 nm) and gold (160 nm) defines the connection pads and interconnects.
PEDOT:PSS solution (19 ml Clevios PH-1000, Heraeus Holding GmbH; 1 ml ethylene glycol,
Sigma Aldrich; 50 ul dodecyl benzene sulfonic acid, Acros Organics; 1 wt% (3-
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glycidyloxypropyl) trimethoxysilane, Sigma Aldrich) is spuncast (1500 rpm, 30s) and
hardbaked (125 °C, 60 min) to generate a homogeneous film (100 nm). PEDOT:PSS was
patterned using a fluorinated negative photoresist (OSCoR 5001, Orthogonal Inc.) that does not
degrade the polymer during fabrication. We spuncast the photoresist (1 ml per glass slide,
1200 rpm, 35's), softbaked (65 °C, 60 s), exposed (i-line 63 mJ/cm?), post-exposure baked
(90 °C, 60 s) and developed (Developer 100, Orthogonal Inc., double puddle 2 x 25 s). Dry
etching (150 W, O2 50 sccm, CHF3 5 sccm, 90 s) and stripping (Stripper 903, Orthogonal Inc.,
double puddle 2 x 60 s) defines channel and drain load resistors. An insulator (DE1 Orthogonal
Inc.) is patterned via spincasting (2000 rpm, 60 s), softbaking (90 °C, 60 s), exposing (i-line
149 mJ/cm?), post-exposure bake (90 °C, 60 s) and develop (developer 100, Orthogonal Inc.,
double puddle 2 x 45 s).

Device characterization: 1V curves were recorded using a Keithley 2612A dual SourceMeter.
All other recordings were done with a National Instruments PXle-1062Q system at 50 Hz
sampling rate (isolated analog output NI PXle-4322 for supply and gate voltage, digital
multimeter NI PX1-4071 for measuring output voltage).

Biofunctionalization and Sensing Mechanism: We used a protocol of enzyme/mediator (lactate
oxidase/chitosan-ferrocene) immobilization on the PEDOT:PSS gate as shown in an earlier
publication.['®! The enzyme-mediator complex is covalently attached to the gate via epoxy
terminated self-assembled monolayers ((3-glycidyloxypropylhtrimethoxysilane) on top of the
oxygen plasma treated PEDOT:PSS surface. In the presence of the analyte (lactate), catalysis
at the enzyme (lactate oxidase) results in the generation of an electron and a further dedoping
of the PEDOT PSS channel (Figure S6).

Lactate measurements: We apply Vas = 200 mV on both OECT gates and a constant supply
voltage for a target operation point of OP =-600 mV. 30 pl 1X PBS solution is added into each
well and when the output signal is stable, PBS is substituted by an equal amount of cell culture
media (this sets the baseline of the measurement). After signal stabilization (~ 1 min), the
solution is substituted with the sample of interest. Finally, the device is rinsed by consecutively
exchanging the liquid in each well with 30 ul of fresh 1X PBS until the device reaches the initial
operation point.

Sample preparation: PBMCs were obtained from volunteers and anonymous donors of
Etablissement Francais du Sang. Peripheral leukocytes were isolated by Ficoll density gradient
centrifugation (Axis-Shield PoC AS, Norway). The mononuclear cells were washed twice,
counted and conserved in RPMI 1640 (GIBCO, InvitroGen) supplemented with 10% heat-
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inactivated fetal calf serum (Lonza, Belgium) at a concentration of 1.10e6 Cells/ml. Lymph
node biopsies, from B-NHL patients, were mechanically disrupted and passed through a
100 pum nylon filter (BD Bioscience) to obtain a suspension of mononuclear cells. Cells were
washed twice, counted and conserved in RPMI1640 supplemented with 10% heat-inactivated
fetal calf serum at a concentration of 1.10e6 Cells/ml. Cells suspension (PBMC or B-NHL cells)
were used in culture experiments in RPMI 10 % FCS with or without Polylg mix (2 pg/ml) and
CpG (1.25 pg/ml) stimuli. The supernatants were harvested after incubation of 24 h at 37 °C in
5% CO.. Supernatants were briefly spun (> 20 000 G) then filtered through a 0.2 pm mesh. All
samples have been diluted 1:1 in 1X PBS. The study was approved by the ethical board of the
Paoli-Calmettes institute (Comité d’Orientation Stratégique, Marseille, France). Patients

provided informed consent in accordance with the Declaration of Helsinki.
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Supporting Information

1st lithography 2nd lithography 3rd lithography
gold lines PEDOT:PSS insulator
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Figure S1. Fabrication layout for photolithography of the Wheatstone bridge sensor. The different colors indicate
UV exposure for the different lithography steps. The first lithography step defines the lead lines with a lift-off
process of a positive photoresist (Shipley S1813). The second lithography step defines the PEDOT:PSS active area
via dry etching while protecting the gate, the channel and the drain load resistor with a negative fluorinated
photoresist (Orthogonal OSCOR 5001). The red arrows indicate the two OECT channels (top) and drain load
resistors (bottom). The third lithography step patterns the insulator to open the gate, the channel, the drain load
resistor and contact pads (Orthogonal Negl). The zoomed images depict the planar configuration of the OECT as
well as the geometry of the active area. The channel of the OECT is defined as W/ L = 100 pm / 10 pm with an
overlap of 20 pm between gold and PEDOT:PSS. The insulator window, that defines the area of the PEDOT:PSS
in contact with electrolyte, has a dimension of 120 um by 30 um to allow for good alignment during fabrication.
The whole device is covered with a 5 mm layer of polydimethylsiloxane (PDMS), within which we introduced
two wells for the two OECTSs. This allows for separate gating of both OECTs, and encapsulation of the drain load

resistors.
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Figure S2. (a) Output characteristics of the OECTs used in the Wheatstone bridge sensor. The aspect ratio of the
channel is W/ L = 10 and thickness isd = 100 nm. The gate voltage Vs is varied from -0.5 V (red curve) to +0.5 V
(blue curve) in steps of 100 mV. The drain voltage is ramped from 0 V to a maximum voltage difference between
source to drain and gate to drain of no more than -0.8 V to avoid water electrolysis. The output curve at Ves =0V
is highlighted (black). (b) Transfer characteristics of the same OECT at Vps=-0.3V. The maximum
transconductance is at Ves = 0.2 V (dashed blue line). (c) Consecutive IV curves for the OECTSs of the left and the
right branch in the Wheatstone bridge configuration for one selected device. The gate voltages from top to bottom
are Ves =[-0.5V, 0V, +0.5 V]. The OECTSs have been measured as is after finishing the fabrication process. It
can be seen that the output characteristics are fairly stable with consecutive cycling, indicating good device
stability. Also, the drain current is almost identical for both OECTSs over the whole voltage ramp, showing a good
device homogeneity.

— osE T T T T T 7]
'Z' | —— N 1

2061 AV =23.99 mV
> 07k ] out

50 1%( FES. Mlediafoe PENIC NR =7.79e-3

l; i 1 1 1 |
é 0 _\P/VL_;

§ A Clactate =91 MM
> _50 1 1 1 1 1 1

50 75 100 125
t[s]

Figure S3. Estimation of the lactate concentration present in media for peripheral blood mononuclear cells. The
lactate concentration is extracted from the normalized response via a linear interpolation of the calibration curve

(see Figure S4).
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Figure S4. (a) Raw data for one selected calibration curve. The addition of the different lactate concentrations is
indicated with arrows. After washing with PBS, the initial value of the output voltage is almost retrieved. (b) Linear
interpolation of the calibration curve. The adjusted R-squared value indicates a clear linear regression. This is used

to calculate the lactate concentration from the normalized response of the Wheatstone bridge sensor.
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Figure S5. Normalized response for medium from unstimulated (NS) and stimulated (S) non Hodgkin’s
lymphoma samples recorded at a lower operation point (OP =-0.35V). The left column shows the lactate
concentration of fresh medium and the right column the lactate concentration of the sample. The overall response
is much lower due to the decreased amplification at the lower operation point. However, the percentage-wise
increased lactate production of sample versus reference media are comparable to the data recorded at higher

operation point (extracted from Figure 3b).
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Figure S6. Reaction cycles at the enzyme/mediator functionalized gate electrode, in the presence of the analyte

(lactate) and the subsequent reaction at the channel.
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Abstract

Organic electrochemical transistors (OECTS) are electrolyte gated organic thin film transistors
that can transduce, as well as amplify, ionic signals of biological origin into electronic ones.
The vast majority of OECTs operate in the depletion regime, switch off upon application of a
gate voltage. This poses, specific disadvantages when it comes to biosensing as compared to
accumulation mode devices that switch on upon detection/transduction of a biological event.
Herein, for the first time, an accumulation mode OECT is presented, comprising an N-type
organic semiconductor in the channel, for enzymatic detection of lactate. Without the need for
an electron-transfer mediator, the channel conductance is modulated when lactate is oxidised
by the enzyme lactate oxidase present in the electrolyte, leading to a sensor with high sensitivity
(10 pA/ uM) in a wide concentration range (10 uM - 10 mM) in physiologically relevant
electrolytes such as blood and sweat. This is due to the operation principle of this transistor type
which allows for the bioelectrocatalytic reactions to occur at the channel, as well as to the
excellent communication network between the organic semiconductor and the enzyme that
results in the electronic doping of the semiconductor as a consequence of the direct charge
transfer from the enzyme. Taken together, these results highlight the versatility of the synthesis
and processing of organic electronic materials enabling high degree of customization based on
the needs of a specific application towards high-performance, simple-to-fabricate, low-cost

point-of-care sensors.

Author’s contribution:

For the present publication, used as chapter 5 in this thesis my contribution was: the OECT
fabrication and characterization, the development of the biofunctionalization strategy, and the

lactate sensing experiments. Moreover, | prepared the manuscript, including the figures.
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1. Introduction

Rapid and early diagnosis of disease plays a major role in preventative healthcare and
constitutes the driving force for the significant advances in biosensors technology [1,2].
Enzyme-based electrocatalysis represents today the most efficient label-free and rapid tool for
the detection of critical metabolites including glucose, lactate, cholesterol etc [3]. due to the
high selectivity, catalytic activity and fast acting properties of the enzymes at the interface with
the electrode [4].

To date, the most commonly studied enzyme-based biosensors rely on the amperometric
detection of hydrogen peroxide, which is formed when the molecular oxygen gets reduced when
the enzyme cycles back and gets re-oxidised. Poor sensitivity due to the especially high
potentials required for hydrogen peroxide oxidation (and thus detection) and the subsequent
interference due to the electro-oxidizable compounds present in complex milieu, have placed a
focus on the direct electrochemistry between the enzyme and the electrode. In most cases, the
distance between the active site of the enzyme and the electrode surface is too long for direct
electron transfer (DET) due to the protein shielding of the enzyme [5]. This is more apparent in
traditional electrode materials (of inorganic nature) where electron transfer via a tunneling
mechanism is rather tedious if not implausible thus necessitating the use of electron transfer
mediators (e.g., ferrocene derivates, ferrocyanide, conducting organic salts and quinones). Such
small molecules can provide the required electron tunneling between the enzyme and the
electrode and facilitate charge transfer.

The emergence of polymeric materials that conduct electricity, has not only
revolutionised the landscape of traditional electronic applications [6,7] but has also entered the
biomedical arena aiming to bridge the gap between electronics and biology [8-10]. Conjugated
polymers (CPs), apart from their apparent merits such as chemical structure tunability, low-
temperature and low-cost processing and integration with flexible technologies, constitute, at a
molecular level, more efficient electrode materials for biosensing due to their polymeric
structure and electron conducting behaviour. For example, in bioelectrocatalytic sensing, CPs
can provide themselves efficient electron relays allowing for fast electron transfer, avoiding
free-diffusing redox species between the electrode and the enzyme. Indeed, polypyrole was the
first CP that was shown to provide an electron relay between the surface of the electrode and
the active site of the enzyme, significantly enhancing the biosensors analytical characteristics
[11]. Following on this, PEDOT- based glucose sensors with potential for long-term

measurements, were presented by Kros et al.[12], by physically incorporating a positively
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charged polymer in the conducting polymeric matrix of the biosensor, allowing for more
efficient ET due to the increased electrostatic interaction of the positively charged entrapped
polymer with the negatively charged enzyme .

Alongside the distinct material properties, CPs enable novel and highly integrated
device configurations, such us the organic electrochemical transistor (OECT). OECTs are
electrolyte gated organic thin film transistors that can transduce and amplify ionic signals of
biological origin into electronic ones [13-15]. One major advantage of the OECT technology is
the especially high amplification of the transduced signals [16], as reflected by their
transconductance values which are among the highest reported for organic transistors [17,18].
Poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS), an intrinsically doped
organic semiconductor, represents to date the workhorse material of OECTSs used in numerous
biological applications including metabolite monitoring [19-21]. These transistors operate in
the depletion regime meaning that they switch off upon application of a gate voltage. This poses
specific disadvantages when it comes to biosensing as compared to accumulation mode devices
that switch on upon detection or transduction of a biological event [22]. In principal, the
accumulation mode transistors are identified with a large operation window, a high signal on/off
response and a low-power operation [23].

We show for the first time, an accumulation mode electrochemical transistor comprising
an N-type organic semiconductor in the channel, for enzymatic detection of lactate. Without
the need for an electron-transfer mediator, the channel is doped when lactate is oxidised by the
enzyme lactate oxidase present in the electrolyte, leading to a sensor with superior sensitivity
and detection range compared to PEDOT:PSS analogues. This is due to the operation principle
of this transistor type which allows for the bioelectrocatalytic reactions to occur at the channel.
By fine tuning the semiconductor to improve its interactions with the enzyme, we can detect
lactate with high sensitivity (10 pA/ uM) and in a wide concentration range (10 uM - 10 mM)
within the physiologically relevant concentrations in blood and sweat. The device exhibits a
linear detection range from 10 UM to 1 mM and a very fast response (ca. 2 sec) for low
metabolite concentrations (<0.3 mM) due to the efficient electron transfer from the enzyme to

the channel, as evidenced by cyclic voltammetry and optical measurements.

2. Results and Discussion

78



2.1 Characterization of the N-type organic semiconductor and proposed

sensing mechanism
Figure la represents the proposed mechanism of an enzyme electrode for lactate sensing based

on the N-type organic semiconductor. The concept of an enzyme coupled biosensing electrode
involves the following; the enzyme catalyzes a reaction which either involves consumption or
generation of electroactive species and then the depletion or production process of such species
can be monitored to give a direct measurement of the analyte concentration. Our goal is thus to
fabricate a mediatroless lactate sensor where, upon the reduction of the biocatalyst (the enzyme
lactate oxidase, LOX) in the presence of lactate, the generated electron(s) will directly get
transferred to the redox active polymer increasing its carrier density and thus the current that is
flowing. In order to achieve that, it is essential to establish good electrochemical coupling
between the enzyme and the electrode surface.

The design criteria for N-type organic semiconductors compatible with OECT
operation, typically involve a narrow band gap donor-acceptor copolymer with polar side
chains[24]. Figure 1b shows the molecular structure of the organic semiconductor employed
in this work, comprised of the highly electron-deficient 2,6-dibromonaphthalene-1,4,5,8-
tetracarboxylic diimide (NDI) monomer which can easily be copolymerized with electron-rich
thiophene based co-monomers following a procedure for semiconducting polymers with polar
side chains [25]. The solubility of the polymer in polar solvents increases with the amount of
glycol side chains and the same applies for its swelling in aqueous. In this case, the organic
semiconductor is comprised of 90% glycol and 10% alkyl chains.

Figure 1c presents the cyclic voltammetry (CV) measurements of thin films comprising
the NDI-T2 on indium tin oxide (ITO)-coated glass substrates. As shown, the attachment of
polar glycol chains at the polymer backbone enables reversible electrochemical switching
between the reduced and neutral states. During the reduction (n-type doping process) sodium
ions drift into the thin film to stabilize the negative charge on the polymer backbone. The redox
reactions in 0.1 M sodium chloride (NaCl) aqueous solution are stable exhibiting reversible
doping and de-doping over multiple cycles. It is worth noting that the measurements were
performed under ambient conditions, without removing oxygen. The absorption onset is found
around 817 nm which is consistent with an increased donor strength of the glycol-bithiophene
unit. The initial UV-Vis spectrum shows two absorption peaks, a m-n* transition located
between 350 and 450 nm and a broader absorption band from an intramolecular charge transfer

complex between 550 and 800 nm.
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Figure 1: (a) schematic of the lactate oxidase redox reactions at the NDI-T2 electrode proposing a direct
charge transfer on the OSC (b) Structure of the N-type semiconductor (NDI-T2) employed in this work.
(c) Cyclic Voltammetry of the NDI-T2 on ITO-coated glass substrates in 0.1 M NaCl aqueous solution
(40 cycles) and (d) normalized UV-VIS NIR absorption spectra.

2.2 Accumulation mode N-type OECTs
The OECT configuration, comprising of the NDI-T2 both in the channel and the planar gate

electrode, is shown in Figure 2a. Such all-planar configuration (Vs the typical OECT structures
involving an external top gate electrode) are preferred for future applications since they are
compatible with large area processes such as printing and also provides ease for integration
with microfluidics. For the device fabrication, gold contacts (source drain and gate electrodes)
and interconnects were patterned on a glass substrate and an additional layer of Parylene C was
used to insulate the gold interconnects. The CP, here the NDI-T2, is spin cast directly from
solution without any annealing steps and serves as both channel and gate electrode. The device
is operated in an aqueous 0.1 M Phosphate Buffer Saline solution (PBS) which is the

physiologically relevant electrolyte.
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Figure 2: OECT characteristics based on the NDI-T2 OSC both on the channel and on the gate (a)
Schematic representation of the all-planar OECT configuration (b) IV output characteristics and (c)
transfer characteristics of the N-type OECT gated by the same gate material

Typically, in electrochemical transistors operating in accumulation mode, the
application of a positive or negative gate bias triggers electrochemical redox reactions resulting
in the reduction (n-type doping) or oxidation (p-type doping) of the organic semiconductor
respectively, thus increasing its conductivity. Given that such systems operate in aqueous
electrolytes, the gate potential that can be applied to dope the semiconductor is limited to the
value that results in water electrolysis. Figure 2b shows typical output (drain bias vs drain
current when increasing gate bias with a step of 0.1V) characteristics of the N-type OECT for
a channel length of 10 um and a width of 100 um. Figure 2c, shows typical transfer
characteristics (gate bias vs drain current) for a fixed drain bias of 0.5 V. As can be seen, the
n-type device with the given channel length typically exhibits a peak current of around 0.7 pA
(at Ve=0.8 V) and a peak transconductance of 8 uS (at Ve=0.8 V) as calculated from the slope

of the transfer curve.

2.3 Highly sensitive mediator-free lactate detection with the N-type OECTs
Lactate is a metabolite that has evoked great interest due to its association with critical

healthcare conditions such as hemorrhage, respiratory failure, hepatic disease, sepsis and tissue

hypoxia. L-lactate oxidase is a globular flavoprotein usually obtained from various
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microorganisms, such as Aerococcus viridians and is widely used for the electrochemical
determination of lactate [26]. As can be seen in Figures 3 a,b the electrons that are involved
in the enzymatic reaction are transferred from lactate to the oxidized form of the enzyme

cofactor (Flavin Adenine Dinucleotide, FAD) present in the enzyme’s structure.
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Figure 3: N-type OECT lactate sensor: (a) schematic of the OECT biosensor showing the device
structure and the enzymatic reactions at the sensing electrode as well as (b) the enzyme cofactor redox
reaction. (c) Real-time response of the OECT (drain current as a function of time) after the additions of
increasing concentrations of lactate in the enzyme-containing PBS solution and (d) calibration curve of
the lactate as extracted from the amperometric response measurements. (e) Device sensitivity with
hydrogen peroxide (red line) vs lactate (black line) showing that the hydrogen peroxide oxidation is not
the underlying mechanism behind the current increase.
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In Figure 1c, the chronoamperometric response of the N-type OECT is shown as we
increase the concentration of lactate in the presence of LOx and without the addition of any
mediator, at a fixed gate bias of 0.5V and drain bias of 0.7V. By applying a higher source drain
bias than the gate bias we ensure that the oxidation reaction is driven to the channel electrode
which we use as our sensing element. The source-drain current is shown to increase with lactate
concentration, suggesting that the enzymatic reactions somehow increase the conductivity of
our semiconductor. The N-type OECT lactate biosensor yields excellent performance
characteristics as shown from the lactate calibration curve of Figure 1d, such as high sensitivity
values (10 pA/ uM) for a wide analyte concentration range (10 uM - 10 mM) within the
physiologically relevant concentrations in blood and sweat. Additionally the device exhibits a
linear detection range from 10 uM to 1 mM and ultra fast response (ca. 2 sec) especially for
low metabolite concentrations (<0.3 mM). In order to compare the responses of different
devices the current outputs were normalized (NR) as described elsewhere [20].

Generally, in enzyme biosensors, when the enzyme’s cofactor is not sufficiently wired
to the electrode and in the absence of an electron transfer mediator, the diffusing molecular
oxygen takes the electrons from the reduced cofactor, transferring them to hydrogen peroxide.
In order to rule out this possibility, we tested the device sensitivity to hydrogen peroxide, by
adding the corresponding hydrogen peroxide concentrations in a similar manner to the lactate
chronoamperometry measurements. Figure 3e shows clearly that peroxide has no effect on the
OECT response, further suggesting that the proposed mechanism relies on charge transfer
directly to the electrode from the enzyme. We thus can hypothesize that the enzyme added in
the PBS solution, has a good electrochemical contact with our redox active electrode (the
channel of the OECT) resulting in efficient electron wiring and subsequently n-type doping of
the semiconductor. One question that remains to be answered relates to the nature of the
interactions between the enzyme and the electrode that lead to such good electrochemical
contact, and if this is bias-dependent mechanism or not. It is worth noting at this point that when
the enzyme was covalently attached to the surface of the organic semiconductor, the biosensor
response was very poor (data not shown) suggesting that the cofactor was far away from the
electrode. Future experiments will thus focus on understanding the nature of the enzyme-
electrode interactions that led to such good contact and also the underlying mechanism of

electrode doping (i.e., electrostatic).
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2.4 Device operation can tune sensor analytical characteristics
In order to get a better insight into the device (OECT) operation principle with respect to the

biosensors analytical characteristics we also varied the device parameters (drain vs gate bias)
and performed the chronoamperometric measurements as mentioned before. Figure 4a shows
a comparative graph of the calibration curves obtained at different device operation parameters.
As can be seen from the slope of the curves (at a linear scale) in Figure 4b the device that was
operated at lower gate bias (0.5V) exhibited a wider linear lactate range but lower sensitivity
compared to the devices operated at higher gate bias (0.6V) keeping the same drain bias (0.7
V). The highest sensitivity is attributed to the higher transconductance of the device at the
higher gate bias and thus to the higher amplification of the signal. Interestingly, in the case
where the gate bias is at its maximum (0.7 V) and equal to the drain bias we observe an
intermediate response in terms of sensitivity but still lower linear range of detection. We believe
that this might be due to overstressing of the device, given the very high overall potential

applied, and we assume that this might lead to loss of sensitivity.
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Figure 4: Tuning OECT lactate sensor analytical characteristics (a) Comparative graph of the calibration
curves obtained at different different device operation parameters and the (b) linear scale response of the devices

showing the sensitivities as the slope of the curves.

Taking all the above into account, our findings highlight the role of the OECT in
biosensing aplications serving as both amplifying and transducing element. By controlling the
device parameters we not only fine tune the sensor’s performance in terms of sensitivity and
range of detection but we can also define the direction of the electric field and so the given

redox reactions’ direction (i.e., we can force the reactions to occur either at the channel or at
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the gate electrode) favoring the biological system that is studied. More importantly this can be
achieved just by controlling the set parameters and without the need to redesign anything de

novo, highlighting the high versatility such systems can offer.

Conclusions

Overall we showed herein, that the apparent advantages of the OECT technology for biosensing
applications (sensitivity and compatibility with aqueous) extend to a new class of materials,
organic semiconductors compatible with OECT operation (they swell in aqueous solutions and
can be volumetrically doped by the application of a gate bias) that exhibit electron transport.
Without the need for an electron-transfer mediator, the OECT channel (comprised of the N-
type material) gets doped when lactate is oxidised by the enzyme lactate oxidase present in the
electrolyte. This is hypothesized to be due to electron transfer at the electron transporting
material which directly results in increase in its conductivity. This novel concept of using
accumulation mode OECT devices with active materials that act simultaneously as electron
acceptors opens up a wide range of possibilities in bioelectrocatalytic sensing and also in other

fields such as biofuel cells.
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Abstract

Oppositely charged polyelectrolyte multilayers (PEMs) were built-up in a layer-by-layer (LbL)
assembly on top of the conducting polymer channel of an organic electrochemical transistor
(OECT), aiming to combine the advantages of well-established PEMs with a high performance
electronic transducer. The multilayered film is a model system to investigate the impact of
biofunctionalization on the operation of OECTs comprising a poly(3,4-
ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS) film as the electrically active
layer. Understanding the mechanism of ion injection into the channel that is in direct contact
with charged polymer films provides useful insights for novel biosensing applications such as
nucleic acid sensing. Moreover, LbL is demonstrated to be a versatile electrode modification
tool enabling tailored surface features in terms of thickness, softness, roughness, and charge.
LbL assemblies built-up on top of conducting polymers will aid the design of new bioelectronic

platforms for drug-delivery, tissue engineering and medical diagnostics.

Author’s contribution:

For the present publication, used as the whole Chapter 6 in this Thesis my contribution was: the
OECT fabrication and characterization, the development of the biofunctionalization strategy
based on the layer-by layer assemblies of oppositely charged polyelectrolytes, and the nucleic
acid experiments. Moreover, | prepared the biggest part of the manuscript, including the figures.
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1. Introduction

The discovery of conducting polymers (CPs) has fueled research in multiple areas, and recently
in the field of bioelectronics, coupling conventional electronics with biology.'* The ability of
CPs to conduct both electrons and ions, in combination with their soft nature and compatibility
with biological species, are only some of the merits that render these materials a promising
conduit between electronics and biology.> The field of organic bioelectronics leverages the
properties of CPs to improve the biotic/abiotic interface, aiming to address unmet clinical
needs.* For organic bioelectronic devices, the interface of the CP (the abiotic electronic
component) with the biological milieu is of utmost importance, dictating most chemical,
biological or electrical processes.’ The ability to control and tailor this interface, either through
post-processing or via synthesis, can endow devices with new functionalities, e.g. detection or
stimulation of a biological process, which may otherwise be infeasible or inefficient with
unmodified CP electrodes.® Synthetic routes are generally tedious, with the disadvantage of
possibly interfering with the overall device performance, considering that electrical properties
of CPs are often reported to be very sensitive to changes in the chemical structure.” Another
point to take into account is that adsorption of a bio-active compound onto a solid substrate can
introduce conformational changes in the molecule which may reduce, if not eliminate
bioactivity.

Layer-by-layer (LbL) assembly, first established by Decher et al,’ is a bottom-up
nanofabrication technique for multilayer formation on top of a desired substrate.'® LbL
assembly can generally be built up by alternating deposition of mutually interacting species
such as oppositely charged polyelectrolytes, yielding polyelectrolyte multilayers (PEMs) that
represent the majority of the LbL generated films studied to date.!! Other PEM deposition
techniques have been reported to be less versatile than LbL mostly due to limited type of
assembly components (Langmuir-Blodgett type deposition is limited to amphiphilic molecules)
and the requirement of certain chemical species on the surface for the attachment of the layers
(e.g. self-assembled monolayers).'” Given that most bioactive compounds have charged sites at
their surfaces, LbL can also be applied to construct architectures including biological
molecules.!” The variety of materials that can be deposited as thin films using this technique,
the mild processing conditions compatible with physiological conditions and its cost-
effectiveness, as well as the control and tunability of the film properties, render LbL ideal for
functionalizing surfaces with biological compounds.'>!* Moreover, the use of the LbL

technique for deposition/encapsulation of electroactive materials has enabled electro-
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responsive films that are promising for biology-related applications.'* For instance, electrical
stimulation of LbL films comprising electroactive components has been reported to induce local
changes in pH, ionic strength or even water electrolysis. These led to destabilization of the films
and thus the release of the incorporated bio-active molecules such as DNA'® or drugs.!®!’
Another work reported an LbL assembly of a redox active polymer and DNA that could
electrochemically detect the oxidative damage of DNA.'® Introduction of a redox enzyme such
as lactate oxidase within an LbL assembly, at the gate of a field effect transistor resulted in
sensitive detection of the corresponding metabolite, lactate, due to the preservation of the
enzymatic activity.!” Organic electrochemical transistors (OECTs) can efficiently transduce,
as well as amplify, small ionic fluxes in biological systems into electrical outputs. The channel
of the transistor, comprised typically of the CP PEDOT:PSS, is gated through an electrolyte
(the biological medium), and any changes at this interface are expected to change the current
outputs. OECTs differ from other electrolyte gated transistors in that the change in electronic
charge density occurs over the entire volume of the channel, providing efficient ionic-to-
electronic current transduction and leading to a high transconductance. 2° The transconductance
(so far the highest reported among electrolyte-gated counterparts)*' translates into high
sensitivity in biosensing applications. OECTs have therefore been used for sensing of various

23,24

biological species ranging from ions** to metabolites, and processes such as cell

proliferation and differentiation.?°

In this work, we introduce for the first time, a LbL assembly of alternating
polyelectrolytes, namely poly-L-lysine (PLL) and polystyrene sulfonate (PSS), on top of the
channel of a PEDOT:PSS based OECT combining the advantages of well-established PEMs as
a sensitive biofunctionalization approach with a highly performant electronic device. We
demonstrate the formation of LbLs on the PEDOT:PSS channel and investigate how the device
performance is affected upon the addition of the polyelectrolytes and further, how these changes
can be translated into an efficient bio-sensing strategy. In particular, we show that the addition
of a charged layer can modulate injection of ions into the channel, allowing for sensing
applications in physiologically relevant electrolyte concentrations. A similar modulation effect
was previously achieved by Magliulo ef al., via the use of a phospholipid bilayer on top of an
organic semiconductor channel of an electrolyte gated field effect transistor. 27 As a proof of
concept, we show the use of our LbL modified OECTs for the controlled immobilization as
well as electrical detection of nucleic acids, en route to design more sophisticated biosensing

systems. Since the technique allows for control over film formation, LbL. modified transistors
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sense nucleic acids with a higher sensitivity and broader dynamic range compared to

unmodified devices.

2. Experimental Section

Fabrication of OECTs

The devices are fabricated photolithographically using a parylene-C lift-off process.?® Patterned
gold lines serving as source, drain, and gate electrodes were patterned using Shipley 1813
photoresist, exposed to UV light with a SUSS MJB4 contact aligner, developed in MF-26
followed by thermal evaporation of chromium (10 nm) and gold (100 nm) and metal lift-off in
acetone/isopropanol. Two 2 um thick parylene C layers (SCS Coating) separated by an anti-
adhesive (industrial cleaner, Micro-90) were successively deposited using a SCS Labcoater 2.
The first parylene layer, was attached to the substrate via an adhesion promoter, namely 3
(trimethoxysilyl)propyl methacrylate (A-174 Silane). For the patterning of the PEDOT:PSS
channel (W/L, 100 pm/10 pm), AZ9260 photoresist was spin cast, exposed, and developed in
AZ developer (AZ Electronic Materials) followed by reactive ion etching by O2 plasma (Oxford
80 Plasmalab plus) of the unprotected parts of parylene. The deposition parameters of the
PEDOT:PSS films is as follows.

Preparation and biofunctionalization of PEDOT:PSS films with the LbL assemblies

For the deposition of PEDOT:PSS films on transistor channels, a formulation of the commercial
aqueous dispersion PH-1000 (Heraeus Clevios GmbH), consisting of 5%V/V ethylene glycol,
0.4%V/V dodecyl benzene sulphonic acid and 25wt% of polyvinyl alcohol was sonicated
before spin-casting (2500rpm/ 35sec, for a thickness of 90 nm). The resulting films were
subsequently baked at 110 °C for 1 h followed by 2 rinsing/soaking cycles in deionized water
to remove any excess of low molecular weight compounds. For the polyelectrolyte assembly,
PLL (MW: 70-150 kPa, Sigma Aldrich) and PSS (MW: 70kPa, Sigma Aldrich) at
concentrations of 1 mg/ml in PBS were sequentially cast on the unmodified PEDOT:PSS films.
During the PEM construction, each polyelectrolyte was left on top of the film for 20 min and
all rinsing steps were performed with an aqueous solution of PBS at pH 7. In the particular case
of the covalent attachment of the PLL initial layer, the PEDOT:PSS film was further modified
as follows. Oz plasma treatment (Oxford 80 Plasmalab plus) at mild conditions (25Watt/ 1min)

was applied to modify the surfaces with hydroxyl groups for subsequent silanization via a
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condensation reaction. 3-glycidoxy-propyltrimethoxysilane (GOPS) was deposited by vapor
deposition at 90°C for 1h under vacuum. The films were then baked after washing with ethanol
(15 sec) for the formation of the epoxy-modified surface. PLL solution at pH 9 was cast on top
of these functionalized films and left for 2h. For the fluorescent-based evaluation of the PLL
layer on top of PEDOT:PSS, a fluorescein isothiocyanate (FITC) labeled PLL of 1 mg/ml in
PBS (MW: 15-30 kDa, Sigma-aldrich) was immobilized on a PEDOT:PSS patterned glass-
slide and monitored with a fluorescence microscope (Axio Observer Z1, Carl Zeiss

Microlmaging GmbH).

Assessment of LbL assembly on top of PEDOT:PSS films via Quartz Crystal Microbalance with
Dissipation module (QCM-D)

The QCM-D measurements were carried out on a commercially available Q-Sense E4
instrument. (LOT-QuantumDesign, France). All measurements were carried out at 25 °C with
a flow rate of 50 pl/min controlled by a peristaltic pump. PEDOT:PSS films were cast on sensor
crystals (SiOz) as described above. After stabilization in PBS, PLL and PSS were alternately
injected into the system for a duration of 20 min for each polyelectrolyte. The sensors were
rinsed with PBS after each layer formation. The assembly of PEMs was monitored through
changes in resonance frequency (Af) and energy dissipation (AD) of crystals as a function of
time using several overtones. All QCM-D data presented in this paper were measured at the

fifth overtone.

Assessment of the film morphology using Atomic Force Microscopy (AFM)
The AFM investigation was carried out using a commercially available (Bruker) instrument.
For better image acquisition, tapping mode was used at a scan rate of 1.0-1.2 Hz, with ultrasharp

silicon cantilevers at a resolution of 512 points per line.

Characterization of the LbL modified OECTs

All measurements were performed using a Ag/AgCl wire (Warner Instruments) as the gate
electrode and PBS or PBS diluted in DI water (pH 7.4), as electrolyte. The steady-state
measurements of the OECT (output and transfer curves) were performed using a Keithley
2612A with customized LabVIEW software. For the transient characterization of the OECTs,
an NI-PXI-4071 digital multimeter was employed to simultaneously measure drain and gate

current (Ip and Ig). For the transient response, a square pulse was applied to the gate and the
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drain current was measured. The response time of the devices was determined using an
exponential fit on the Ip profile. For the frequency dependent measurements, a sinusoidal
voltage signal was applied at the gate, with varying frequency and amplitude (AVg=10 mV
peak-to-peak, 1 Hz < f< 20 kHz), while measuring Ip (at a constant drain voltage, Vp, of 0.6
V), and therefore transconductance (gm) as a function of frequency. The recorded signals were

saved using customized LabVIEW and analyzed with Matlab.

RNA immobilization on OECTs and its characterization

For the nucleic acid immobilization on the transistor channel, increasing concentrations of
single stranded mRNA (0.01 — 50 ng/ml) were deposited on the device and left for 30 min in
humid conditions to avoid evaporation. Subsequently, the devices were rinsed in PBS and
characterized. The Ip was extracted at a specific operation conditions (Vg= 0V and Vp=-0.6V)
and for the different RNA concentrations and a calibration curve of the mRNA

immobilization/detection was generated.

3. Results and Discussion

3.1 LbL on top of PEDOT:PSS : Optimizing the immobilization of the supporting
layer by QCM-D

PLL and PSS were chosen in this work as the positively and the negatively charged
polyelectrolytes respectively, for alternated deposition on top of PEDOT:PSS. PLL is a
polypeptide with pKa values ranging between 9 to 11 due to its amino side groups,* while the
sulfonic acid groups of PSS result in pKa values ranging from 0.5 to 1.5. 3° Figure 1a shows
the chemical structures of all the polymers, along with a schematic representation of the LbL

assembly on top of PEDOT:PSS.
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Figure 1. Building a LbL assembly on top of a PEDOT:PSS film. (a) Chemical structures of PEDOT:PSS and of
the two polyelectrolytes employed, PLL and PSS and schematic of the PEM built up on top of PEDOT:PSS where
the initial PLL layer is either covalently attached to the epoxy-modified PEDOT:PSS or electrostatically adsorbed
to PEDOT:PSS film. (b,c) Changes in QCM-D frequency (black circles) and dissipation (red squares) properties
of the PEDOT:PSS film as consecutive layers are formed for the case of covalent attachment of the supporting
PLL layer as well as for the case its electrostatic adsorption, respectively. (d) The calculated film thickness using
the Sauerbrey model, upon each layer addition for the two distinct cases, adsorption (black circles) and covalent

attachment (black squares).
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Bearing in mind the importance of the direct interface of the CP with the first
polyelectrolyte layer, our first goal was to optimize the deposition of this initial layer. In our
study, we used two approaches to deposit the first PLL layer: either covalently or via
electrostatic adsorption. We utilized an epoxy-terminated silane on top of the plasma activated
PEDOT:PSS surface as a means for subsequent polypeptide covalent attachment.?!*> In order
to monitor the in-situ LbL assembly formation on PEDOT:PSS film involving these two distinct
functionalization approaches, we performed QCM-D measurements. QCM-D is a surface-
sensitive technique used typically for the mass and viscoelasticity estimation of materials
adsorbed on a quartz crystal. Figure 1b presents the shifts in the frequency and dissipation of
the PEDOT:PSS coated SiO; crystals as each layer is built up, in the case where the supporting
layer PLL, is covalently attached. The presence of this layer on top of the PEDOT:PSS film
was as well evidenced by fluorescence microscopy using a fluorescent dye-conjugated analog
of PLL (PLL-FITC) (Figure S1). During the assembly of the layers, we observe a gradual
decrease in frequency and attribute it to the accumulation of polymers on the CP film.
Simultaneously, the small change in dissipation (4D < 1.7 x 10) reveals the rigidity of the
assembled film. The second approach relied on electrostatic adsorption of the initial PLL layer
and the associated QCM-D signals summarized in Figure 1c indicate that the LbL formed
herein is significantly thinner than for the case of the covalently attached PLL. Moreover, a
gradual decrease in the dissipation values with each successive layer indicates that the structure
gets softer. The properties of this assembly in terms of thickness and softness are similar to an
identical one formed on a bare SiO> crystal (Figure S2). Overall, it is likely that the properties
of the initial layer, governed by how it is deposited - either electrostatically or via covalent
attachment, affect not only the thickness but also the softness of the final assembly — for at least
three consecutive bilayers shown in this study. AFM studies demonstrate no significant
morphological differences between these different foundation layers, as well as between the
PEMs built on top them (Figure S3). The uppermost PSS film was, however, thicker for the
case of covalently attached PLL layer. These results are in agreement with several studies
reporting on the versatility of the LbL technique. Depending on the targeted application, process
parameters can be fine-tuned modulating LbL film properties in return.>*** The specific needs

of an application would therefore determine the optimum biofunctionalization approach. 3
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3.2 Characterization of LbL on top of an OECT

The LbL assembled film was subsequently implemented in a device configuration, and built-
up on top of the channel of an OECT, as shown in Figure 2a. We chose to use the approach
based on the covalently attached supporting layer, since the resulting film was found to be more
rigid through the QCM-D studies and we anticipated that the low potentials applied for the
OECT characterization would not affect the assembly. The typical steady-state characteristics
of the OECT prior to any surface modification on the channel are shown in Figure S4a. Upon
each layer addition, we observe a decrease in the current passing through the channel between
the source and drain electrodes (Ip) (Figure 2b). It is plausible that upon contact with the
transistor channel, the positively charged PLL de-dopes PEDOT:PSS due to electrostatic
interactions with the negatively charged sulfonate groups on the PSS that normally compensate
for the mobile holes in PEDOT. This would lower the charge carrier density in the channel and
consequently its electrical conductivity. Additional layers on the other hand could contribute to
further de-doping. To elucidate this potential mechanism, we investigated the effect of the
layers on the electrical conductance of the channel. For these measurements, the gate electrode
was taken out of the electrolyte solution and the I-V characteristics of three identical
PEDOT:PSS channels between gold contacts were recorded, upon each layer formation. While
the first PLL layer increases the resistance of the channel slightly, the conductance seems to
recover as the PSS layer is added (Figure 2¢). Nevertheless, we do not observe a clear trend

dependent on the polyelectrolyte on top.
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Figure 2. Steady state characteristics of the LbL modified OECT. (a) Schematic representation of an LbL
modified channel of an OECT. Upon application of a positive gate bias (+ V), cations of the electrolyte are injected
into the channel, modulating its conductivity; thereby changing the current between the source and drain contacts
(Ip). The gate electrode is Ag/AgCl, parylene (PaC) is the insulator and gold (Au) is used as the contacts of the
electrodes. (b) Transfer curves recorded at Vp = - 0.6 V after formation of each polyelectrolyte layer. (c¢) The

resistance of the channel as a function of consecutive layers deposited. The electrolyte is 0.1 X PBS.
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One possible explanation for the decrease in Ip with successive layers is that each
polyelectrolyte layer adds an additional capacitance to the ionic circuit between the gate and

the channel >

OECTs are typically described by an electronic (within the channel) and an ionic
circuit (along the gate and the channel) which may be thought of as a capacitor in series with a
resistor.>® The capacitance term here includes the two electrode/electrolyte interfaces. Since we
use a nonpolarizable Ag/AgCl electrode as the gate, the application of Vg induces a steady-
state current in the electrolyte endorsed by oxidation/reduction reactions at the gate. The device
performance is thus affected by the channel/electrolyte interface where almost all the potential
drop takes place.>® We anticipate that as a new charged layer is formed on top of PEDOT:PSS,
the potential profile in the electrolyte is modulated, irrespective of the polarity of pendant
groups. In fact, as the polyelectrolytes accumulate on top of PEDOT:PSS, not only does the Ip
decrease, but also the gating of the channel becomes less effective, as shown by the gradual
decrease in transconductance (gn=Alp/AVG) (Figure S4b). This shows that the trend observed
in the I-V characteristics that are related to changes in the ionic circuit, is visible due to the
inherent amplification of the OECT.

The decrease in the gm led us to investigate whether the films act as blocking layers and
prevent free charges in the electrolyte from entering the channel. This would be best reflected
in the temporal response of the device and, in a similar fashion, has been used to evaluate the
integrity of barrier forming tissues.?>%37 We therefore recorded the transient characteristics of
the devices before and after addition of the polyelectrolytes using two techniques which differ
by the type of pulses applied at the gate; either sinusoidal or square. In the case of a sinusoidal
voltage signal applied with varying frequency and amplitude, the resulting drain current is
measured and extracted as the gm of the OECT as a function of frequency.’® Typically, below
the device cut-off, the ions from the electrolyte can readily enter the channel and the OECT
exhibits stable and high gm. Above the device cut-off, however, the g drops since the ions do
not have enough time to move into the channel, and this defines the speed of the transistor (see
Figure SS5a). Square voltage pulses at the gate similarly modify the drain current and the
switching speed of the transistor is then extracted from the obtained current-time profiles.

Figure 3a shows the change in the cut-off frequency upon addition of each
polyelectrolyte layer. Rather than a continuous barrier for ions, which would result in a gradual
increase in switching speed, we observe a “ping-pong” effect with the alternating

polyelectrolyte layers. For instance, the OECTs switch faster with the initial PLL layer (lower
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cut-off), but slow down (higher cut-off) with the addition of a PSS layer; a trend that is
consistent for the consecutive layers. We observe the same trend upon application of a square
pulse at the gate electrode (Figure 3b). Moreover, with an increase in the bias magnitude at the
gate (Vg=500mV), devices that contain PSS as the uppermost layer recover to the initial

switching speed more efficiently.
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Figure 3. Transient characteristics of the LbL modified OECT. a) The change in the cut-off frequency of the

devices upon addition of polyelectrolyte layers. The cut-off frequency was estimated from transconductance vs
frequency plots acquired for each device configuration. b) The change in the response time of the devices
determined from the drain current response to a square pulse at the gate which is 25mV (black) and 500 mV (red).

All experiments were performed at PBS (diluted 100X).

In a multilayer assembly based on sequential adsorption of oppositely charged
polyelectrolytes such as the one used here, once the polyelectrolyte is in excess, the “fixed
charges” render the multilayer semi-permeable to ions. The electric potential difference
between the PEM surface and the electrolyte is known as the Donnan potential and typically
results in the repulsion of mobile ions of the same polarity with the fixed ions at the uppermost
polyelectrolyte layer.*’ In our case, based on the transient behavior of the OECT, we observe
that the Donnan exclusion effect is taking place when the PLL is the uppermost layer, since it
requires more time for the cations to enter and dedope the channel. This leads us to hypothesize
that the PSS intrinsically compensates for the PLL beneath and that there is a small excess of
charges uncompensated on the PSS surface acting as the driving force for subsequent
polyelectrolyte deposition. Due to the reduced repulsion/attraction, when PSS is the outermost
layer, ions have less difficulty in entering the film. Furthermore, the increase in the injection
bias (gate voltage) helps the ions to interact with PEDOT:PSS. Notably, in contrast to steady-

state characteristics, the LbL-induced changes in the transient profile were more pronounced
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when the measurements were performed at dilute electrolyte concentrations (diluted 100X) as

shown in Figure S5b.

3.3 LbL for the controlled immobilization and monitoring of nucleic acid
Similar to alternate adsorption of polyelectrolyte systems, LbL can be used to deposit almost
any type of charged species, e.g., oligonucleotides: RNA, DNA. ' In particular, nucleic acid
detection using organic electronic devices has received interest in the recent years as a label-
free, faster more cost-effective method for diagnostic applications.*!* Non-specific RNA
sensing has applications for example in viral diagnostics, when probing the RNA release from
apurified virus.** As a proof-of-concept for biosensing, we used our LbL functionalized OECTs
for electrical monitoring of a nucleic acid. The platform is based on the electrostatic adsorption
of a single stranded negatively charged polymer (mRNA; messenger ribonucleic acid), onto the
positively charged PLL layer of the LbL immobilized on top of the transistor channel. At
physiologically relevant buffer concentration (1 X PBS), mRNA attachment does not lead to
any notable change in the transient characteristics of the LbL modified OECT (Figure SSc).
On the other hand, we observe a continuous decrease in the steady-state drain current values
upon increasing mRNA concentration in the solution (Figure 4a). Note that without the PLL
functionalization, PEDOT:PSS devices are insensitive to mRNA, even at a relatively high
concentration, indicating that the polymer does not have non-specific interactions with the
channel (Figure 4b and S6).

Figure 4b shows the calibration curves of the mRNA loading with respect to the
normalized current response of the OECT for a selected gate voltage (Vg=0 V) Here, we
compare the detection sensitivity of two devices, one comprising an LbL modified channel, and
a second which contains only one layer of PLL. We note that the response observed upon
binding of mRNA is predominantly linear, although at lower concentrations, there may be some
cooperativity type effects.** The mechanism of detection is based on the compensation of
charges on the backbone of the mRNA, by positive charges on the upper layer of PLL. However,
there may be more complex interactions occurring between the polypeptide and the nucleotide
such as hydrogen bonding and hydrophobic interactions,* which will merit further
investigation. There appears to be a difference in sensing capability of one versus the other: we
posit that in the case of an LbL modified surface there is likely a more even surface charge

distribution on the uppermost layer of the LbL. which may enable sensing with a broader
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dynamic range and higher sensitivity. In other words, the effect observed upon binding of
mRNA to the LbL modified OECT appears not to saturate as early as that seen on a PLL
modified device. Notably, the measurement error is larger for the OECT comprising a single
PLL layer as the sensing-active component compared to the device modified with the LbL
assembly.

The drawback of most electrolyte gated transistors used for sensing of such electrically
charged species is the necessity to use low salt concentrations due to the Debye length
limitations. “**” Current-voltage characteristics of LbL modified OECTs are, on the other hand,
sensitive to RNA at ionic concentrations similar to those found in biological media such as the
blood. Similar to the effect of the charged layers on top of the OECT, acting as an additional
capacitor to our circuit, RNA layer changes the potential profile at the electrolyte shown at the

steady state measurements.
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Figure 4. RNA sensing using LbL modified OECT. a) The change in transfer characteristics of the LbL modified
OECT upon additions of increasing concentrations of the mRNA b) Comparative mRNA titration curves at Vg =
0V for an LbL modified device, a single layer PLL modified device and for a typical device (i.e. bare PEDOT:PSS
in the channel serving as the control), showing an increased sensitivity with a broader linear range for the LbL
assembly. All experiments were performed at physiologically relevant concentrations. The error bars were deduced

from four measurements on two identical channels (100*10 pm in length*width)
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4. Conclusions

In conclusion, we functionalized the conducting polymer channel of OECTs with an LbL
assembly of polyelectrolytes, aiming to confer new functionalities on the device. This highly
versatile technique enables fine tuning of crucial film parameters such as thickness and rigidity.
We find that the PEMs modulate the electrical potential in the electrolyte and affect the injection
of ions into the channel, which we utilize as a strategy to sense charged biological species such
as mRNA. The LbL modified OECTs are able to sense nucleic acid in the electrolyte with a
high sensitivity and broad linear range at low operating voltages. Notably, the devices signal
the presence of mRNA at physiologically relevant electrolyte concentrations, visible in the
steady state current profile. Future experiments will address specific nucleic acid detection

using a complementary probe based on our LbL functionalization method.
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consecutive polyelectrolyte formation; Typical output characteristics of the OECT prior to any
surface modification on top of the channel; Changes in QCM-D frequency and dissipation of a
SiO> crystal upon formation of an LbL assembly of PEMs; Fluorescence microscopy image of
the fluorescein isothiocyanate (FITC) labeled PLL covalently attached on the surface of epoxy-
modified PEDOT:PSS and AFM images of LbL modified PEDOT:PSS films.

Figure S1. Fluorescence microscopy image of the fluorescein isothiocyanate (FITC) labeled PLL covalently
attached on the surface of epoxy-modified PEDOT:PSS.
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Conclusions and Outlook

Having already demonstrated technological maturity and successful commercialization in
applications such as light emitting diodes or photovoltaics, organic electronics have made a
mark in the biomedical field with a plethora of research prototypes already showing potential
for commercialization. The present work aims to show how organic electronic materials can
improve existing healthcare technologies or even provide new solutions to unmet clinical needs
due to their unique material properties and their versatility. With a particular emphasis in
enzymatic detection of human metabolites, the present thesis aims to solve critical issues in real
world applications related to complex sensing environment and the need for multiplexing and
system integration. We address this, i) by showcasing the implementation of innovative device
configurations based on organic electronics and ii) by exploring the structural tunability as well
as versatility in surface chemistry of organic electronic materials toward an optimized interface
with the biological milieu.

In Chapter 1, the state-of-the-art in organic electronic materials for enzymatic sensing
of metabolites is initially summarized and discussed. By highlighting specific examples from
literature, organic electronic materials’ adaptability to challenging performance requirements
(related to complex biological milieu) and their ability to serve simultaneously as
immobilization matrices for the biorecognition elements (i.e., enzymes) and as biotransducers,
are showcased. For example, their polymeric structure allows for an intimate electrochemical
contact with the biorecognition element and/or their facile implementation into innovative
device configurations facilitating system integration are only some of the factors that are
credited for their success in biological applications.

Indeed, the major challenges when it comes to real world applications in biosensing are
two-fold; the sensitivity and specificity of the biosensor in the highly interferent environment
of the biological samples and the system integration toward automated, standalone and user-
friendly platforms. Electrochemical detection combined with microelectronics technology can
provide a fast, label-free and versatile alternative to the existing detection methods that rely on
heavy instrumentation and highly trained personnel. One great example of such electrochemical

transducer is the organic electrochemical transistor (OECT). OECTSs, operate in agueous
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electrolytes and transduce as well as amplify signals of biological origin (ionic) to electronic
ones without requiring freestanding conventional reference electrodes used in common
electrochemical setups. Taking advantage of the design freedom and ease of integration of such
technology, in Chapter 2, OECT arrays were fabricated on glass substrates using a
straightforward monolithic lithographic approach, serving as a highly integrated platform for
the simultaneous detection of clinically relevant metabolites (i.e., glucose, lactate and
cholesterol) in untreated saliva samples of human volunteers. The OECTs, comprised of
Poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS), an intrinsically p-type
doped organic semiconductor, were individually functionalized with the corresponding
enzymes and an electron transfer mediator to ensure an intimate electrochemical contact with
the sensing electrode avoiding free diffusing species and limiting electrochemical interference.
The biosensor prototype exhibited excellent analytical performance with detection ranges that
covered the physiological ranges in saliva for all the detected metabolites. The multiplexing
biosensing platform was also combined with a portable microfluidic (pumpless) to enable
sample distribution and automation.

Saliva, does not however represent a highly interfering biological matrix when
compared to blood or live cell supernatants. Undeniably, in such cases it is far more challenging
to ensure reliability and specificity ruling out the matrix effects. Bearing in mind the high
complexity of cell culture media, in Chapter 3, a sensor circuit was developed that provided
inherent background subtraction, comprising of two PEDOT:PSS based OECTs in a
Wheatstone bridge sensor circuit where one transistor served as the sensing element and the
other as the reference. The reference-based biosensing platform, functionalized with lactate
oxidase provided highly sensitive lactate detection produced from as low as few tens of cells
due to its high amplification in combination with the inherent background subtraction, thus
ensuring elimination of any interference arising from other factors (i.e., electro-oxidizable
compounds, electrolyte evaporation etc). As a proof-of-concept, the lactate produced from
cultures of healthy peripheral blood mononuclear cells and malignant non-Hodgkin’s
lymphomas was compared and elevated lactate production was indeed monitored in the tumor
cell cultures, confirming their intrinsic enhanced glycolytic metabolic activity. The proposed
sensor can be used for the detection of lactate produced from circulating tumor cells in blood,
paving the way to an in vitro prognostic model of the degree of malignancy in primary tumors
as well as of the probability of metastasis opening a new direction in clinically relevant testing

protocols that are important to follow tumor evolution or treatment efficiency in cancer patients.
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Given that PEDOT:PSS is an intrinsically doped semiconductor the resulting OECTS,
operate in the depletion regime meaning that they switch off upon application of a gate voltage
(dedoping the organic semiconductor). This can pose specific disadvantages when it comes to
biosensing as compared to devices that switch on upon detection/transduction of a biological
event (accumulation mode). In principal, the accumulation mode transistors are identified with
a large operation window, a high signal on/off response and a low-power operation. In Chapter
4, we sought to harness the structural versatility of organic electronics and design materials that
will meet our dual requirements; i) being compatible with OECT operation and ii) exhibit N-
type transport to serve as an electron acceptor material. Accumulation mode OECTs comprised
of an electron acceptor organic semiconducting material were thus developed and optimized
for the enzymatic detection of lactate, for the first time. Without the need for an artificial
electron-transfer mediator, the N-type channel was directly doped from the electron(s) produced
during the enzymatic reactions, leading to a sensor with superior sensitivity and detection range
compared to PEDOT:PSS analogues. This novel concept of using accumulation mode OECT
devices with active materials that act simultaneously as electron acceptors opens up a wide
range of possibilities both in biosensing but also in other fields such as biofuel cells.

Last but not least, the repertoire of biosensing capabilities and surface functionalization
strategies of OECTs was extended beyond enzymatic based detection. A biofunctionalization
method comprised of oppositely charged polyelectrolyte multilayers (PEMS) built up in a layer-
by-layer (LbL) assembly on top of the conducting polymer channel of an OECT was developed
in Chapter 5. The multilayered film served as a model system to investigate the impact of
biofunctionalization on the operation of OECTs comprising a PEDOT:PSS film. It was found
that the PEMs modulate the electrical potential in the electrolyte affecting the ion injection into
the channel, which was utilized as a strategy to sense charged biological species such as mRNA.
The LbL modified OECTs were able to sense nucleic acid at physiologically relevant electrolyte
concentrations with high sensitivity and broad linear range at low operating voltages visible in
the steady state current profile. Future experiments will address specific nucleic acid detection
using a complementary probe based on our LbL functionalization method.

Despite the substantial progress in biosensor research and development there are only
few examples that have successfully entered the market, with glucose sensors as an exception.
The stringent requirements of high analytical performance along with cheap, easy-to-use, long-
lasting devices restrict clinical implementation. Organic electronic materials are anticipated to

shift the current trend providing novel concepts and devices at low cost, without compromising
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the sensor performance. We showed, in this work, proof-of-concept studies where organic
electronic devices based on PEDOT:PSS, can be engineered and optimized to meet current
challenges in biosensing such as multiplexing, system integration and sensing in the harsh
biological milieu. We tested our devices in real world applications, detecting clinically relevant
biomarkers from human saliva as well as the lactate produced from tumor cells showing the
direct applicability of our prototypes for cancer and other disease (i.e., diabetes) diagnostics.
We also showed that novel organic electronic materials can be synthesized and customized to
meet both the device and the application of interest requirements. For example an electron
acceptor conjugated polymer, compatible with the OECT operation was used as electrode for
the direct electrochemistry of lactate and lactate oxidase exhibiting excellent analytical
characteristics owing to the material properties and the device operation. Finally, we showed
that the OECT capabilities can be extended from the bioelectrocatalytic detection scheme that
involves electrochemical reactions, to other types of molecular sensing (i.e., electrostatic).

In short term, future directions include the investigation of other materials beyond
PEDOT:PSS (such as the N-type polymer presented in Chapter 4) and their implementation
into the developed device circuits in order to improve the sensor analytical characteristics
(stability, sensitivity, integration, etc.). One drawback for example of the Wheatstone bridge
sensor presented in Chapter 3 is the need to use two separate reservoirs for the electrolyte in the
two branches of the sensor circuit, hindering to some extend its use in some practical
applications such as in in vivo. This is because PEDOT:PSS is a p-type depletion mode
semiconductor (the transistor is on “on state” and the application of a positive gate voltage
results in dedoping of the organic semiconductor and hence an attenuation of the source-drain
current). Therefore, the enzymatic oxidation reaction takes place at the positively biased gate
electrode of the transistor, (vs the negatively biased channel) requiring also the
biofunctionalization to take place at that electrode. With an accumulation mode material
however, such as the one reported in Chapter 4 (N-type accumulation material: a positive gate
voltage results in doping of the organic semiconductor and hence an increase of the source-
drain current), by fine tuning the applied voltages (gate and source-drain), the enzymatic
oxidation reaction can be “forced” to take place at the channel electrode. In such case, the
OECTs could be controlled through the same gate, meaning that in a Wheatstone bridge sensor
circuit layout, a single electrolyte reservoir could be potentially used along with a single gate.
This is expected to improve both the practical applicability of the sensor but also its analytical

performance.
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In a broader view, future directions include the implementation of the developed
concepts and platforms toward more targeted and clinically relevant diagnostic and prognostic
models. | envision for example, the use of the reference-based Wheatstone Bridge sensor as a
tool to predict metastatic events in cancer patients by measuring their blood lactate
concentration. Circulating tumor cells (CTCs), the cells that come from the vasculature or
lymphatics from a primary tumor and circulate through the body via blood, are responsible for
the metastasis in cancer. Since CTCs, represent only the 1/10° of the total cell amount in blood,
it is somewhat challenging to detect their presence. Nonetheless, their excessive production of
lactate (due to their high metabolic activity) in combination with a very sensitive sensor
(sensitive over a high background of lactate concentration) could potentially provide a viable
solution for the prognosis of cancer metastasis. Indeed, based on preliminary results of our
ongoing work, we were able to observe elevated lactate concentration in serum samples
containing CTCs vs control samples in human blood which encourages us to continue toward
this direction. Furthermore, we are currently setting a collaborative project, that includes a
multi-parametric platform for breast cancer where our sensor circuit could be combined with
single-cell microfluidics and other (optical-based) sensing modalities to investigate the effect
of several drugs on breast cancer cells (in a single-cell level), aiming to develop effective

therapeutic strategies.
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Abstract :

Rapid and early diagnosis of disease plays a major role in preventative healthcare.
Undoubtedly, technological evolutions, particularly in microelectronics and materials science,
have made the hitherto utopian scenario of portable, point-of-care personalized diagnostics a
reality. Organic electronic materials, having already demonstrated a significant technological
maturity with the development of high tech products such as displays for smartphones or
portable solar cells, have emerged as especially promising candidates for biomedical
applications. Their soft and fuzzy nature allows for an almost seamless interface with the
biological milieu rendering these materials ideally capable of bridging the gap between
electronics and biology. The aim of this thesis is to explore and validate the capabilities of
organic electronic materials and devices in real-world biological sensing applications focusing
on metabolite sensing, by combining both the right materials and device engineering. We show
proof-of-concept studies including microfluidic integrated organic electronic platforms for
multiple metabolite detection in bodily fluids, as well as more complex organic transistor
circuits for detection in tumor cell cultures. We finally show the versatility of organic electronic
materials and devices by demonstrating other sensing strategies such as nucleic acid detection
using a simple biofunctionalization approach. Although the focus is on in vitro metabolite
monitoring, the findings generated throughout this work can be extended to a variety of other
sensing strategies as well as to applications including on body (wearable) or even in vivo
sensing.
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Résumé :

De nos jours, efficacité et précision des diagnostics médicaux sont des éléments essentiels
pour la prévention en termes de santé et permettre une prise en charge rapide des maladies des
patients. Les récentes innovations technologiques, particulierement dans les domaines de la
microélectronique et des sciences des matériaux ont permis le développement de nouvelles
plateformes personnalisées de diagnostics portatifs. Les matériaux électroniques organiques qui
ont déja par le passé démontré leur potentiel en étant intégrés dans des produits de grande
consommation tels que les écrans de smartphones ou encore les cellules solaires montrent un
fort potentiel pour une intégration dans des dispositifs biomédicaux. En effet, de par leurs
natures et leurs propriétés physiques et chimiques, ils peuvent étre a la fois en contact avec les
milieux biologiques et constituer ’interface entre les éléments biologiques a I’étude, et les
dispositifs ¢€lectroniques. L’objectif de mes travaux de theése et d’étudier et évaluer les
performances des matériaux organiques électroniques intégrés dans des dispositifs biomédicaux
en ¢étudiant leurs interactions avec des milieux biologiques et par 1’utilisation et 1I’optimisation
de ces dispositifs permettre la détection de métabolites tel que le glucose ou lactate par exemple.
Pendant ma thése, j’ai notamment créé une plateforme de diagnostics combinant a la fois
microfluidique et électronique organique permettant la multi détection de métabolites présents
dans des fluides corporels humains, j’ai également congu des capteurs intégrant des transistors
organiques au sein des circuits electroniques classiques afin de détecter la présence des cellules
tumorales. D’autres applications biologiques ont également été envisagées telles que la
détection d’acides nucléiques par 1’utilisation d’une approche simple de biofonctionnalisation.
Bien que I’objectif ma theése était de de créer des capteurs biomédicaux en utilisant une approche
in vitro, il pourrait étre également possible d’intégrer ces dispositifs « in vivo » ou encore dans
des e-textiles.

124



