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Kurzfassung

In zahlreichen lebenswichtigen Bereichen haben sich Biosensoren als
unverzichtbare Messgerdte erwiesen. Der Nachweis von spezifischen Molekiilen im
Korper fiir eine friihzeitige Krankheitserkennung erfordert empfindliche und
zuverldssige Messmethoden. Ein rasantes Fortschreiten im Bereich der Nanotechnologie
fiihrt dabei zur Entwicklung von Materialien mit neuen Eigenschaften, und damit
verbunden, auch zu innovativen Anwendungsméglichkeiten im Bereich der Biosensorik.
Das Zusammenspiel von Nanotechnologie und Sensortechnik ermdglicht die Entwicklung
von Sensoren mit empfindlicheren Nachweisgrenzen und kiirzeren Reaktionszeiten. Die
Moglichkeiten zur Integration und Miniaturisierung stellen einen erfolgreichen Einsatz
in direkter Patientenndhe in Aussicht, sodass Nanobiosensoren die Briicke zwischen
Laborddiagnostik und Standardanwendungen schlief3en kénnen.

Die folgende Arbeit widmet sich der Anwendung von nanostrukturierten
Biosensoren fiir einen empfindlichen, markierungsfreien Nachweis von Analyten in
Echtzeit. Ein Hauptaugenmerk liegt dabei auf der kontinuierlichen Messung von
Biomarkern mit kompakten Auslesesystemen, die eine direkte Signalmeldung und somit
einen Nachweis der Analyten in Echtzeit ermdoglichen. Dies erfordert zunachst die
sorgfaltige Funktionalisierung von Sensoroberflaichen mit geeigneten DNA-basierten
Rezeptoren. Infolgedessen werden beispielhaft verschiedene Sensorsysteme, Analyten
und Charakterisierungsmethoden vorgestellt und universelle Strategien fiir die
erfolgreiche Konfiguration von Nanobiosensorplattformen prasentiert.

Das erste Anwendungsbeispiel widmet sich einem plasmonischen Biosensor, bei
dem vertikal ausgerichtete Gold-Nanoantennen Signale mittels sog. lokalisierter
Oberflachenplasmonenresonanz (LSPR) erzeugen. Mit dem Sensor konnte erfolgreich die
Immobilisierung, das nachtragliche Blocken sowie die anschliefdende Hybridisierung von
DNA nachgewiesen werden. Mithilfe des LSPR-Sensors wurden gleichzeitig
grundlegende Hybridisierungsmechanismen auf nanostrukturierten und planaren
Oberflachen verglichen und damit verbunden die einzigartigen optischen Eigenschaften
metallischer Nanostrukturen betont.

In einem zweiten Anwendungsbeispiel misst ein elektrischer Biosensor
kontinuierlich die Konzentration des Stressmarkers Cortisol im menschlichen Speichel.

Der direkte, markierungsfreie Nachweis von Cortisol mit Silizium-Nanodraht basierten



Feldeffekttransistoren = (SINW  FET) wurde anhand zugrunde liegender
Ladungsverteilungen innerhalb des entstandenen Rezeptor-Analyte-Komplexes
bewertet, so dass ein Nachweis des Analyten innerhalb der sog. Debye-Ladnge ermdoglicht
wird. Die erfolgreiche Strategie zur Oberflichenfunktionalisierung im Zusammenspiel
mit dem Einsatz von SiNW FETs auf einem tragbaren Messgeriat wurde anhand eines
Cortisolnachweises im Speichel belegt. Ein iibereinstimmender Vergleich der
gemessenen Corisolkonzentrationen mit Werten, die mit einer kommerziellen
Alternative ermittelt wurden, verdeutlichen das Potential der entwickelten Plattform.
Zusammenfassend veranschaulichen beide vorgestellten Nanobiosensor-
Plattformen die vielseitige und vorteilhafte Leistungsfahigkeit der Systeme fiir einen
kontinuierlichen Nachweis von Biomarkern in Echtzeit und vorzugsweise in

Patientennahe.
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Abstract

Biosensors have proven to be indispensable in numerous vital areas. For example,
detecting the presence and concentration of specific biomarkers requires sensitive and
reliable measurement methods. Rapid developments in the field of nanotechnology lead
to nanomaterials with new properties and associated innovative applications. Thus,
nanotechnology has a far-reaching impact on biosensors' development, e.g., delivery of
biosensing devices with greater sensitivity, shorter response times, and precise but cost-
effective sensor platforms. In addition, nanobiosensors hold high potential for integration
and miniaturization and can operate directly at the point of care - serving as a bridge
between diagnostics and routine tests.

This work focuses on applying nanostructured biosensors for the sensitive and
label-free detection of analytes in real-time. A distinct aim is the continuous monitoring
of biomarkers with compact read-out systems to provide direct, valuable feedback in
real-time. The first step in achieving this goal is the adequate functionalization of
nanostructured sensor surfaces with suitable receptors to detect analytes of interest. Due
to their thermal and chemical stability with the possibility for customizable
functionalization, DNA-based receptors are selected. Thereupon, universal strategies for
confining nanobiosensor platforms are presented using different sensor systems,
analytes, and characterization methods.

As a first application, a plasmonic biosensor based on vertically aligned gold
nanoantennas tracked the immobilization, blocking, and subsequent hybridization of
DNA by means of localized surface plasmon resonance (LSPR). At the same time, the LSPR
sensor was used to evaluate fundamental hybridization mechanisms on nanostructured
and planar surfaces, emphasizing the unique optical properties of metallic
nanostructures.

In a second application, an electric sensor based on silicon nanowire field-effect
transistors (SiNW FET) monitored the level of the stress marker cortisol in human saliva.
Based on evaluating the underlying charge distributions within the resulting receptor-
analyte complex of molecules, the detection of cortisol within the Debye length is
facilitated. Thus, direct, label-free detection of cortisol in human saliva using SINW FET
was successfully applied to the developed platform and compared to cortisol levels

obtained using a commercial alternative.
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In summary, both presented platforms indicate a highly versatile and beneficial
performance of nanobiosensors for continuous detection of biomarkers in real-time and

preferably point-of-care (POC).
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(L)SPR
MCH
MCU
MeOH
MOSFET
MUX
NaOH
NHS
NW

Anodized aluminum oxide
3-aminopropyltriethoxysilane

Gold nanoparticle

Bovine serum albumin

Contact angle

Cortisol binding buffer

Circular dichroism

C-Reactive protein

Drain

Dimethyl sulfoxide

Deoxyribonucleic acid
N-(3-dimethylaminopropyl)-N'-ethylcarbodiimide
Enzyme-linked immunosorbent assay
Ethanol

6-FAM™ Dye Phosphoramidite

Field effect transistor

Fluorescence intensity

Fluorescein isothiocyanate

Gate

Hybridization buffer

Honeycomb shaped

Hydrochloric acid

hydroxyethyl piperazineethanesulfonic acid
Luminescence Immunoassay
(Localized) surface plasmon resonance
Mercaptohexanol

Microcontroller unit

Methanol

Metal-oxide semiconductor field effect transistor
Multiplexing

Sodium hydroxide
N-hydroxysuccinimide

Nanowire



PBS Phosphate buffered saline
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1 Introduction

The Covid-19 pandemic, the outbreak of human monkeypox, and the mass fish die-
off in the Oder river have demonstrated once more the evident need for the rapid and
reliable monitoring of chemical and biological compounds'2. A wide variety of substances
can either directly menace human, animal, and plant populations or lead to detrimental
skewness of existing systems. Here, potential anomalies can affect individual molecules,
whole organisms, or even the complete environment. Thus, the proper detection and
monitoring of specific parameters become a critical task and demand for reliable sensing
systems, especially in application areas such as the early and personal analysis of disease
markers, securing food and industrial safety, and environmental monitoring. In addition,
sensing harmful or toxic compounds in liquids or gases can significantly contribute to
societal and environmental safety.

With a growing but at the same time aging population worldwide3, the healthcare
sector takes on a unique role in biosensing. The rapid analysis of parameters with low-
cost devices in blood, or other body fluids, such as saliva, tears, or sweat, is particularly
interesting. Early detection enables not only the diagnosis and consequently the
treatment of illnesses in their early stages but also allows to take proper action to curtail
diseases.

Biosensors are analytical devices in which a biological capture probe identifies the
target analyte, and a transducer converts the biorecognition event into a measurable
signal*. Consequently, the suitable choice, connection, and integration of both
components are crucial in developing biosensors.

Over the last 60 years, biosensors have been found to be promising instruments that
can fulfill the criteria for detecting potentially interesting substances, for instance
glucose, pH, and specific protein acting as biomarkers for certain diseases, hormones, and
pesticides>¢. The development of biosensors dates back to 1956 when Leland C. Clark
invented the first working electrode for oxygen detection’. Further developments of the
electrodes with enzymes expanded their application range until 1962, when the first
amperometric detection of glucose laid the foundation for modern biosensor systemss.
Up to now, the majority of the analyses in clinical diagnostics, environmental monitoring,
food analysis, and process control are still performed via pricey, time-consuming, and

labor intense methods, e.g., enzyme-linked immunosorbent assays (ELISA), polymerase



1 Introduction

chain reaction (PCR), or gas chromatography-mass spectrometry (GC-MS). All the
methods must be performed in dedicated, central laboratories by trained personnel®.

However, the idea to scale down biosensors in a way that they can be used at the
point-of-care, and preferably in real-time by untrained people became prominent when
Terry et al. introduced a highly miniaturized gas chromatograph in 197919, and Manz et
al. published a theoretical article about miniaturized total chemical analysis systems
(uTAS)11. The idea of miniaturized chip devices used as diagnostic tools allows
observation of various treatment-related parameters on-site without any temporal or
spatial delay, especially for patients under clinical observation. Avoiding routine visits
during their treatment via online diagnostics and thus avoiding the intense strain of
traveling to medical facilities is one of the intentions of miniaturizing biosensors.
Furthermore, portable and inexpensive devices lead to fast but inexpensive detection of
diseases, making an adequate diagnose accessible for people with lower income or to
medical facilities in areas difficult to access, such as rural and remote regions, especially
in developing countries.

Here, glucose sensors for people diagnosed with diabetes mellitus represent the
most prominent example. From an unfeasible manual needle stinging and external
measuring of the glucose level in the past, the current glucose monitoring devices allow
for permanent, painless, and user-friendly analysis of the glucose level in vivol2.
Moreover, the linkage of continuous glucose monitoring(CGM) sensors with insulin
pumps and optional algorithms, which use data from CGM to adjust the amount of insulin
delivered, enable the development of automated blood glucose regulation systems3.14,
However, the idea to simplify and miniaturize biosensors extends toward many other
analytes, e.g., C-reactive protein, pregnancy hormone CHG, estrogen, Covid-19 virus,
cholesterol, lactate15-18,

Sensor systems request detection strategies that preclude prior chemical labeling
steps and for setups that are easy to integrate and use to fulfill the needs mentioned above
for a low-cost, portable, and fast biosensor. Here, the emerging field of nano-bio-
technology comes into play. With nanomaterials possessing unique physical properties
due to their confinement down to the nanometer range, combining them with biological
processes such as self-assembly or recognition opens up a wide field of applications,

especially biosensing applications.



1 Introduction

Nanomaterials facilitate the miniaturization of devices as they provide them with
high sensitivity, thanks to the increased surface-to-volume ratio of the materials. Here,
the miniaturization concept grants a down-scaling of sensing structures and
consequently increases the number of sensors on one chip. Driven by the semiconductor
industry, building blocks for electronics can be manufactured down to nanometer
dimensions and integrated on a large scale. They can also be applied as sensor elements,
e.g., field-effect transistors (FETSs). So the first FET-based sensing with silicon nanowires
was described by Lieber et al. in 2001, and since then, nanostructured FETs have gained
colossal interest for biosensing applications?°.

Besides semiconducting devices, biosensors with transducers using the localized
surface plasmon resonance (LSPR) of metal nanostructures, particularly gold structures,
stand out due to their unique optical properties. By manipulating the properties of
different gold nanostructures via simple engineering of the shape and size, their features
can be dramatically improved and customized. Because of the ease of this concept, gold
nanostructures operating by means of LSPR have become one of the most investigated
nanotechnological tools?0.

The biological part is equally important in using (nanostructured) devices for
biosensing applications. Here, biomolecules for detection, which are highly specific to
linking target molecules, define the specificity of the whole biosensor. Thus, the
compatible selection of these so-called receptor molecules for sensing has to be matched
carefully to the aimed application (e.g.,, DNA hybridization, detection of protein-based
biomarkers) while offering high stability throughout the experimental procedure. In
addition, the recognition elements should be placed close to or directly at the sensor
surface for optimal signal transduction?!.

The use of antibodies as a capture probe is widely used as they exhibit high binding
affinities and specificity towards their target?223. Nonetheless, antibodies still suffer from
restrictions with expenses, structure, and their unattainability for several important
analytes. To close this gap, the search for alternative capture probes spawned the
relatively new receptor class of aptamers in 19902425, Aptamers are relatively short
sequences of single-stranded DNA, or RNA, and are typically identified and synthesized
in the lab - leading to their description as synthetic antibodies?¢. Aptamers can be
engineered against various targets ranging from individual ions via small organics to

large proteins?’. Once developed, the straightforward synthesis of aptamers with the



1.1 Scope of the thesis

possibility for attachment of functional groups significantly lowers the costs compared to
antibodies. Furthermore, incorporating functional groups allows for oriented
immobilization of the receptors, whereas the robustness of the DNA itself contributes to
the stability of the chosen sensor system?829,

Regarding biosensors for Point-of-Care (POC) diagnostics, biorecognition occurs in
rather harsh surroundings under which the stability and robustness of aptamers,

compared to antibodies, assure a high sensitivity.

The motivation of this thesis lies in exploring and optimizing the interplay between
transducer and receptor in order to develop biosensors with excellent performances.
Examination of suitable candidates for both parts, their linkage, and their integration is
not only essential for biosensor development itself but also combines research within the
edge of material science, physics, (bio-) chemistry, and biotechnology.

For various applications, engineering interfaces and their subsequent biochemical
functionalization are considered key steps in developing affinity biosensors to assure
selective and sensitive analyte detection. By fulfilling additional boundary conditions,
such as the stable receptor attachment under varying conditions and the maintenance of
the receptor's functionality while preserving orientation towards the target in solution,

the foundation stone for a low-cost, portable and fast biosensor has been laid.
1.1 Scope of the thesis

This work focuses on the biochemical functionalization of nanostructured surfaces
to realize adequate biosensor performance with respect to sensitivity and selectivity.
Further, evaluating the proposed receptor-analyte interactions using optical and
electrical sensing methods, emphasizing the advances of DNA-based receptors, and
finally applying those findings to the goal of a point-of-care biosensor that detects label-
free analytes in various media.

One of the main goals of this thesis is to link the biological sensing elements with
nanostructured transducers for the purpose of biosensing. Accordingly, this work shows
suitable routes to attach DNA-based receptors onto two surfaces. To be precise, DNA-
based receptors were immobilized on gold nanostructures, i.e., vertically aligned
nanowires, for developing an optical biosensor operating by means of localized surface

plasmon resonance (LSPR) and on silicon nanowires to develop a field-effect transistor
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(FET) based biosensor. For both interfaces, the individual chemical modification
strategies are presented, characterized by additional analytical methods, and their
functionality and suitability for the aimed target are discussed. Furthermore, by
exploring the physical fundamentals of each sensor setup, the advances of each
immobilization strategy highlight the suitability of the chosen receptors.

Finally, the biosensing performance of the two platforms is demonstrated by label-
free detection of analytes in real-time. First, a plasmonic biosensor based on vertically
aligned nanoantennas reliably detected DNA hybridization, while the SINW-based FETs
recognized the stress marker cortisol in human saliva, respectively.

The following Chapter 2, "Fundamentals," introduces the general concept of
biosensors, including their terminology and benefits that arise when combined with
nanotechnology. Then, a separate overview of individual building blocks is presented by
exploring DNA as suitable receptors, including their immobilization, and introducing the
basics of the two transducer systems used in this research- optical biosensors operating
by means of LSPR and electronic sensors based on FETs, respectively.

A detailed description of materials and methods applied in this research, as
presented in Chapter 3, forms the base for exploring and discussing biosensing strategies.

Chapter 4 focuses on the setup of an optical biosensor that operates in real-time
with vertically aligned gold nanoantennas to validate the hybridization of DNA by using
two different target strands. Moreover, this chapter is dedicated to fundamentally
exploring DNA's impact on densely packed nanostructured vs. planar substrates. A
compact optical setup allowed for the evaluation of biorecognition processes in real-time.

In analogy, Chapter 5 faces strategies to apply silicon nanowires on a portable
platform to detect the small analyte cortisol. After presenting, a suitable method to
immobilize DNA-based receptors, a separate section deals with the suitability and
mechanism of the chosen biorecognition system. In the last step, the implementation of
the aptamers and subsequent detection of cortisol using SINWSs arrays are presented. Key
moments are the possibility of detecting cortisol directly in saliva without further need
for sample treatment and the suitability of the portable platform to operate multiple FETs
simultaneously in real-time.

The last Chapter 6 summarizes the thesis work, addresses the possibility of
detecting multiple targets with the two proposed sensor systems, and analyzes future

perspectives.
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2 Fundamentals

2.1 Biosensors

Generally speaking, "a biosensor is defined as a device that measures biological or
chemical reactions by generating signals proportional to the concentration of an analyte
in the reaction."!

The aim of any biosensor is to detect analytes that are mainly interesting for
applications in health care, safety or environmental monitoring, and the biotechnology
industry. Various analytes range from antigens, (complementary or mismatching) DNA
strands, proteins, and hormones to whole cells, viruses, and microorganisms. However,
detecting ions, organic molecules, toxins, and gases such as ammonia or hydrogen sulfide
is possible, too. Thus, the potential applications of biosensors in the mentioned fields are
numerous. Each biosensor system has its requirements, such as analyte concentration to
be measured, the necessary sample volume and concentration, the allowed time to
complete the detection, the possibility for reusing and cleaning the biosensor, and the
necessary precision of the sensor output in general?3.

Consequently, the development of a biosensor typically involves several
interdisciplinary tasks. The following chapter briefly introduces the principles of
different methods applied to run a working biosensor. In the first part, a general
description of biosensors is presented, emphasizing the properties of nanoscaled sensors
compared to conventional ones. Before explaining the bio-interface employing receptor-
target interactions, a short presentation of two transducer setups, namely optical sensors
operating through LSPR, and electronic sensors working as field-effect transistors,
follows. A particular focus lies on applying DNA molecules as a receptor to achieve a
sensitive and specific biosensing performance.

A usual biosensor consists of the following components; Figure 2-1. The bio-
receptor is responsible for the specificity of the sensor towards the analyte. Common bio-
receptors are enzymes, antibodies, DNA strands/aptamers, or cells#, which are
immobilized (covalently or non-covalently) interfacing the second component - the
transducer. Here, the transducer is the part of the device that converts the arising
chemical or biological event into a readable output that can be in various formats, such

as electric, optical, acoustic, thermal, piezoelectric, or mass sensitive. The underlying
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Figure 2-1: Schematic structure of biosensors' elements. The analyte is captured by a bioreceptor and immobilized on
the transducer's surface- thereby inducing a change in the transducer's surface ("biorecognition"). The transducer
translates the capturing event into a measurable output that can either be directly displayed or further processed for
read-out optionally. The sketch is inspired by ! and modified.

processes are mostly concentration-dependent, so the produced output is proportional
to the amount of analyte-bioreceptor interactions®.

The output system allows for a display and subsequent read-out of the
biorecognition event by the user. Depending on the origin of the transducer, a direct
(optical) read-out or further signal processing follows. In the latter case, the produced
output formats from the transducer are processed by electronic devices, which convert the
analog signals to digital ones after optional amplification and conditioning, and thus prepare
them for display. The output of the signal is a combination of hard- and software. It
displays the sensor's signals in a user friendly-manner by showing either numeric or
graphical values.

A biosensor can be grouped either according to the biological specificity conferring
mechanism (e.g., aptasensors, enzyme sensors, etc.) or to the mode of signal transduction
(e.g., optical, electrochemical sensors, etc.), or a combination of both¢-8. The possibility of
further subdivisions of the classes, such as surface plasmon resonance (SPR) or Raman
sensors within the field of optical sensors, or amperometric and potentiometric sensors
within the area of electrochemical sensors, underline the broadness of the biosensor field,

respectively.
2.2 Influence of nanotechnology on sensor development

Nanotechnology has taken over across various fields of research and development,

including classical subjects such as physics, chemistry, electronics, biotechnology, and
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2.2 Influence of nanotechnology on sensor development

medical science, but also in healthcare, civil engineering, food science, industrial safety,
and environmental studies. For nanomaterials, defined as materials whose confinement
is within the nanometer scale in at least one dimension, the scaling down plays a
significant role in determining the material's physical, chemical, and electrical
properties? as they can differ significantly from those of a bulk materiall0.

The ability to manipulate and control materials at a nanometer level has led to new
opportunities for biosensor development. Even though the basic scheme of a
nanobiosensor is comparable to conventional macro- and micro-counterparts,
integrating nanomaterials into transducers attracts great interest as nanoscaled
biosensors. They offer enhanced sensitivity and performance compared to conventional
biosensors due to the high surface-to-volume ratio and previously mentioned
dimensionality with altered physical properties. As a result, do not only the interactions
between surfaces and the surrounding environment increase but also the presence of just
a few molecules fuels perturbations in the overall material. Furthermore, by using
nanomaterials, there is the possibility to detect biochemical reactions directly in cellular
organelles or tissues. In addition, in medical diagnosis, detecting events in regions that
are difficult to reach and detecting analytes at ultralow concentrations gets feasible!l.

Nanostructured substrates employed by biosensors can be manufactured in various
shapes, sizes, materials, etc. Their manufacturing can be divided into top-down or
bottom-up fabrication methods. Here, the former methods rely primarily on
lithographical pattering techniques; the latter is typically based on chemically
synthesized colloidal nanoparticles that are further processed and deposited on
substrates?®12-14, Herein, only the main basics of both fabrication concepts are introduced;
for a detailed overview, the reader is referred to the literature described elsewherel5-18,

For top-down approaches, nanostructures are created from bulk material by
breaking down large pieces of the material to generate nanostructures. Common top-
down fabrication approaches include conventional structuring methods such as
photolithography, electron beam lithography (EBL), or focused ion beam lithography
(FIB), all resulting in arrays of nanostructures with well-defined shapes and sizes.
However, despite their high levels of resolution and wide use, especially in the
semiconducting industry, the techniques are slow and expensive. In addition, they

typically result in a limited patterning area of only a few pum?2.
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To fabricate large-scale arrays at a low cost, other methods based on colloidal
lithography techniques, such as nanospheres lithography (NSL) or hole-mask colloidal
lithography (HCL), have to be mentioned. Both strategies use self-assembled layers of
nanoparticles on the substrates as a sacrificial mask for generating nanostructured
substrates. Next to these abovementioned approaches, another top-down method
includes using porous alumina templates to create vertical nanorods.

In contrast, the bottom-up approach implies the assembly of single atoms and
molecules into larger nanostructures. Typically, physical or chemical synthesis routes are
the basis for achieving nanostructures. Representative methods are chemical vapor
deposition (CVD), physical vapor deposition, plasma or flame spraying synthesis, atomic
layer deposition, or atomic or molecular assembly. With the bottom-up method, ultra-
fine nanostructures with almost any shape can be generated at a low cost in large
quantities. Still, the arrays suffer in terms of keeping control over reaction conditions and
thus ache in replicability. In addition, further chemical purification steps of nanoparticles
are required to prevent a transfer to large-scale production3.1.

The small dimension of nanoscaled devices offers excellent potential in terms of
integration into read-out systems and for miniaturization of platforms, making

nanomaterials particularly interesting for sensing approaches.
2.3 Biorecognition elements

Molecular recognition is one of the main signposts of biosensors. Therefore, an
appropriate receptor has to be implemented into the biosensing system to detect the
analyte specifically with a biosensor20.21,

However, the binding of an analyte to its receptor is typically a non-covalent
interaction between the two different molecules due to a complex interplay of hydrogen
bonds, salt bridges, hydrophobic interactions, van der Waals forces, electrostatic
interactions, and structural fitting2223. The recognition develops an equilibrium of the

reaction that can be described schematically by

Ka
analyte + receptor 2 analyte — receptor complex (2.1)
Kp

and evaluated with the help of the association and dissociation reaction constants
Ka and Kb, respectively. The values provide information about the binding stability in

which Ka typically scales between 107 1/mol and 108 1/mol, while Kb levels are between
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10> 1/mol (high affinity) and 103 1/mol (low affinity)?4. A sensor surface
functionalization aims to exploit these specific interactions.

Many (bio-) molecules can be applied as receptors for biosensing. Typical
representatives to perform the bio-recognition activity are enzymes biosensors,
antibodies, aptamers biosensors, nanoparticles, and even whole cells*. The need to
immobilize the chosen receptor to the transducer's surface unify all sensors but is highly
dependent on the substrate and receptor. Numerous strategies for functionalizing
different substrates with receptors have been presented and can be read for further
studies?31925-27. This work focuses primarily on single-stranded DNA as receptor

molecules with different biosensor systems.
2.3.1 Biorecognition element: DNA

The first DNA biosensor was proposed in 198828 and reported DNA detection with
a piezoelectric transducer. Since then, DNA biosensors have been broadly studied, and
great effort has been devoted to improving the selectivity and sensitivity of DNA
biosensors and miniaturization. As a result, DNA detection is of great interest in DNA
diagnostics, health care, environmental monitoring, food safety, gene analysis, and
forensic applications29:30,

DNA biosensors have oligonucleotides with a known sequence of bases or a
fragment of DNA or RNA with known base sequences as sensing elements. They can
operate either based on the highly specific interaction of the complementary DNA strands
- hybridization of DNA3! or as a specific receptor for biochemical/chemical species - as
an aptamers32,

DNA is generally well-suited as a biomolecule for model receptor-analyte
investigations as it is readily available. In addition, DNA is stable under varying
conditions, such as changes in pH, temperature, or in non-physiological conditions. DNA
strands can be easily synthesized in vitro at high purification standards without the need
for animals and thus show little batch-to-batch variations.

The robustness of DNA allows the regeneration of probe-ligand binding, too. Simply
by incubating the surfaces with suitable solvents like NaCl, urea, or guanidine-HCI, as well

as by heating until the DNA folding is disturbed and subsequent cooling33-3.
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2.3.2 Aptamers

In 1990, a new class of artificial receptor molecules based on short oligonucleotide
sequences was described3® and called aptamers. Oligonucleotide strands (RNA or DNA)
with a length of usually 15 up to 100 bases form characteristic structures, such as
quadruplex for guanine-rich aptamers, hairpins, or helical segments, when exposed to
ligands 32. Due to three-dimensional interactions between aptamers and their targets due
to complex interactions of hydrogen bonds, electrostatic, and van der Waals interactions,
aptamers are highly specific towards their target3”. In addition, cations such as sodium or
magnesium enhance the stability of the aptamer-target complex further323839, Aptamers
work for various targets such as ions, small chemical molecules, proteins, viruses, and
cells#041.43-47 Aptamer development is also possible against toxins that cannot be realized
with antibodies as they do not elicit an immune response#849,

The Systematic Evolution of Ligands by Exponential enrichment (SELEX) process is
used to develop new receptors/aptamers. During several rounds, well-binding sequences
are separated from unspecific sequences from a single-stranded DNA(ssDNA) library. In
the first step, the selected library is incubated with the immobilized target, and unbound
DNA is washed away. Then, by changing the solution, bound molecules are eluted,
followed by an enrichment step, and are again incubated with the target until the desired
properties of the final detection system, including salt and buffer composition,
temperature, and elimination of cross-reactivity by instituting negative controls is
selected>0>1,

The capability of modifying DNA strands with functional groups or fluorescent dyes
is standard. Typically, without a loss in affinity to its target, using a single functional
terminal group allows for a tailorable orientation of probe strands so that active binding
sites remain acceptable for the targets.

The short oligonucleotide sequences make aptamers a relatively small receptor
molecule?6. The reduced size is especially beneficial for application in electronic
biosensors such as field-effect transistors (FET). Typically, in physiological conditions,
FETs are limited in their performance by the presence of an electric double layer, whose
thickness can be characterized by the Debye length (Ap). It is postulated that outside of
this layer, no sensing is possible with FETs. However, a detailed discussion of the
underlying principles and possible ways to circumvent resulting limitations can be found

in 5.2.3.2.
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As introduced earlier, aptamers exhibit different structures according to their
sequences. As a result, almost any analyte can be chosen for tailoring a suitable aptamer.
Aptamers generally are negatively charged on a broader pH range due to their low
isoelectric point; however, the whole aptamer- analyte complex is a unique system with
individual charge and molecule distributions that can be used for biosensing®2. A detailed
description of underlying processes upon biorecognition and their effects on biosensing
is discussed in section 5.3.

As introduced above, the three-dimensional structure formation of DNA, and thus
of aptamers, can be disturbed by elevated temperature treatment or regeneration
solutions. Therefore, the capability for easy regeneration is a crucial advantage for the
application of biosensors and makes DNA-based receptors excellent candidates for

biosensing.
2.3.3 Immobilization of receptors

The immobilization of receptors close to a transducer surface while not impeding
the specificity is essential for biosensors. In general, the immobilization strategy has to
qualify for a stable immobilization of receptors while maintaining not only the native
conformation but also preserving biological activity. In addition, an appropriate receptor
density and the proper orientation of the molecules on the surface are crucial to prevent
steric hindrance of the available bioactive sites. Fulfilling those boundary conditions
enable the specific biorecognition between the analyte and surface-tethered ligands>3.

Depending on the receptor, substrate, and later application of the system, many
immobilization strategies exist: an attachment of receptors via adsorption/
physisorption, chemisorption, covalent coupling, entrapment/ encapsulation in a matrix,
or via specific biological interactions (bioaffinity binding) are standard methods to
immobilize receptors on the substrate>4-5¢, Several reviews summarize and highlight
different strategies concerning their applications to shed light on strategies>7-59.

Within this work, two different biosensing platforms were investigated. Two
nanostructured materials, namely gold and silicon, served as a transducer and
consequently required tailored immobilization of molecules to achieve sensitive analyte
detection. Even though the substrates differ, both platforms unified the need for a stable

attachment of DNA-based receptors with an appropriate receptor density and surfaces
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Figure 2-2: Formation of functional SAMs. A) General structure of a SAM formed from organic molecules with an
anchoring head group, an alkyl chain (CH)xs, and a functional group that can be used to attach further moieties. B)
Formation of SAM on gold with thiolated receptors C) Formation of idealized silane monolayer on silicon. In all panels,
R refers to functional groups such as amino, carboxyl, hydroxyl, anhydride, etc.

that prevent non-specific adsorption. Furthermore, to maintain the distance between the
sensor surface and analyte binding site as minimal as possible and hence to increase the
device sensitivity, a covalent binding strategy is favored.

Due to the ease of modification of DNA with various terminal groups, the probe DNA
was immobilized on gold via (non-covalent) chemisorption of thiol-chemistry. In
contrast, amino-modified DNA was bound covalently to silicon via an anhydride-
containing silane linker molecule.

Both systems implement the formation of monolayers on the surfaces. The
spontaneous formation of such a monolayer on a surface from organic molecules is
referred to as "Self-assembled monolayers (SAMs)"%0. Here, layers are formed by
chemical adsorption /chemisorption from molecules out of a solution or gas phase onto
the substrate's surface. The principal structure of these molecules, illustrated in Figure
2-2, comprises the following parts. First, a head group permits the anchoring of the
molecules to the surface (e.g., thiols for SAM formation on gold, silanes for SAM formation
on metal oxides). Next, a subordinated alkyl chain facilitates the parallel arrangement
perpendicular to the surface, and last, a functional /terminal group provides functionality
for the attachment of ligands. Mixed SAMs with different molecules can be applied in
order to optimize receptor density by varying the ratios but also assure a complete
functionalization of the whole surface with molecules and thus prevent unspecific

adsorption®1.62,

16



2.4 Transducer systems

2.4 Transducer systems

2.4.1 Optical biosensors - surface plasmon resonance

Within the field of optical biosensors, transducers respond to biorecognition by
experiencing a change in their optical properties, such as absorption, reflectance,
emission (luminescence/ fluorescence), or a change in an interferometric pattern®3.64,
Typically, signal changes are recorded by a photodetector or a spectrometer or even can
be seen directly with the naked eye.

Hence, optical biosensors can detect many biological and chemical analytes directly,
inreal-time, and label-free. Moreover, optical biosensors offer high specificity, sensitivity,
small size, and cost-effectiveness and thus make optical biosensors the most common
type of biosensor nowadays?265,

For optical biosensors, commonly used systems are based on (localized) surface
plasmon resonance (SPR), evanescent wave fluorescence, and optical waveguide
interferometry. However, detection of labeled analytes with an optical device typically
involves a signal generation based on colorimetric, fluorescent, or luminescent methods,
arefractive index variation, or light scattering, respectively264.66,

Within this research, an optical biosensor operating through localized surface
plasmon resonance (LSPR) allowed the label-free detection of DNA hybridization. Hence,
the scope of the following part will be limited to surface plasmon resonance-based
biosensors, whose main principle is the detection of refractive index changes close to the
surface of metal nanostructures, which are caused by recognition events or chemical

reactions.
2.4.1.1 Surface plasmon resonance (SPR)

The SPRis a physical phenomenon observed in the early 20t century by R. W. Wood
and Lord Rayleigh®7-%9. The phenomenon occurs at a metal-dielectric interface under the
illumination of plane-polarized light at a specific angle. At those conditions, the energy
carried by the photons is transferred to collective excitations of free electrons of the
metal, called surface plasmons (SPs), at that interface. If the excitation of these
oscillations occurs parallel to the metal surface, they are called surface plasmons

(evanescent waves), and their generation occurs only at a specific resonance wavelength

of light70.
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The generation of surface plasmons depends on the geometry of the plasmonic
structure and the environmental parameters, which is the key to using that phenomenon
as a biosensor. If the conditions in the metal remain constant, the location of the resonant
frequency and the certain angle that triggers SPR is dependent only on the material's
refractive index near the metal surface. Therefore, a slight variation in the reflective index
of the sensing medium -e.g., by binding a biomolecule to the respective surface- will
change the occurrence of SPR and hence makes it possible to detect analytes. By
monitoring the reflected light intensity or tracking the resonance angle shifts against
time, the amount of bound analyte can be determined in a real-time and label-free
matter270-73,

The following Figure 2-3A illustrates schematically the principle of a typical SPR
device operating in the Kretschmann configuration. The main component of this
arrangement is a highly refractive prism whose base is coated with a metal, usually gold.
P-polarized white light is irradiated onto the prism via a side surface at a constant angle
of incidence. As mentioned earlier, the excitation of surface plasmons occurs via an
evanescent field, which is generated by the reflection of the light at the interface. The field
decreases exponentially towards the direction of the metal. As a result, the intensity of
refracted light detected with a spectrometer after leaving the prism decreases. The metal
coating must be thin to ensure that the momentum transfer from the irradiated light to
the surface plasmons can penetrate the entire metal layer. Although the attenuation
occurs only at a certain angle of incidence, biorecognition processes at the layer change

the refractive index and the angle of incidence. This angular shift characterizes the
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Figure 2-3: A) The principle of SPR instrument operating in Kretschmann configuration and B) typical SPR sensorgram
showing the steps of an analytical cycle.
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interaction process in a sensorgram, where the angle shift is described as a function of
time. Figure 2-3B shows a typical sensorgram: The baseline in the first phase of the
sensorgram represents the SPR signal of the receptor-functionalized gold surface. The
binding molecules' association with receptors occurs in a second phase, and the SPR
signal increases until reaction equilibrium. Subsequent rinsing with buffer introduces the
dissociation phase, in which loosely bound analytes are removed, and hence the sensor
signal slowly decreases. During this phase, the signal does not return to the baseline level
as some analytes stay bound at the surface. A regeneration step can be added to remove

bound ligands from receptors without destroying them.
2.4.1.2 Localized surface plasmon resonance

Even though SPR sensing systems dominate the commercial applications of optical
biosensors, nanostructures of noble metals exhibit unique optical properties that make
them ideal candidates for plasmonic biosensors.

For particles smaller than the incident light wavelength, the illumination with light
leads to density oscillations of the conducting electrons within the nanostructures. As the
plasmon oscillates "locally” around the nanoparticles with a particular frequency, the
optical phenomenon is described by localized surface plasmon resonance 27.70.74-76,
Hence, the presence of LSPR in nanoparticles leads to outstanding absorption- and
scattering cross-sections at specific wavelengths and result in bright and intensely
colored nanostructures that show distinct peaks in the visible and near-infrared region
of the light spectrum?’. In analogy to the SPR, the electromagnetic field in close vicinity
to particle's surfaces is enhanced and declines exponentially70.78,

The occurring resonance frequency (and thus the position of the peaks in respective
extinction spectrum) is dependent on the composition, size, geometry of nanoparticles,
their dielectric environment (and refractive index), and particle-particle separation
distance?27.79.80,

For example, enhancing the particle size will induce a redshift of the SPR peak as
there is a close connection between the plasmon wavelength and particle size due to the
spatial distribution of the polarization charges over the surface8-84. Compared to the
aforementioned sphere-like particles, anisotropic structures cannot only exhibit a shift of
the plasmon wavelength but also show multiple LSPR bands. Exemplary samples are

nanorods that display two separated plasmon absorption peaks corresponding to the
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transverse and the longitudinal modes, respectively. Here, the longitudinal mode is
sensitive to the aspect ratio of the rods and can be tuned from visible light to infrared
light regions®86, Common materials used for LSPR applications are noble metals,
refractory (high temperature stable) metals, transition metal nitrides, conductive oxides,
and compositions thereof?7.88. However, gold is the most widely used material due to its
inert (chemical) nature, biocompatibility, and well-established thiol affinity to
immobilize receptors.

Apart from the nanostructures' size, material, and shape, the incredibly intense and
highly localized electromagnetic (EM) fields induced by LSPR make nanostructures a
compassionate transducer system for small changes in the local refractive index879. In
general, if the refractive index of the surrounding medium increases, the extinction
spectrum redshifts, and the resonance wavelength rises, respectively. As many organic
molecules, such as receptors and ligands, a relatively high refractive index compared to
solvent or air results in a redshift and thus serves as the basis for plasmonic biosensing.
A graphical overview of possible parameters influencing the LSPR peak position is given
in Figure 2-4 below.

Within the evolving field of microfluidics, LSPR-based biosensors became particularly
interesting for biosensing applications as the inherent advantages of LSPR in combination
with microfluidics are predicted to surmount the shortcomings of SPR sensors.
Limitations are sensitivity, throughput capabilities, and potential for miniaturization?7.8°.
Furthermore, the possibility to group the advantages of enhanced electromagnetic fields

of plasmonics with microfluidic channels allows not only for the manufacturing of
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Figure 2-4: A) Change of nanostructure's properties such as size (I), material (II), the refractive index of surrounding
medium (III), and shape (IV) cause a shift (I-1II) or an appearance of a second (IV) plasmon peak.
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compact and portable devices at low cost, but also are capable platforms to detect label-

free analytes at low concentrations in real-time.
2.4.2 Electric Biosensors - Field-effect transistors (FETSs)

Typically an electrical biosensor detects a biological target on an electrode interface
through the generation of a current or a voltage signal (or via a perturbation thereof)0.
Depending on the signal's cause, electric sensors can be grouped into
amperometric/voltammetric, potentiometric, conductometric, impedance biosensors,
and field-effect transistors, respectively?l.

This research performed the biodetection of analytes with silicon nanowire field-
effect transistors (SiINW FETSs). Thus, the scope of the following part will be limited to
FETs, which employ transistor technology to measure either the current or the potential
of semiconducting channels. They transduce signals of biodetection that either occur

directly at the current carrying element or associated gate electrodes?2-%4.
2.5 Metal oxide semiconductor field-effect transistor - MOSFET

In a standard approach, FETs are semiconducting devices for amplifying and
controlling signals. FETs (i.e., a metal oxide semiconductor field-effect transistor
MOSFET) consist of p- or n- doped channels of a semiconducting base material, out of
which silicon is by far the most common. The three terminals, source (S), drain (D), and
gate (G), which is allocated between the source and the drain and separated by a thin
insulating oxide layer, connect the channels, respectively. Panel A in Figure 2-5 illustrates
a basic structure of a MOSFET device. A bias between the source and drain of the FET
creates a current flow between them, while the gate is used for control of the current
through a generated electrical field by the gate. Applying a voltage to the gate develops
an electrical field in a vertical direction and hence results in establishing a conductive
channel whose size depends on both the external gate field and the selection of the
materials. However, a slight change in gate voltage has a relatively significant effect on
the current flow between the source and drain. When a gate voltage is applied, the electric
field propagates into the channel depending on the polarity and magnitude of the control
voltage. Further, each FET can be either a p-channel or n-channel device as they can have
their conduction current due to holes or electrons. For further description, the focus is
set on the characteristics of a n-channel MOSFET; however, they all work on a shared

principle so far.
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In the case of n-type semiconductors, a positive gate voltage (Vc) results in the
accumulation of excess electrons at the surface. Consequently, a higher carrier density
appears close to the surface, and the channel becomes more conductive. In contrast, the
reduction of the positive gate voltage leads to a depletion of the electrons close to the
surface, so that carrier density decreases and the channel becomes less conductive.
Further, when large negative voltages are applied, excess positive carriers are induced at
the surface, and the so-called inversion case occurs. For deeper insight into the
corresponding theories, the reader is referred to standard literature®5-9,

The associating IV- relations of a MOSFET using transfer characteristics (Ips versus
Ves) and output characteristics (Ips versus Vps) emphasize the non-linear correlation
between applied voltage and observed current. Figure 2-5B, C below show a typical
course of both IV-characteristics for n-channel MOSFET. In brief, the application of
different gate voltages Vs allows the MOSFET to work in different operation modes
visible in both [V-characteristics. In the cut-off region (red background in Figure 2-5B/C)
the MOSFET is off or considered an open-circuit device. Until Vs exceeds the value of the
threshold voltage Vr (Ves<Vr), there will be no current Isp. However, in the ohmic or
linear region (yellow background in Figure 2-5B/C), the MOSFET operates similarly to a
resistor: Ips increases proportionally to Vps (with Ves>Vr and Vps<Vp). A further rise of

Vsp above the pinch-off voltage (Vp) results in a plateauing of Isp as the inversion layer

A ) B Transfer characteristics C Output characteristics
Cut-off Ohmic region $ 8 8fOhmic  Saturation region
Vp= Vas-Vy,

log
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Figure 2-5: Overview of a MOSFET's operation modes and associated IV-characteristics. A) Basic structure of a MOSFET.
The n-channel FET consists of a p-type substrate with n-type islands connected to the outside via contacts (source S
and drain D). The substrate is covered with an insulating metal oxide layer, and a thin metal layer deposited onto the
oxide acts as the gate electrode. Applying a gate voltage Vi between gate and source creates an electric field that attracts
electrons from the p-substrate, creating an n-type channel between the s and D terminals. V¢ can control the current
ISD of this channel. B) Relating transfer characteristics (Iso vs. Vc) of MOSFET plotted in linear (black) and semi-
logarithmic (blue) scale. In the ohmic region, Isp depends linearly on Vg, and the associating slope represents the
transconductance, gm, of the device. The intersect of the linearly fitted transfer curve (blue dotted line) at Isp = 0 is
frequently defined as Vr. In the cut-off region, Isp correlates exponentially to Vc. The inverse slope of the semi-
logarithmic plot is called the subthreshold slope, SS. C) Output characteristics (Isp vs. Vsp ) of a MOSFET at different Vg
values. Different background colors refer to the different operation modes.
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builds up. In Figure 2-5C, the dotted line represents the course of the pinch-off voltage,
which Vp = Ves-Vr defines. Further, the saturation region (grey background in Figure
2-5C), Ves>VT,and Vps>Vp are hallmarked by constant Isp values.

The threshold voltage Vr is defined as the voltage at which the surface inversion
layer just forms. Vr can be extracted graphically from transfer characteristics that can be
plotted either in a linear (see blue line in Figure 2-5B) or in a semi-logarithmic (black
line) graph. In linear scale, the prolongation of the fitted transfer curve with Isp = 0 is
commonly defined as V122, whereas the slope of the curve is called transconductance, gm.
Vice versa, the inverse slope of the semi-logarithmic plot is called subthreshold swing S,
and Vr is the value at which the transfer curve is steepest. Both values are critical

parameters for validating the performance and efficiency of the FET100.101,
2.5.1.1 Ilon-sensitive field-effect transistor - ISFET

Bergveld et al. discovered in 1970 that MOSFETSs in direct contact with a liquid
solution are sensitive toward ions, i.e., sodium cations, and thus appropriate candidates
for pH sensors, too192, Although in principle, an ion-sensitive field-effect transistor
(ISFET) shares the same basic structure as a MOSFET, as depicted in Figure 2-6 below, an
electrolyte solution, which is contacted by a reference electrode (RE), replaces the metal
gate — a so-called liquid gate controls current flow104-106,

Similar to MOSFET, the conductivity depends on the electric field perpendicular to
the current's direction and on the potential differences over the gate oxide. As the current

is closely connected to interface potential at the oxide/aqueous solution, the conductance

A MOSFET B ISFET

metal
metal oxide metal oxide

channel

channel

—

VSD RE-= reference electrode

Figure 2-6: Schematic cross-section of A) MOSFET and B) ISFET device. Ve abbreviates gate voltage, whereas Vsp refers
to source-drain voltage. Despite a similar basic structure, ISFET and MOSFET differ by replacement of the metallic gate
of the MOSFET with an electrolyte solution connected to a reference electrode (RE).
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in ISFETs depends on the charge situation at the oxide-electrolyte interface. Due to their
chemical nature, oxide surfaces carry OH-functionalities, which can be either protonated
or deprotonated- depending on the equilibrium conditions with ions of the sample
solutions (H* and OH-). Therefore, when the gate oxide of an ISFET meets an aqueous
solution, a pH variation will reflect within the SiO2 surface potential and cause the pH
sensitivity of ISFET devices. In general, the performance in terms of selectivity and
sensitivity of ISFETSs relies on the properties of the electrolyte/insulator interface. Apart
from Si/SiO2 interfaces, other inorganic materials such as Al203, SisN4, HfO2, and Taz20
show enhanced properties concerning pH response, hysteresis, and drift107-109. However,
well-known surface chemistry routes exist for modifying SiO2 with covalent attachment
of organic (bio) molecules and polymers105.110,

A more detailed discussion, corroborated by experimental results of the pH
response of ISFETs concerning the amphoteric surface SiOH groups, follows in section
5.2.3.3.

In addition to the just mentioned MOSFET-based technologies, there are also
organic field-effect transistors (OFET), which are made of polymers, carbon material
based (such as graphene and carbon nanotubes (CNTs)) FETs, and ferroelectric FeFET,
which are suitable for memory cells, widely used nowadays111-115,

However, in this work, well-established silicon is still preferred as a material for
FETs due to its ease of fabrication and processing. With Si being one of the most abundant
elements on earth, it is not only readily available and, therefore, inexpensive to acquire
but also offers highly effective semiconducting properties'!®. In addition, the naturally
growing SiO2 layer, with its insulating properties, further supports the suitability of Si
when making electronic chip components. With respect to matured semiconducting
industry, SINW FETs are conceivable with different sizes, shapes, and dopants; that
further allows for a highly sensitive dynamic label-free electrical detection of

biomolecules!?,
2.5.1.2 NanoFETs

Implementation of nanomaterials to biosensing platforms further boosts their
potential for applications as chemical and biological sensing devices!18-120 3s
contemplated above (see section 2.2.2). Various types of nanomaterials can be applied

with FETs, including prominent representatives such as silicon nanowires, zinc oxide
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nanowires, CNTs, and graphene. After the discovery of the latter and the emergence of
new 2D materials, many of these nanomaterials have been implemented as
semiconducting channels in high-performance FETs as they offer unique structural and
electronic properties compared to bulk counterparts3.121,122,

The advantage of using nanoFETs over planar FETs lies, among others, in the
utilization of dual- gates (meaning the implementation of an additional gate dielectric),
in the high surface-to-volume ratio of the channels, and, as a result thereof, in small cross-
sectional conduction pathways that allow for surface potentials that can penetrate the
entire material?4110123,124 Furthermore, in contrast to planar FETs, the nanowires act as
conduction channels that are fully affected by the surface potentials.

Nanostructures offer size compatibility with biological molecules allowing them to
be used as biosensors. Here, charged biomolecules can actlocally as an (additional) liquid
gate that leads to a subsequent change of surface potentials, forming the basis of target
detection with FET125126, A detailed discussion about the effects of surface-tethered
biomolecules on FET signals and their surface potential, based on the example of DNA
binding to a specific analyte, follows in chapter 5.3.

However, due to the same size in at least one dimension, biological recognition
events alter the potential of the nanochannels even at low analyte concentrations.
Consequently, the small sizes tremendously enhance the device's sensitivity and
biodetection of analytes with wide concentration ranges between micromolar to
zeptomolar, and even in some cases, single molecules detection gets possible127-129,

In summary, the channel's conductivity in FETs strongly depends on the external
electric field, as it will control the number of charges in the present channels. These
properties help configure FETSs as suitable biosensors, as the presence of molecules on a
semiconducting surface can also alter the conductance. A modification of the surface with
(charged) bioreceptors results in a depletion or accumulation of charge carriers. It
influences the FETs by shifting the surface potentials that control charge carriers inside
the channels. The associated changes serve as the basis for target detection, respectively.
Here, not only the charge at the channel surfaces but also in the nearby surrounding
medium is crucial to the function of FETs. The distinct relation of conductance to gate
voltage and its generated electrical field makes FETs promising candidates for electrical

biosensors in detecting and amplifying signals.
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The electronic transducer approach is essential for dense and opaque fluids or
tissues, in which optical-based biosensing approaches disqualify194. Besides, due to their
commercial availability and high-quality (mass) production, FETs are widely used

sensing and screening platforms these days129-131,
2.6 Summary

In this chapter, an introduction to the fundamentals of different components of
biosensing was given. Accentuating receptors based on DNA first, a subsequent
introduction to two transducer systems, namely optical sensors operating through LSPR
and electric sensors based on FETs, followed.

To conclude, the promising properties of DNA-based receptors raised further
interest in implementing them into different biosensing platforms. The incorporation of
DNA receptors into an optical sensor platform is validated in chapter 4, whereas the

integration of aptamers into electrical sensors is presented in chapter 5.
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3 Materials and methods

3.1 Plasmonic biosensors based on vertically aligned gold nanoantennas

3.1.1 Materials

Multiple DNA sequences with different modifications were used in this study. For
all experiments, 25 base-pair-long DNA strands acting as probes were immobilized onto
gold surfaces. Hence, probe DNA was modified on its 5' end with a thiol group (HS-) and
a Cé6 linker.

Two complementary DNA strands (cDNA), which differ in length, were studied.
Here, a fully complementary DNA strand with the same length as the probe DNA (cDNA
25), and a 100 bp long DNA strand (cDNA 100), where only the first 25 bp is
complementary to the probe, were chosen. In addition, a 25 bp long, non-complementary
strand (control) was selected for control purposes. The exact sequences of all used DNA
strands and their possible modifications are listed in Table 3-1 below; the
complementary parts are underlined.

For calculation of the surface coverage of probe DNA on the particular structures,
DNA was not only modified with a thiol-group but also with a fluorescent label 6-

Carboxyfluorescein (FAM) on the 3’-end.

Table 3-1: In this research used sequences and modifications of DNA strands. The underlined fragments refer to
complementary DNA sequences.

Name Sequence (5'->3") 5'- modification | 3 '- modification

Probe DNA ATA GGC TCT GCG GAATAA C6-SH
GGT CTCG

cDNA 25 CGA GAC CTT ATT CCG CAG
AGCCTAT

cDNA 100 AGG TGG CTC AGG TGC GCC
ATA GGT CCC GCA CCT GAG
CCA TAT ATG GCT CAG GTG
CGC CAT AGG TGG CCA TAG
GTT CGA GAC CTT ATT CCG
CAGAGCCTAT

control ATG CGT ACG TGT TGG AGG
ACGTAAC
DNA_Thio_FAM  CGA GAC CTT ATT CCG CAG |C6-SH FAM

AGCCTAT



3 Materials and methods

All DNA strands were purchased from Biomers.net (Ulm, Germany). Aliquots with
a concentration of 100 uM in PBS were prepared and stored at -18°C. Before use, DNA
aliquots were heated to 95°C for 5 min and constantly cooled at 2.3°C/min to room
temperature, using a MasterCycler (Eppendorf, Hamburg, Germany), and further diluted
to desired concentrations, respectively.

Table 3-2 summarizes other chemicals used in this research, their abbreviations,

and their suppliers.

Table 3-2: Overview of used chemicals, including their abbreviation and supplier.

Chemical Abbreviation Supplier
Magnesium chloride MgCl2 Fluka analytical
Potassium Phosphate KH2PO4 Roth
Tris(hydroxymethyl)aminomethane | TRIS Fluka analytical
6- Mercaptohexanol MCH Sigma Aldrich
2- Mercaptoethanol Bio-Rad
Ethylenediaminetetraacetic acid NazEDTA Sigma Aldrich
Sodium hydroxide NaOH Grissing GmbH
Hydrochloric acid HCI Sigma Aldrich
Chloroauric acid HAuCls Chempur
Sodium thiosulfate Naz25203 Sigma Aldrich
Sodium sulfite Naz2S03 Sigma Aldrich

3.1.2 Manufacturing of nanoantenna arrays

Collaborators of the Chair of experimental physics/photophysics (IAPP) at TU
Dresden manufactured Nanoantenna-based sensors. The exact processes have been
published elsewherel. Briefly, nanoantennas were fabricated by depositing gold into
nanometer-sized pores of an anodized aluminum oxide (AAO) matrix. Before, different
layers of 5 nm titanium, 8 nm gold, and 300 nm of aluminum were sputtered onto glass
substrates. Then, the nano-porous aluminum oxide (AAO) layer was created by
anodization of the aluminum layer at 26 V in a cooled aqueous solution of 0.3 M sulfuric
acid at 0°C. Before filling the AAO matrix with gold, an etching step with 0.03 M NaOH for
25 s was performed to remove residual aluminum and thus open the pores to the bottom
gold electrode. Next, the AAO template is filled with gold with the help of an
electrochemical reaction of 0.05 M HAuCls, 0.42 M Na2S0s3, and 0.42 M Na2S20s3. Finally,
an etching step with 0.03 M NaOH enables the complete removal of the AAO matrix and

34



3.1 Plasmonic biosensors based on vertically aligned gold nanoantennas

leaves freestanding gold antennas with dimensions of 390 nm in length, 17 nm in

diameter, and 63 nm inter-wire spacing.
3.1.3 Surface modification and characterization
3.1.3.1 Immobilization of thiolated receptors to gold surfaces

Effective surface functionalization is a significant process step in developing
biosensing techniques. The decent binding of specific receptors to the sensor surface is
essential for its performance. On the one hand, they support efficient biomolecular
capture; on the other hand, they help amplify the signals the transducer receives.

For the nanoantenna biosensor, which operates by LSPR, the usage of well-
established thiol-gold chemistry succeeded in properly binding receptors to sensor
surfaces. Prior to treatments, gold nanoantenna arrays and planar gold films were
cleaned by diligent immersion in ethanol, acetone, and ddH20, for 5 min each, followed
by an oxygen plasma treatment (SPI SUPPLY PREP2; USA, 100 W, 0.2 mbar) for 2 min.
Next, the immobilization of receptors was performed by incubating 5 or 10 uM of probe
DNA in immobilization buffer (IB), which is 100 mM potassium phosphate supplemented
with 10 mM MgClz. Samples were left in the dark for designated periods to allow for a
severe binding of thiolates probes, as imaged in Figure 3-1A. Following immobilization,
an immersion for 30 min in 5 mM 6-Mercapto-1-hexanol (MCH) solution followed. As
highlighted in panel B of Figure 3-1, the treatment not only blocked the remaining free
surface sites of the gold but also helped to straighten up the DNA probe strands
perpendicularly.

Prior to hybridization with two different complementary DNA strands, all
substrates were washed with hybridization buffer (HB), which is 10 mM
Tris(hydroxymethyl)aminomethane (TRIS) and 20 mM MgClz at a pH of 7.4.
Hybridization with complementary DNA occurred by exposure of the structures to DNA
strands in HB for 15 min up to 24 h, respectively. The concentration of complementary
DNA strands ranged from 1 nM to 1 uM, and hybridization experiments were all carried
out at a constant flow rate of 10 pl/min, adapted with a high accuracy pump (Harvard
Apparatus; Mo. Pump 11 Pico Plus Elite, Holliston, USA).

The studied probe-target system consists of a 25 base pair (bp) long 5' thiol-
modified probe oligonucleotide (probe DNA, shown as a blue strand in Figure 3-1), a 25
bp entirely complementary strand (cDNAZ25,) as well as a 100 bp long partially
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Figure 3-1: Schematic drawing of chemical surface functionalization (Chemical structures are not in their original
scale): A) the probe DNA forms a robust layer on gold surfaces due to thiol-gold interactions. B) Backfilling with 6-
mercaptohexanol (MCH) leads to a dense self-assembled monolayer with perpendicularly arranged probe DNA. C)
Fully complementary DNA strands react with probe DNA, whereas in D) only a fractional overlap of target DNA
hybridizes with probe DNA leading to additional DNA on the surface.

complementary strand (cDNA100). In addition, a 25 bp non-complementary DNA strand
was used as a control. The different lengths of targets are visualized in panels C and D of
Figure 3-1. In panel C, the 25 bp long DNA strand is entirely complementary to the probe,
symbolized as an orange strand. However, in panel D, only a fraction of the 100 bp
matches: the complementary fraction is represented in orange, whereas the overlapping
fraction is pictured in green. All oligonucleotides were purchased from Biomers.net (Ulm,
Germany). The exact sequences are given in Table 3-1; the underlined sections represent
complementary parts. To prevent interferences such as hairpin structures and to
maintain the guanine-cytosine (GC) content at ~50%, the design of the sequences was
computed with the help of the algorithm EGNASZ.

Between hybridization with different targets, the surface was regenerated by
rinsing the substrates thoroughly with 500 pl of the following solutions: H20, 0.1 M
NazEDTA, H20, 0.1 M NaOH, H20, and hybridization buffer.
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3.1.3.2 Calculation of immobilized receptors and targets via fluorescence intensity

The surface coverage of DNA molecules during each reaction step onto
nanostructured and planar substrates was evaluated with the help of fluorescence
intensities, as described elsewhere3. In addition, the method was chosen to survey the
quality of the reaction steps of the applied surface modification protocols.

Planar substrates were fabricated by evaporating 3 nm chromium and 20 nm gold
onto freshly cleaned coverslips (Menzel, #=13mm, #1.5) in a dual source thermal
evaporation unit (Leybold UNIVEX 300, Germany). To calculate the amount of bound
DNA, carboxyfluorescein (FAM) -labeled probe DNA was immobilized on relevant
substrates as described in section 3.1.3.1, followed by immersion of substrates in freshly
prepared 12 mM 2-Mercaptoethanol solution in 0.3x PBS for 16 h. In contrast, the
hybridization yield was quantified via the reaction of probe DNA with rhodamine green-
labeled complementary DNA. At preassigned time steps, immersion of the substrates in
15 mM NaOH for at least 12 h stopped the chemical reaction. A non-complementary
cyanine 3 (CY3)- labeled DNA served for control measurements.

Next, a plate reader (Tecan Infinite® 200 PRO, Switzerland) was used to measure
the fluorescence intensity (FI) of all samples; Table 3-3 contains the exact wavelength
settings for each labeled DNA strand. Finally, signals were converted into surface

coverage based on a previously taken calibration curve.

Table 3-3: Overview of extinction and emission wavelengths (in nm) used in this study to measure fluorescence
intensity.

Dye ABS EM
FAM/FITC 494 520
Rhodamin Green-X 504 532
CY3 550 570
3.1.3.3 Refractive Index

Biosensors operating through (localized) surface plasmon resonance are highly
sensitive to the surrounding entities' refractive indices (RI). Therefore, comparably small
changes in the RI create a significant sensor response. Here, (L)SPR sensors do not probe
only the RI of (bio-) molecules that are in very close vicinity to the surface but also the RI
of the bulk solutions in the background*. Consequently, to prevent misinterpretation of

signals caused by the bulk solutions, the RI of each buffer has been measured with an
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ABBE refractometer. At a wavelength of A=589 nm, three independent measurements of

each buffer were performed, and results were averaged.
3.1.3.4 Reduction of non-specific adsorption

There is a high demand for preventing unspecific adsorption of molecules onto the
surfaces as this will limit the performance®. In this study, the surfaces were blocked
chemically via functionalized self-assembled monolayers (SAMs) of alkane thiols, which
build up dense layers that allow only little unspecific adsorption®. In this study, the non-
specific adsorption of DNA towards differently terminated alkanethiols was evaluated by
SPR. Here, SAMs of alkanethiols with similar alkane chain lengths but different terminal
functional groups (carboxylic, hydroxylic, and amino groups) were formed via immersion
of gold surfaces into 5 mM ethanolic alkanethiol in solutions for 30 min. A surface, which
was incubated in ethanol only, served as a control. Next, all prepared substrates were
exposed to a solution of 1 uM DNA for 10 min, and the amount of adsorbed DNA on each
surface was calculated respectively. The modification, where less DNA adsorbs, reduces

non-specific adsorption most.
3.1.4 Measurement setup for detection of analytes
3.1.4.1 Microfluidic integration

Both sensing platforms unify the idea of detecting analytes in fluids in real-time. For
the performance of the sensors under aqueous conditions, sensors were implemented
into a microfluidic setup, in which tailored holding devices were equipped with
Polydimethylsiloxane (PDMS) microfluidic channels to allow for defined analyte flow
regimes. Microfluidic channel systems were fabricated with PDMS elastomer (SYLGARD™
184), bought from Dow Corning (Midland, MI, USA), and further processed as suggested
by the manufacturer. Briefly, the silicone elastomer and its curing agent were mixed well
in a ratio of 1:10 and degassed for 15 min. Next, the polymer mixture was poured onto a

master substrate and cured at 80°C.
3.1.4.2 Continuous biodetection with nanoantenna arrays

Nanoantenna substrates and thin glass slides (VWR, 23mm, #1.5) were connected
to working sensors with microfluidic chambers in a layer-wise approach as described
previously?’. For a secure assembly, sensors and substrates were treated with Oz plasma

(SPI SUPPLY PREPZ; USA) for 10 s each and linked under moderate pressure to enable
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the covalent bonding between the sensor and microfluidic devices. Merged substrates
could rest at 65°C for at least 3 h until further usage.

For biosensing, the excitation and the course of the LSPR signals were monitored
by measuring the optical absorbance of the nanoantenna assembly. Spectral
measurements were performed using a rotatable sample holder and a spectrometer
(OceanOptics Maya2000 Pro), while illumination of the sensor assembly was achieved by
a halogen lamp (LOT-QuantumDesign). Via incorporation of a Glan-Thompson prism, the
p-polarization of light was selected to exclude background signals from s-polarized light,
which only excites the short axis resonance. Finally, a fiber connected to the spectrometer
collected the transmitted light. For maximal signal acquisition, an angle of incidence © of
40° was chosen. The whole setup is illustrated schematically in Figure 3-2 below.

The optical spectra were recorded periodically, and extracted positions of the LSPR
were set in relation to time. Here, the spectral positions of the long-axis LSPR were
enumerated by fitting the acquired spectral data with two Lorentzian functions.

For a precise and enduring analyte delivery to the nanoantenna array, a flow rate of
10 pl/min inside the microfluidics was kept constant by using a high-accuracy syringe
pump (Harvard Apparatus; Mo. Pump 11 Pico Plus Elite, Holliston, USA).

Reference experiments on planar gold surfaces were executed using a surface
plasmon resonance spectrometer (Fraunhofer IOF, Jena, Germany), with suiting optically
transparent TOPAS® chips (Capitalis, Berlin, Germany), which embrace integrated
microlenses and a 50 nm thick gold layer. The SPR device is adopted with a microfluidic
system, where analyte delivery was maintained at a flow rate of 10 pl/min and 25°C.

Planar gold areas were treated in analogy to the protocols of the section.

1 2 3 4 5 6
B
iV

halogen spectro

lamp meter

Figure 3-2: Schematic drawing of the optical setup for measuring transmission spectra of nanorod samples: The beam
of a halogen lamp is collimated by a lens (1), guided through a Glan-Thompson prism (2) for selection of the p-polarized
state, and passes a slit aperture (3). The sample is placed centrally between two cylindrical lenses (4, 6), where the
beam is narrowest, on a rotatable sample holder (5). The light is transmitted into a fiber-coupled spectrometer.
[Image adapted by courtesy of Dr. Tino Uhlig, IAPP]
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3.2 SiNW FET-based real-time monitoring of cortisol

3.2.1 Materials

For detection of the stress marker cortisol with an electronic biosensor based on
SINW FETs, specific DNA receptors (aptamers) were used. The DNA sequences of the
aptamers, including their modifications, are listed in Table 3-4 below. An 85 bp long
aptamer sequence, specific against cortisol, was adopted from Martin et al.8. A 76 bp long
aptamer, specific against estradiol and published by Liu et al.?, served as a control.

For biosensing experiments, all aptamers were modified on its 5’-end with a C6
linker and an amino group (-NH2) for covalent attachment to carboxylic (COOH-)
terminated surfaces.

For fluorescence imaging, cortisol aptamers were labeled with the fluorescent dye
CY3, whereas the control aptamers were labeled with rhodamine-green. For each
aptamer, the 3'- end remained unmodified.

Table 3-4: Sequences and modifications of aptamers used for detection of cortisol.
Name Sequence (5'->3") 5'- modific. 3 '- modific.

Cortisol_ | GGAATGGATCCACATCCATGGATGGGCAATGCGG |C6 -NH2
amino GGTGGAGAATGGTTGCCGCACTTCGGCTTCACTG

CAGACTTGACGAAGCTT
Cortisol_ | GGAATGGATCCACATCCATGGATGGGCAATGCGG CY3
CY3 GGTGGAGAATGGTTGCCGCACTTCGGCTTCACTG
CAGACTTGACGAAGCTT

Estradiol GCTTCCAGCTTATTGAATTACACGCAGAGGGTAG Cé6- NH2
_,amino |CGGCTCTGCGCATTCAATTGCTGCGCGCTGAAGCG
C GGAAGC

Estradiol GCTTCCAGCTTATTGAATTACACGCAGAGGGTAG Rhodamin
_green CGGCTCTGCGCATTCAATTGCTGCGCGCTGAAGCG Green-X
C GGAAGC

All DNA strands were purchased from Biomers.net (Ulm, Germany). Aliquots with
a concentration of 100 uM in PBS were stored at -18°C. Prior to use, DNA was heated to
95°C for 5 min and constantly cooled at 2.3°C/min to room temperature using a
MasterCycler (Eppendorf, Hamburg, Germany) respectively.

Table 3-5 below presents supplementary chemicals, which were used for the

development of a biosensing assay based on FETs.
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Table 3-5: List of chemicals, including abbreviations and suppliers, used for the development of a biosensing assay with

SiNW FETs

Chemical Short name Supplier

3-(triethoxysilyl)propylsuccinic anhydride TESPSA ABCR GmbH

3-aminopropyltriethoxysilane APTES Sigma Aldrich

N-(3-Dimethylaminopropyl)-N'- ethyl EDC Sigma Aldrich

carbodiimide hydrochloride

N-hydroxysuccinimide NHS Sigma Aldrich

Phosphate buffered saline PBS VWR

Sodium chloride NaCl Chemical department

TU Dresden

Hydrocortisone 3-(0-carboxymethyl)oxime 3-CMO Sigma Aldrich

Dimethyl sulfoxide DMSO VWR

Tris(hydroxymethyl)aminomethane TRIS Fluka analytical

Magnesium chloride MgCl2 Fluka analytical

Dipotassium hydrogen phosphate K2HPO4 Carl Roth

Potassium dihydrogen phosphate KHPO4: Carl Roth

Sodium hydroxide NaOH

Hydrochloric acid HCI Sigma Aldrich

Polydimethylsiloxane PDMS Dow Corning

(Sylgard 184)

Steroids: (3-Estradiol All Sigma Aldrich,
Progesterone Donated by Prof.
Testosterone Kirschbaum,
Cortisone Biopyschology,
Dehydroepiandrosterone DHEA TU Dresden
Melatonin
Cortisol

Methanol MeOH VWR

Ethanol, absolute > 99.8% EtOH VWR

Cortisol Saliva Luminescence Immunoassay LIA IBL International

Cortisol Standards (all in pg/dl): IBL International

0; Std A
0.015; B
0.03; C
0.10; D
0.40; E
1.00; F
3.20 G

in PB incl. 0.1%BSA and 0.1%ProClin

Gold nanoparticles, 10nm AuNPs BBI solutions

hydroxyethyl piperazineethanesulfonic acid HEPES Sigma Aldrich
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3.2.2 Manufacturing of silicon nanowire field effect transistors (SiNW FETSs)

SiNW FETs have been fabricated by collaborators of the Department of Creative IT
Engineering at Pohang University of Science and Technology (Postech) and the Division
of Electronic Engineering, Jeonbuk National University, South Korea. A detailed
description of the fabrication procedure has been published in the past10.

Briefly, honeycomb nanowires (HC) shaped FETs were fabricated using a top-down
approach on an 8-inch silicon-on-insulator wafer with 200 nm oxide and 50 nm top p-
silicon layers. Active regions, including source/drain and nanowires, were specified with
the help of etching the top silicon layer using conventional optical lithography and
inductively-coupled plasma reactive-ion etching (ICP-RIE). Nanowires, structured in a
honeycomb shape with 50 nm width, were patterned using electron-beam lithography
and etched using the ICP-RIE. To avoid a direct connection of source and drain regions to

sample solutions, a 2 um thick SU-8 photoresist as a passivation layer was established.
3.2.3 Integration of SINW FETs into a portable platform

The provided FETs were integrated into a portable measurement platform, which
has been manufactured and described in-depth by collaborators11-13. Briefly, the mobile
measurement platform consists of three modules: a measuring unit, a replaceable MUX
adapter, and a customizable biochip adapter, allowing continuous and simultaneous
measurements of multiple FETs. The measuring unit, including the attached MUX
adapter, has been used as provided by collaborators. In this research, the SINW FETs
were integrated into the biochip unit of the system by connecting the terminals of the
individual FETs to a tailored printed circuit board (PCB). Chips were fixed on the PCB
with conductive epoxy glue, and terminals were linked to PCB with a wire bonder (TPT
Wire Bonder GmbH & Co KG, Model HBOS5, Karlsfeld, Germany). Bonds between
substrates and gold wires (25 pm diameter) were created at 60°C with 0.2 s bond time

and 30 cN bond force.
3.2.4 Biomodification and characterization of electronic biosensors SiNW FETs

The specific interaction of a sensor with its environment is crucial for its
application. The appropriate interface between sensor and receptor is as essential as the

successful interplay between receptor and target molecules.
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This work presents the immobilization of receptor molecules to oxide surfaces
based on the silane 3-(triethoxysilyl) propylsuccinic anhydride (TESPSA). Fluorescence
microscopy and contact angle measurements validated the successful functionalization
with TESPSA, the subsequent immobilization of receptors, and the biorecognition of the
analyte.

The origin of the (electrostatic) interactions, which lead to a successful binding
between a receptor and its analyte cortisol, is of particular interest in this study. Three
independent methods, namely a colorimetric assay based on gold nanoparticles, circular
dichroism, and fluorescence microscopy, have been applied to verify the binding.
Furthermore, fluorescence microscopy demonstrates the usability of the system for

surface-related assay.
3.2.4.1 Immobilization of aptamers against cortisol to oxide surfaces

The following paragraph describes the experimental procedure for modification of
the oxide surface with TESPSA and subsequent immobilization of receptor molecules. The
approach is a relatively simple two-step modification process, which has been briefly
adopted from Gang et al. 14. Figure 3-3 shows a sketch of the chemical reactions.

Prior to experiments, FETs and glass slides were cleaned thoroughly by rinsing with
DI water, ethanol, acetone, and isopropanol and subsequently dried via an N2 stream. For
hydroxylation of the surfaces, an oxygen plasma treatment for 10 s at 100 W, 0.3 bar
(Diener electronic GmbH & CoKG, Ebhausen, Germany) followed. Next, the in this way
activated surfaces were exposed to TESPSA for 4 h under vacuum and infrared light.
Afterward, samples were transferred to an oven and allowed to rest for at least 30 min at
120°C. The thermal treatment permits stabilization of the silane and avoids the undesired
ring opening reaction of the anhydride, resulting in a severe silane layer with anhydride
moieties, as shown in Figure 3-3B.

To bind the receptors covalently, 5 uM Amino-modified DNA strands in 1xPBS,
supplied with 5 mM MgClz, were incubated for 1 h on TESPSA modified surface and rinsed
with PBS thoroughly. Samples were stored in a humidified chamber to avoid solvent
evaporation. Next, samples were immersed for 0.5 h in standard A, the cortisol-free
standard from the LIA kit that contains 0.1% BSA and 0.1% ProClin, at room temperature

to equilibrate surfaces. Figure 3-3C summarizes the reaction of amino-modified receptors
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onto anhydride moieties of the silane layer. In a final step, the target is introduced into

the system. Figure 3-3D demonstrates the binding of an analyte to its receptor.
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Figure 3-3: Simple two-step biomodification steps of SINW FETs for biosensing purposes. A) Oz Plasma treatment
creates hydroxylated surfaces of SINW FETs, which are exposed under vacuum and IR-light to TESPSA for 4 h. B) A
homogenous silane layer with anhydride moieties builts up. Further treatment with amino-modified biomolecules, i.e.,
aptamers against cortisol (blue line), for 1 h at RT leads to (C) covalently linked receptors on SiINW FET. D) Exposure
of linked aptamers to analyte cortisol (black ellipse) encourages a binding of the analyte to its receptor by inducing a
conformational change.
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3.2.4.2 Contact angle

Contact angles (CA) of water drops on each modified surface were determined to
assess the quality of the modification steps. All measurements were executed in static
sessile drop mode with an OCA20 device (Dataphysics Instruments GmbH, Filderstadt,
Germany). Five droplets of deionized water with a volume of 10 pl were dispensed onto

substrates with a flow rate of 1 pl/s. The values of each sample are averaged.
3.2.4.3 Colorimetric assay

Commercially available gold nanoparticles (AuNPs) with a diameter of 10 nm and a
concentration of ~10 nM were used as given by the manufacturer. The cortisol-targeting
aptamer was incubated with AuNPs for 1 h. Next, solutions were diluted 1:1 in 20 mM
HEPES buffer, which was supplemented with 2 mM MgClz and left overnight on a platform
shaker (Heidolph Duomax 1030, Schwabach, Germany) at S5rpm to equilibrate the
reaction. Target solutions, namely cortisol, estradiol, testosterone, progesterone, and
dopamine, were dissolved to 100 mM in methanol and freshly diluted 1/1000 in 1/3
cortisol binding buffer (CBB). 1x CBB consists of 50 mM Tris, 137 mM NaCl and 5 mM
MgClz at pH 7.4.

Next, 10 pl of freshly prepared target solutions with analyte concentrations ranging
from 0 to 10 uM were incubated with 80 pl of AuNPs solutions for 20 min. After adding
13 pl 1M NaCl to each sample, the absorbances at 650 nm and 520 nm were directly
measured with a microplate plate reader (Tecan Infinite 200 PRO, Switzerland). Several
control measurements were performed: AuNPs were exposed to 10 puM (in 1/3x CBB)
Estradiol, testosterone, progesterone, and dopamine, as well as to a 1/3 x CBB solution
that had no target at all. Likewise, AuNPs without linked aptamers were exposed to
analyte solutions.

For all samples, the ratio of the two absorbencies (Eesso/Es20) is analyzed and

normalized against the spectra of the target-free AuNP solution.
3.2.4.4 Circular dichroism

Circular dichroism spectroscopy (CD) is a method that helps to get insight into the
secondary structure of DNA/aptamers and thus allows for tracking of the folding of DNA
upon binding. Aptamers were used at a concentration of 5 uM in 1x PBS and incubated

for 1h with cortisol ratios ranging from 1:1 to 1:20. Cortisol was diluted from stock in PBS

45



3 Materials and methods

to desired concentrations, respectively. CD spectra were collected with a Chirascan-Plus
spectrophotometer (Applied Photophysics Ltd.). For each sample, three scans from
wavelengths of 200 nm to 320 nm with a resolution of 0.5 nm resolution, a bandwidth of
1.0 nm, and a response time of 1 s were acquired. All samples were measured in quartz
cuvettes, which were cleaned thoroughly with PBS and N2 between the individual
measurements. Primarily recorded spectra from air and cuvettes were subtracted. The

scans shown in the plots average three individual scans.
3.2.4.5 Fluorescence microscopy

A modified functionalization approach has been established to image the aptamer-
target interaction by fluorescence microscopy. Terminating the surface with a cortisol-
derivate facilitated the subsequent reaction with a fluorescently-labeled aptamer, which
could be detected by standard fluorescence microscopy. The cortisol-terminated surface

was prepared in analogy to 15. A supportive sketch of the reaction is shown in Figure 3-4

below.
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Figure 3-4: Biomodification of SiO2 surfaces with cortisol-derivate 3-CMO. First, treatment of SINW FETs with APTES
leads to A) Aminoterminated surface. B) Exposure of Cortisol-derivate 3-CMO, supplemented with EDC/NHS, allows
for covalent binding of Cortisol-derivate to FETs. C) Fluorescently labeled aptamers bind to modified SINW FET.
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First, oxide surfaces were prepared with amino groups: samples were hydroxylated
by oxygen plasma and exposed to a solution of 2.5% APTES in EtOH for 30 min, followed
by thermal treatment at 120°C for 30 min to crosslink and stabilize the layer. Meanwhile,
a chemical reaction of 10 mM Hydrocortisone 3-(0-carboxymethyl) oxime (3-CMO) in
DMSO with 0.1 M NHS in DMSO and aqueous 0.4 M EDC-HCI was performed for 15 min to
activate carboxy moieties of the cortisol analog. Each reactant was freshly prepared. Next,
the activated cortisol analog solution was incubated with APTES-treated surfaces and left
to react for 60 min. Non-bound reactants were removed by washing the surfaces with
buffers carefully. Cortisol-targeting aptamers, which have been equipped with a
fluorescent CY3 tag at its 5’-end, were diluted in 1x PBS supplemented with 20 mM MgCl2
to designated concentrations. A microarray printer device (NanoPlotter 2.1 with
piezoelectric pico-tip, both GeSiM mbH, Radeberg, Germany) was used to spot 50 pl of
each aptamer solution onto cortisol-terminated glass slides. During the reaction time of
30 min, the spotting atmosphere was kept at 23°C, 80% r. H. and 1% glycerol were added
to the buffer system to prevent the evaporation of the droplets. Prior to imaging with a
microscope, all surfaces were washed three times with PBS and dried with an N2 stream.

Fluorescence microscopy was performed on an Axiovert 200M (Carl Zeiss AG,
Oberkochen, Germany) with suiting Zeiss filter No. 15 (ex. 546+ 12 nm, em. >590 nm).
Surfaces were exposed to light for 1 s, and obtained images were analyzed using Image]
software. For analysis, the fluorescence intensity of the aptamer spots and the
background intensities were determined and correlated. The ratio of fluorescence-to-
background (FI/B) was calculated for each area individually. Five different spot arrays

were analyzed and averaged.
3.2.5 Electric characterization of FETs

An initial electric characterization of the FETs was achieved by recording the output
and transfer characteristics before any surface modification. Output characteristics were
obtained by sweeping the source-drain-voltage (Vsp) from -2 V to +2 V at different gate
voltages (V¢) ranging from -2 to +5 V. In contrast, transfer characteristics were collected

by sweeping V from 0 V to 2 Vat a fixed Vsp of 0.1 V.
3.2.5.1 Biodetection with SINW FETs

Chemically prepared FET chips were mounted into a holder with a microfluidic

channel system, as described in section 3.2.3 above and illustrated in chapter 5, figure 3B.
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The FETs were operated in a dual-gate mode: gate voltages were applied via the back
gate, and the same potentials were employed to solutions via the Ag/AgCl reference
electrode, which is incorporated into the tubing system and driven by the measurement
unit of the portable platform.

All analyte solutions of interest were guided over the FETs at 21°C with a flow rate
of 10 pl/min, adjusted with a syringe pump (PHD 22/2000, Harvard apparatus, Holliston,
USA).

For all measurements, a continuous gate sweeping model¢ to control multiple FETs
via a multiplexing process was used. For all time points, gate voltage Vg is continuously
swept over the range from 0 V to +2 V with 62.5 mV increments; each V¢ value is
measured for 45 ms. Meanwhile, source-drain currents Isp are fixed to +0.1 V of each FET.
Recording whole FET characteristics throughout all experiments enables a later
extraction of threshold voltage Vr at a selected current.

Threshold voltages Vr were extracted from Vc-Isp curves in the steepest region of
their transfer characteristics and displayed over time. Unless otherwise stated, threshold
voltages were typically derived at Isp values at 10-8 A. The emerging shifts AV of the signal
during biosensing were used to gauge the bioprocesses present at the FET interface.

In regards to the detection of the steroid cortisol, a calibration of the system with
known cortisol levels was performed first. SINW FETs have been prepared with receptors
as described in section 3.2.4.1They were equilibrated with cortisol-free standards until a
stable baseline arose. Subsequently, cortisol standards with concentrations ranging from
0.005 pg/dl up to 3.2 pg/dl were injected for 10 minutes each, followed by a wash with
cortisol-free standards to remove unbound molecules. Arising signal shifts were related

and served as calibration.
3.2.5.2 Detection of cortisol in human saliva

Four volunteers donated saliva samples on a day at five predefined time points.
Salivary samples were collected with a Salivette® tube (Sarstedt, Germany) and stored at
-22°C, and thawed to room temperature prior to analysis.

The cortisol concentration with saliva was determined with a commercially
available LIA kit, whose test procedure was followed as offered by the company. Briefly,
20 pl of saliva samples, standards for calibration, and controls were incubated for 3 h in

the provided wellplate containing immobilized antibodies against cortisol. Next, after a
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diligent washing step to remove unbound molecules, a luminescent reactant was
introduced for a reaction time of 10 min. A microplate plate reader measured the
upcoming luminescence signals (Tecan Infinite 200 PRO, Switzerland). Finally, unknown
cortisol concentrations of saliva samples were calculated based on the calibration curve.

Experiments were performed to measure the unknown cortisol levels in saliva
samples with FETs in analogy to calibration experiments described in the previous
section. First, each saliva sample was diluted at 1:10 in 1xPBS to ensure a stable pH value,
and prepared sensors were equilibrated via exposure to the cortisol-free buffer until a
stable baseline was achieved. Next, saliva samples were injected for 10 min, followed by
washing with cortisol-free buffer. For analysis, the FET signals before the injection of
saliva were compared to those obtained after washing. The arising difference AVru was
translated to cortisol concentration with the help of previously taken calibration curves.
After each saliva detection circle, sensor surfaces were regenerated by introducing 2 M

NaCl to the system.
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4 Plasmonic DNA biosensor based on vertical arrays of gold

nanoantennas

The following chapter announces the development of a refractometric biosensor for

detecting label-free biomolecules, i.e., DNA, in real-time. The biosensor consists of
vertically aligned gold-nanoantennas manufactured in cooperation with IAPP at TU
Dresden and operates by means of localized surface plasmon resonance (LSPR). The
position of the LSPR peak depends on the geometry of the rods, to be precise, on the
aspect ratio between length and diameter. In addition, surrounding conditions, such as
the presence of biomolecules on the surface and their reactions, will also reflect a shift of
wavelength. Controlled reaction conditions, including defined flow regimes, have been
established by integrating microfluidics into the sensor system. The complete working
sensor platform is demonstrated by the label-free and real-time detection of the
immobilization and subsequent hybridization of a 25 bp oligonucleotide with two
counterparts.

The presented research focuses first on the development, characterization, and
appropriate application of surface modifications to guarantee a label-free detection of
chosen biomolecules. This implies not only the surface functionalization with receptor
molecules but also a suitable backfilling strategy to prevent undesired adsorption of

molecules and the strict implementation of the biodetection itself (i.e., efficient
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hybridization of oligonucleotides with two lengths). The functionalization and later
biosensing success has been confirmed with fluorescence scanning, surface plasmon
resonance (SPR), and the developed biosensor.

As a second step, the suitability of the presented nanoantenna biosensor to detect
the selected bioreactions was evaluated, and emerging advantages were emphasized.
Considering that, a microfluidic setup for controlled conditions and analyte delivery was
integrated into the platform, and all bio reactions were monitored in real-time.

The complete study is summarized and published in ! with S. Klinghammer as the

first author.
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4.1 Introduction - Optical biosensors operating by means of LSPR

Amongst others, optical sensors using plasmonic (nano)materials have gained great
focus as they offer several advantages. Benefits arise not only in regard to analytical
approaches but also in terms of multiplexing, photostability, and the facileness for
miniaturization without advanced sensor-chip fabrication and instrumentation2. From
the analytical perspective, fast read-outs of colorimetric assays and the aptitude to detect
analytes in ultralow sample volumes at a single-molecule level make nanoplasmonic
sensor platforms promising candidates in bioanalysis point-of-care applications, early
diagnosis of diseases, and healthcare applications3-¢. Furthermore, the characteristic
sensitivity of plasmonic sensors towards the refractive index (RI) of the local dielectric
surrounding - either detectable by a shift of the resonant wavelength or the detection
angle - further empowers the potential application fields’. Concerning the practical
utilization in the field, sensing technologies based on LSPR often offer various advantages
over SPR sensors as LSPR sensors typically require simpler instruments and can go
beyond the sensitivity of SPR, which is limited by the spectral width. Here, the ease of
read-out possibilities advances the application of LSPR-based sensors as data can be
obtained using a benchtop UV-visible spectrophotometer!8, an equipped smartphone?10,
or even simply by naked-eye readout!112, Furthermore, LSPR sensors -compared to SPR
sensors- show a higher surface sensitivity, whereas the sensitivity to bulk refractive index
is lower!3. Thus, measurements are expected to be more stable and less susceptible to
environmental fluctuations!4.

A small reproducibility and uniformity in synthesizing nanostructured particles and
arrays on surfaces remain challenging- but not insurmountable. So the efficiency and
commercialization of plasmonic sensors start to evolve3. Albeit, problems concerning
spatial distribution, particle sizes, and shapes result in lower sensitivities than those of
SPR sensors and limit the practical application of LSPR sensors!>. Nevertheless,
properties such as portability, cost-effectiveness, and high uniformity remain desired,
while the sensors shall be ultrasensitive and selective.

Nanostructures must be manufactured in huge quantities and at a high resolution
while being low cost in production to meet those criteria. In this regard, the application
of 2D or 3D nano-arrays for plasmonic sensors is favored!®. Unlike colloidal

nanoparticles, nanostructured patterns and nano-arrays are typically arranged in
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ordered, periodic geometries on solid substrates!’. Coherent optical responses of those
2D arrays are hallmarked by strong and narrow spectral features, which in turn originate
from the collective behavior of plasmons in nano-arrays!8. The optical spectra of
nanostructures depend on the structure's size, shape, and periodicity. By altering those
characteristics, optical properties can be tuned quickly, providing great flexibility.
However, 2D nano-arrays for plasmonic sensing have to be manufactured reliably and
not only at a low budget with high throughput but also with high resolutions, good
uniformity, and offering flexibility for the production of different sizes and shapes?®.
Production strategies based on chemical synthesizes of individual nanoparticles usually
lack uniformity and consistency920, In contrast, low-cost fabrication methods based on
nano-sphere lithography suffer from unavoidable defects over a large scope, which will
limit their practical use?l. In contrast, high-quality arrays produced by lithographic
approaches such as electron beam, focused-ion, or dip-pen lithography suffer in regard
to prices or low throughput, respectively16.22.23,

Among the fabrication methods for creating 2D nanostructures, using anodic
aluminum oxide (AAO) templates seems to overcome mentioned obstacles, as it provides
a technique for nano-patterning at low cost and high resolution over large areas2425,
Nanostructures are created by the deposition of materials into periodic nanopores of an
AAO template, which has been prepared by metal anodization in an acidic solution2627,
The process of anodic oxidation of aluminum films has been known and used industrially
since the beginning of the previous century?28. However, the full potential of this method,
and associated applications, is mainly featured by the self-ordering properties of
nanopores28-31, With this technique, large arrays of mainly rod-shaped nanostructures
with variations in length, diameter, and distance can be produced32.

Likewise, templates with available pore sizes between 7 nm and more than 300 nm
allow for a broad variety of optical resonance properties33, which are, amongst material,
spatial distribution, and size of nanostructures, dependent on their shape. Furthermore,
gold nanorods (AuNR) are anisotropic in their geometry, which causes the superb feature
of an extra longitudinal LSPR band on top of the LSPR band in the blue range, which is
typical for spherical nanoparticles. This longitudinal LSPR band can be placed at
wavelengths up to 1350 nm in the near-infrared region34 and thus boosts their
application for biosensing34-36, primarily as the position of the longitudinal band can be

modulated easily by changing the aspect ratio (AR) of the AuNRs37.38,
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For biosensing purposes, using 2D arrays, where nanostructures are fixed on
substrates instead of colloidal nanoparticles in solution, is beneficial for sensing, as
higher RI sensitivities and the capability for real-time monitoring and thus for
determination of reaction kinetics are supported3?-42, In addition, the formation of
receptor-analyte complexes on the surfaces of the nanostructures causes a
concentration-depended red shift of the LSPR bands. Here, analytes can reach from small
molecules*344 over proteins and enzymes*>-47 to whole bacteria8, viruses*8, and cells*9:50,

Among the different analytes, sensing nucleic acids plays a key role. Typically, DNA
analysis focuses on the hybridization of complementary DNA strands, including response
time, sensitivity, and the potential to detect mismatches>1. Up to now, LSPR sensors,
including nanostructured arrays, are capable of fulfilling these demands and can screen
the adsorption kinetics of nucleic acid strands quantitatively>2-54,

Likewise, the detection of the folding procedure of DNA strands with LSPR sensors
is reported. A measurable red shift of the LSPR bands results from the fact that upon
folding, the electromagnetic fields on the surfaces are altered as the molecular density of
DNA strands becomes closer to the sensor surface>556, Therefore, LSPR sensors exhibit
the tremendous potential to study nucleic acids in terms of their conformation and
hybridization properties, examine nucleic acid-drug interactions, and explore the
underlying reacting kinetics.

One of the unprecedented challenges in developing biosensors is transferring the
systems to point-of-care devices. For plasmonic biosensors, the sensitivity and selectivity
trust on the optical resonance that necessitates a lot of effort towards design, fabrication,
and miniaturization. Apart from the nanoplasmonic feature itself, two significant parts of
the biosensing platforms help to boost the application of plasmonic biosensors in real-
life situations: the establishment of microfluidic and optical components. Here,
microfluidic systems have to allow for low-loss light transmission (i.e., optically
transparent) while being low-cost and scalable in fabrication>’. Furthermore,
microfluidics help to improve biodetection performance by guaranteeing efficient sample
delivery, reducing the analyte consumption, and permitting high-throughput and
multiplexed analyses®8. On the other hand, the use of LEDs for illumination and

recognition with CMOS detectors simplifies the miniaturization and integration of

optics into sensing platforms and fuels the engineering of handheld devices*859.60,
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This research aims to develop a user-friendly, compact point-of-care device suitable
for detecting label-free analytes in real-time with an appropriate detection limit. The
proposed sensor operates by means of LSPR, whose plasmonic features arise from
vertically aligned gold nanoantenna arrays - a large-scale, uniform, defect-poor, and
densely packed 2D array. Variations of the geometry of the arrays result in a broad tuning
of the optical resonance properties. Furthermore, combining the nanoplasmonic sensor
with microfluidics facilitates efficient analyte transport in real-time. We demonstrated
the working platform by exploring the real-time and label-free biodetection of short

oligonucleotides, including underlying reacting kinetics, down to the low ng/pl range.
4.2 Biosensing with vertically aligned gold nanoantennas

4.2.1 Sensor fabrication, characterization, and integration

Highly responsive 2D arrays of vertically aligned nanoantennas were fabricated in
close collaboration with the group of Prof. Eng from the Institute of Applied Physics, TU
Dresden. Optical characteristics of the nanoantenna arrays are summarized in this thesis,
as this is the basis for sensing by means of LSPR.

Figure 4-1A presents the structure of the array, underlining the strived fixation of
antennas on substrates. As a result, the plasmonic biosensors exhibit a layer-wise
composition with glass substrate (f), acting as supporting material for the whole array, a
7nm thick titanium layer (e), which is essential to promote sufficient adhesion for the
subsequent gold underlayer (d). An AAO template (c) with nanopores allows for the
synthesis of gold antennas (b) via electrochemical deposition (compare to section 3).
After removal of the AAO template, nanoantennas are partly freestanding and can be
modified with selected receptors (a). A photograph of the manufactured plasmonic
sensor is presented in Figure 4-1 B, accentuating the size of the array. A densely packed
array of nanoantennas with a diameter of 17 nm and a length of approx. 400 nm and a
center-to-center distance of 63 nm were manufactured so that the gap between the
nanorods measures 46 nm at the narrowest part. SEM images in Figure 4-1D show the
nanoscopic point of view, underlining the antennas' uniform and defect-poor distribution
within the array.

The optical resonance of rod-shaped nanofeatures depends on their aspect ratio
(AR) of diameter to length3’. Figure 1B shows different regions with varying aspect ratios

were fabricated, and corresponding extinction spectra were plotted in Figure 1C. All
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Figure 4-1: Characterization of 2D nanoantenna array used for plasmonic biosensor. A) Schematic cross-section of the
nanoantenna array with (a) receptor molecules that have been immobilized on (b) nanoantenna structures, which are
embedded partly in (c) AAO matrix. Antennas are linked to gold under layer (d) that in turn is adhered to a linker layer
of titanium (e), all fixated on a glass substrate(f). B) Photograph of 2D nanoantenna array. Regions with varying aspect
ratios (1-6) were fabricated. C) Extinction spectra of the nanoantenna array's designated regions (1-6). D) SEM image
of freestanding rods. [Images provided by courtesy of Dr. T. Uhlig and Dr.-Ing. ]. Schiitt]

spectra showed two distinct peaks, which refer to the excitation of a plasmon resonance
along the rods' short and long axis of the rods. Here, evident peaks at wavelengths of
~520 nm correspond to the short-axis resonance. In contrast, long-axis resonances range
from =680 nm to =850 nm, depending on the actual AR and the surrounding media.
Following the spectra in Figure 4-1C, a tuning of the plasmon wavelengths is possible, as
well as refractometric sensing through monitoring the peak position (compared to Figure
4-1B). The intensity of extinction of the spectra depends on the angle of the incident light.
For the proposed array, the maximal intensity was found at an angle of 40°, which thus

has been set and maintained during further research.
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4.2.2 Integration of microfluidics

For biosensing, it is beneficial to enable a system that allows detection in aqueous
environments, as bioreactions typically happen under those. At the same time,
implementing a microfluidic system features a rapid, locally well-defined, and concise
sample delivery and facilitates a synchronized optical read-out. Microfluidic channel
systems were realized using PDMS in a layer-wise approach. Here, two glass slides with
defined thicknesses were used as top and bottom barriers and manufactured in a
multistep procedure described by Gang et al.6l. Here, traditionally fabricated PDMS
chamber systems, in which substrates act as a bottom barrier and PDMS as a top barrier,
exhibited weak and less sharp spectra under illumination. In contrast, the modified
approach resulted in a tightly sealed channel system with defined geometries and
minimal optical signal loss upon biosensing. All fluids are regulated by a syringe pump,
which allows for continuous and defined fluidic regimes inside the system, as this is the

basis for reliable biosensing®2.
4.2.3 Immobilization of probe DNA and backfilling

The suitability of the proposed nanoantenna array for biosensing was stated at
assessed example reactions. The immobilization of short oligonucleotide sequences,
subsequent backfilling with alkanethiols, and final hybridization with two targets were
explored in real-time and compared to traditional SPR sensors.

The presented assay followed a straightforward and well-known strategy to adhere
thiol-terminated biomolecules to the gold surface of the antennas, elicited by the strong
affinity between sulfur and gold+449.63-65, A continuous recording of complete absorption
spectra upon reactions enables real-time measurements. However, long-axis peak
positions were extracted and plotted over time to emphasize emerging signal shifts
during reaction time. Figure 4-2A presents the actual absorbance spectra after each
reaction step, including a magnification of the peak region. Clearly, with each step, a red
shift of the spectra is visible, caused by the accumulation of biomolecules close to the
surface of antennas. Figure 4-2B images the nanoantenna array's arising wavelength shift
upon the biomolecules' adhesion progress in a time-based resolution.

First, the immobilization process of the 25 bp long receptor (probe - DNA), whose
5’-end termination with thiol-linker promotes reaction with the gold surface, was

evaluated. Ahomogenous layer of probe- DNA built up on nanostructured surfaces during
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the diffusion-driven reaction. The idea is to ensure that all possible binding sites of the
rods- also those in the gaps between the rods- can be addressed by the receptors.
However, for successful sensing, a sufficiently low enough density of receptors is
essential to prevent limitations caused by mass transfer effects®®. Notwithstanding,
laminar-driven incubation would be faster than diffusion, but most likely, only the upper
parts of the rods would be accessed by receptors due to steric issues. The formation of
the homogenous layer of the probe- DNA is reflected in a constant red shift of the LSPR
peak (see Figure 4-2B). Here, the signal shift of about 1 nm arose during the first 5 h of
incubation, leveling off afterward. Several adsorption isotherm models can describe the

underlying chemical reaction, which is a chemisorption. Assuming a monolayer of
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Figure 4-2: A) Optical absorbance spectra of nanoantenna biosensor after modification with several biomolecules. Each
modification step led to a redshift of the spectra. The inset shows the magnification of the long axis resonance peak,
highlighting the change upon reaction. B) Time-dependent position of the long axis resonance peak during
immobilization of probe DNA (blue) and subsequent backfilling with MCH (purple). Kinetics for the formation of probe
DNA layer was fitted with a Langmuir isotherm.
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receptors, equally accessible binding sites, and no interactions between the binding sites
and the receptors, the Langmuir isotherm is a reasonable model for describing the
reaction. A fitting of the data with a Langmuir-Isotherm suggests a reaction equilibrium
at AA=2.1 nm; compare the inset in Figure 4-2B for exact parameters. Discrepancies
between observed and theoretical data rely on the time, which in theory is required to
occupy all surface sites at the nanoantenna sample by a single molecule. Calculations
within Einstein's equation of diffusion, assigned with
<r*>=6Dx1 (4.1)

have to be made. In equation 4.1, the diffusion coefficient D is defined with 120x10-8cm?/s
for a 25 bp ssDNA®’, and the maximum pathway equals r=2 mm in the given channel
geometry. As a result, the diffusion time T is calculated to be around t=1.53 h and thus
falls behind the required incubation time until the signal saturation. Possibly pure
geometrical effects dominate the adsorption, and corresponding time scales behave
unexpectedly for nanoantenna arrays, as surface structures are known to influence the
adhesion of biomolecules®8. Nevertheless, the observed kinetics agree within the same
magnitudes as previously published experimental results®?70. For example, Rapisarda et
al.>2 conducted comparable LSPR measurements. In their study, the immobilization of
35mer DNA strands to gold nanodisks caused LSPR shifts around 1 nm for DNA
immobilization. In contrast to this study, faster association rates are determined due to
the different geometric layouts of the sensor.

Subsequent backfilling with mercaptohexanol (MCH) was executed to occupy
vacant binding sites, reduce non-specific adsorption, and minimize detrimental
interactions between the bound receptors and the gold surface.

Backfilling or blocking is an essential step in enhancing the performance of
biosensors. When analytes link non-specifically with the surface due to electrostatic
interactions, a lowering of specificity, sensitivity, and reproducibility follows. Therefore,
the establishment of an "inactive" background is advantageous?!. Several approaches for
the diminishment of non-specific adsorption, including advantages and drawbacks, have
been reviewed recently’?, distinguished into active or passive methods and chemical or
physical mechanisms. The assessment of MCH as a suitable backfilling agent in this study
is described in section 4.2.7Backfilling suppresses not only the unspecific binding but also
sets up receptors upright on the surface (see figure 1B in the previous chapter) so that

the analyte can easily reach them. Especially for DNA, this step is crucial, as DNA strands
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are known to not only bind perpendicular but also parallel to surface®®, which in turn
would inhibit the hybridization with complementary DNA sterically.

The reaction with MCH led to a reorganization within the structure of the organic
layer on the surface. In particular, loosely bound probe DNA will be replaced by the much
shorter MCH, and a dense self-assembled monolayer builds up?27374 (also compared to
Figure 1B in section 3). The process of chemisorption results in an enhancement of
molecules on the surface, and thus, a further redshift of the signal of the plasmonic sensor
of ~2 nm could be observed. Figure 4-2B displays the emerging signal shift during the
blocking step, which reached its final value within only a few minutes- speaking for faster
reaction kinetics of the backfilling than for the immobilization itself. These findings agree
with the literature claiming that the concentration of molecules and the actual chain
length of thiols determine adsorption kinetics, where smaller molecules show faster
association rates’>76, Both reaction steps unify the same typical trend in adsorption
kinetics of thiols to surfaces, where a first rapid step is followed by a second slow step
which can be described mathematically with Langmuir isotherms?7.78.

Gold nanoantenna arrays exhibit two distinct peaks within their spectra. Here, the
position of the long-axis resonance serves as a measure for biosensing, but it depends on
the aspect ratio and the surrounding conditions. Consequently, nanoantenna arrays with
sections of varying AR were exposed to the exact solutions of probe DNA and MCH, and
the emerging LSPR for each AR was evaluated, respectively. Figure 4-3A illustrates the

exemplary absorbance spectra of each section before and after the incubation of probe
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Figure 4-3: Optical response of nanoantennas with varying aspect ratios towards incubation of probe DNA and further
backfilling with MCH. A) Absorbance spectra of nanoantennas with varying aspect ratios before (dotted lines) and after
(solid lines) incubation with probe DNA. The color scheme refers to different sections (in analogy to Figure 4-1B). B)
Shift of extracted LSPR peak position of each section after incubation of DNA (squares) and MCH (triangles).
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DNA. In contrast, Figure B summarizes the measured values for each section after
modification with DNA and MCH. Only slight differences within less than 0.5 nm were
observed after the incubation of probe DNA onto individual sections. With a slightly more
considerable variation of 1nm, the incubation of MCH could be detected in each section.
Noteworthy, for both modifications, the LSPR shift of section No.6 was an outlier resulting
from a less defined long axis peak and thus an artifact of analysis. The equal accounts
partly for section No.5, concluding that only arrays with pronounced long-axis resonance

peaks are suitable candidates for bio sensing.
4.2.4 Hybridization of complementary DNA strands

The evaluation of hybridization of the selected probe DNA with two different
targets, which diverge within their length, is of interest. Hybridization reactions were
examined with a nanoantenna array and a conventional SPR device. This study aims to
appraise the sensors' capability to detect differently sized molecules. In particular, the
unique geometry of the sensor is considered. Here, the densely packed array of vertical
nanorods with gaps in between might cause potential difficulties for the longer molecular
chains to penetrate these interspaces, leading to reduced binding kinetics and thus lower
detection rates.

At first, a 25 bp-long, entirely complementary DNA strand (cDNA) was allowed to
bind to the probe DNA. Prior to hybridization with a second set of 100 bp long DNA, where
only the first 25 bp match the probe, a dehybridization step removed previously bound
cDNA molecules. Solutions with a stepwise increasing target concentration, ranging from
1 nM to 1000 nM, were injected into the fluidic chamber at approximately. 15 min while
recording absorbance spectra at intervals of 1 minute. Panel A in Figure 4-4 represents
the course of the experiment; orange data points depict the reaction of 25 bp long cDNA,
whereas green data points refer to the reaction of 100 bp long cDNA. The short
concurrent signal spikes in Figure 4-4A originate from trivial air inclusions inside the
channel, which interfere with the optical signal while passing the illuminated area on the
sample. To determine the dynamic range of the sensor response, Panel B of Figure 4-4
consolidates the measurements by plotting the long-axis resonance shift in dependence

on reaction time.
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Figure 4-4: Biodetection of hybridization of two complementary DNA strands using nanoantenna array. A) Real-time
measurement of hybridization with fully 25bp long complementary DNA (orange data) of different concentrations
ranging from 1.0nM up to 1pM, and likewise concentrated 100bp long partial complementary DNA (green data). The
shift of the long axis resonance peak is plotted over reaction time. A red shift of the LSPR peak occurred during
recognition for both strands. B) Evolving wavelength shifts in dependence on the concentration of both DNA strands
show the LSPR sensor's dynamic range. Purple circles show the reference sensor response of 25bp DNA on planar gold
surfaces using a commercial SPR device. C) Real-time measurement of the hybridization with fully 25bp long
complementary DNA on planar surfaces using a commercial SPR device. [Panel A and B were provided courtesy of Dr.
Uhlig]

The LSPR sensor responded significantly at concentrations above 250 nM within a
short reaction time for the shorter target DNA. Occurring wavelength shifts leveled off at
AA= (1.331£0.08) nm at c(cDNA25)=1 pM (see the signal in Figure 4-4A at ~165 min).
However, signal saturation and consequently a reaction equilibrium could only be
observed for cDNA with concentrations higher than 250 nM, as visualized in Figure 4-4A
at ~140 min.

In Figure 4-4A, at reaction times between 180 and 200 min, a dehybridization step
was performed by rinsing the sensor with EDTA and NaOH. The process induced the
removal of all previously hybridized cDNA strands and thus the sensor regeneration.

EDTA chelates the present cation MgCl2*+ while NaOH induces a denaturing of the DNA
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strands that in turn causes the breaking of the hydrogen bonds between the two
strands’?. As the sensor signal reaches its initial base level after the denaturing
procedure, a successful dehybridization can be assumed (see Figure 4-4A at ~ 210 min
and B last data point).

One of the aims of this study is to evaluate the target length's influence on the
nanoantenna array's performance. A similar experimental design was repeated with
100bp long DNA strands, where only the first 25 bps complement the probe strand. In
analogy to previous results, a resonance shift occurred above a concentration threshold
of c(cDNA100)=250 nM (compared to Figure 4-4A at 310 min). Again, an increasing
concentration of the molecules in the solution caused a redshift of the LSPR signal, leading
to a final wavelength shift of AA= (1.58+0.06) nm at 1 pM. Likewise before, sensor signals
decreased to initial levels after the dehybridization procedure (compare to Figure 4-4A
for time ranges from 360 min to 400 min and Figure 4-4B last green datapoint).

Contrary to expectations, for the 100 bp cDNA, there was barely any saturation of
the signal observed (see also Figure 4-4B), indicating that not all possible receptors have
bound, and so equilibrium has not been reached yet. Nevertheless, the absolute signal
levels during hybridization with more extended targets reach higher values than in
hybridization with shorter targets after the same hybridization time. Here, the higher
molar mass of longer targets leads to greater overall net changes in the local surrounding
of the surface, including the refractive index, and thus causes higher absolute signal
values.

Analogous experiments on planar gold surfaces have been performed using a
standard SPR device to endorse the seen tendencies on nanoantenna arrays. In Figure
4-4B, purple circles show the occurring signal shifts in dependence on time and
concentration, whereas Figure 4-4C portrays the progression of the experiment. Similar
to the data observed on the LSPR sensor, the propagating SPR signals increase with
increasing target concentrations. Regarding the influence of the target length, there is a
comparable hybridization performance on nanostructured and planar surfaces,
respectively. After normalizing the signals to their maximum values, both types of
surfaces exhibit faster reaction kinetics for shorter DNA fragments than for longer ones.
The number of bases is known to be related to hybridization kinetics8081; as the
complementary parts involved in this study are the same, the uneven length of the

dangling ends determines the kinetics82. The overall (L)SPR sensor responses of longer
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targets are higher than the signal shift for shorter targets. Since the (L)SPR signal
responds to the refractive index or mass changes at the biospecific sensor surface, this
observation is simply reasoned by a higher molecular weight for equally concentrated
ligands®8384,

In general, the hybridization of two DNA strands proceeds in two steps. In the first
phase, the separated DNA strands coalesce due to attractive forces in the presence of
colloidal interactions. Consequently, there is a 50% chance for proper positioning of the
strands, which is the 5’-end of one strand goes together with the 3’-end of the other.
During the second step, the converged strands move along, ferreting for a proper
alignment position®>86, DNA strands must "flip" to achieve the correct position depending
on the target's orientation towards the probe. After initial contacts of a few base pairs
occur, a winding of the two strands around each for proper alignment follows. Finally, the
remaining pairs form a duplex structure by zippering 8. When a probe strand is tethered
to the surface, only the target strand can move or reorient in the system®>.

In particular, the hybridization of strands with uneven lengths entails the presence
of extra bases, which will not be part of the duplex (dangling ends). Those dangling ends
will interact with the surface and stabilize the arising duplexes8889. In addition, the
pathway of the target strand towards the probe - either from bulk or from the surface-
matters, too. The latter case requires the bending of both strands to achieve the desired
position. Schmitt et al.?0 showed that DNA hybridization of strands with unequal length
is less favored than the hybridization of equally long strands. The location of the
complementary sequence on the target plays subordinated role.

Furthermore, the hybridization of target DNA to surface-tethered probes is
influenced by steric issues, the targets' secondary structure, and the probe's binding
capacity?l.

The secondary structures of targets and duplexes were predicted with web-based
algorithms "AllSub" (targets) and "bifold" (duplex structures)?2. The algorithms were
also performed for probes and shorter targets for completeness. The structure
predictions showed no possible intramolecular base pairs within the 25 bp probe nor
within the 25 bp target and an entirely complementary duplex when the probe and target
react. Figure 4-5A and B below illustrate the most probable structures containing the
100bp target strand. All possible structures, including their free energies, are attached in

the appendix, section A.2.
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Figure 4-5A shows the most probable secondary structure, including the possibility
of forming hairpin structures caused by the intramolecular base pairs. In contrast, the
presence of a probe strand alters the secondary structure in a way where a duplex region,
visualized in Figure 4 5B by red and blue coloring, and an overlap region, colored in green,
are formed. The secondary structures suggest the presence of two competitive reactions
in the system, which will determine the overall equilibrium conditions: (1) the
hybridization of target and probe competes with (2) the formation of hairpin structures
within the cDNA itself. The latter leads to a reduced concentration of "available" target
molecules in the solution, suppressing the hybridization. Consequently, a higher (initial)
concentration of target molecules would be required to achieve an equilibrium. In this
study, the sensor signal during hybridization with longer targets does not level off, most
likely due to the abovementioned restrictions.

Bioassays and hence DNA hybridization, too, often exhibit better sensitivities on
nanostructures than flat substrates. The increased surface areas with pronounced
curvatures induce an enhanced number of capture sites and improve the accessibility of
captured probes to targets during hybridization. Both facts contribute to a faster and
more efficient binding, thus to a higher sensitivity in the end?3.

Among nanostructured surfaces, arrays of nanoantenna take on a unique role as the
densely packed structures can limit the accessibility of biomolecules due to their narrow
geometry, hallmarked by reduced interspaces between the rods. Correlating the size of
biomolecules to the interspaces’ size spells out the challenging situation: with a length of

0.34 nm per base pair?4, the 25 bp long probe DNA is theoretically about 9.5 nm long,

Figure 4-5: A) possible secondary structure of 100bp long target DNA. B) Possible secondary structure of probe-target
complex with 100bp long, partially complementary DNA. Both structures were predicted by algorithms provided by 92.
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including the ~1 nm Ce-thiol linker. Thus, if the probe DNA adsorbs to complete rods, the
initial interrod-distance of 46 nm is reduced by 19 nm, leaving 27 nm "free" space for the
targets to penetrate through. In turn, based on the secondary structure of the 100bp
cDNA, the size is estimated to range from 13.6 nm (for hairpin structure) to 20.4 nm (for
formed duplex), compared to Figure 4-5. Therefore, the actual spaces between the rods,
correlated to the size of the DNA, are considered too small for full access. However, as
DNA strands are flexible molecules due to their backbone structure, they can bend on the
surface up to a certain point so that other target molecules can still penetrate the
interspaces. Still, most of the binding reactions are expected to happen on the caps of the
rods. Figure 4-5C depicts the present situation. Nevertheless, 8590 showed that surfaces
stabilize DNA hybridization of tethered probe/target complexes compared to their bulk
counterparts.

The evaluation of the biorecognition experiments and their kinetic is based on the
law of mass action, a rather simple model in which ligand (probe DNA) and analyte
(cDNA) collide due to diffusion and form a duplex on the surface (association) if
orientation and energy of the molecules fit. The binding response increases during the
formation of the complex. As a continuous flow is applied, persistent delivery and
removal of the analytes lead to a steady state of the system, expressed by stable sensor
signals. Typically, a subsequent signal decline arises from the duplex's dissociation.
Figure 4-6A represents a schematical plot of the binding response (RU) versus time that
expresses the different stages of a binding event. The biorecognition depends on the
analyte concentration, association rate, and dissociation rate constants. In contrast, the
number of binding sites and size relations between target and receptor reflect within the
overall level of response?s.

As exemplified in Figure 4-5B, only comparatively high detection limits appear after
short exposure times. Therefore, the binding of 10 nM of the shorter target was recorded
for extended exposure times of up to 24 h to evaluate the interaction kinetics in-depth.
Depicted in Figure 4-6C below, the LSPR signal during incubation with 25 bp cDNA
showed a red shift of the LSPR wavelength, with saturation at around 2.5 h at AA~6 nm
before leveling off. However, a moderate signal decline followed, which can be attributed
to the dissociation of the analyte. The approximation with a Langmuir isotherm model,
marked as a red line in Figure 4-6, suggests a signal plateau at AA=5.6 nm. Still, the fitted

data of the Langmuir isotherm deviates slightly from the measured data. The simple and
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Figure 4-6: A) Schematic drawing of interaction kinetics during biorecognition experiment, consisting of an associating
phase (orange part), a steady state (green), and a dissociation phase (blue). B) Sketch of interactions on the surface:
Delivery of analytes in bulk via the flow of the buffer solution. Transfer of the analyte to the actual surface with
immobilized receptors occurs via diffusion. On the surface, the binding reaction is characterized by its rate constants.
C) Long time measurement for hybridization of 10nM entirely complementary cDNA on nanoantenna array. Due to the
high affinity of the system, characterized by a slow dissociation rate, the time to steady state is elongated. Therefore,
analytes at a relatively low concentration cannot be detected reliably after short exposure.

widely used Langmuir isotherm is a model system whose assumptions exist barely in real
systems®%, as surface effects like heterogeneous immobilization or cross-linking of the
ligands, mass transfer, and re-association of the analytes affect the interaction
kinetics?7.98,

In contrast, the target concentrations of 500 nM or higher could be detected within
the first 15 minutes of the reaction, as presented in Figure 4-4A. The additional reduction
of concentration to 1 nM target reached saturation after ~24 h, and vice versa, higher
target levels of 1 uM accelerated the reaction time to less than 3 min. The observations
agree with the literature, where typically, low concentrations of analyte will take longer

to reach equilibrium, especially for high-affinity interactions®2100, [n general, high-affinity
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reactions are regulated by their low dissociation rates kp and low equilibrium constant
rates10l, Equation (1) below describes not only the mathematical background for time te
to reach equilibrium but also emphasizes the dependence on association rate ka and
concentration of analyte c:

_ -ln(1-0) (4.2)

t@ - kaC+ky

The more enduring the receptor-target complex, characterized by low kp values, the
longer the incubation time will be incubation time te to achieve the desired percentage 0
of reaction. Furthermore, equation (4.2) demonstrates that an increase in analyte
concentration will lower the required time to achieve equilibrium, similar to this study's
findings.

In close relation to the previous paragraph, the importance of setting up suitable
fluidic conditions so that the actual bio recognition is not restrained is discussed. The
binding event involves two parts: first, analytes are transferred from the bulk solution to
the sensor surface through convection or diffusion, commonly known as mass
transfer?7.102, The second step involves the actual binding reaction between receptor and
target and can be described with the help of association and dissociation rates. Suppose
the diffusion rate is now slower than the actual association rate of the ligand-target
complex. In that case, a lack of target molecules at the sensor surface occurs, and reaction
kinetics are compromised -the fact is described as mass transfer limitation103 and
schematized in Figure 4-6B. The mass transfer depends on the geometry of the flow cell,
the diffusion rate of the analyte molecules, and the flow rate of the fluidics104.
Consequently, a way to overcome mass transfer limitations is to enhance the diffusion/
convection rate by simply increasing the flow rate®6102 or reducing possible binding sites

by lowering the concentration of immobilized receptors10s.
4.2.5 Surface coverage and hybridization efficiency of DNA

The progress of surface coverage of probe and target DNA on nanostructured and
planar gold surfaces has provided insight into the previous conclusions. The
quantification of immobilized and hybridized DNA strands allows evaluation of how and
to which content the DNA molecules can penetrate the nanoantenna array compared to
planar surfaces. For this purpose, fluorescently labeled DNA was incubated at defined
concentrations for designated periods, subsequently detached, and fluorescent

intensities (FI) were measured. First, the amount of immobilized probe DNA on planar
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and nanostructured surfaces is determined. As mentioned in section 4.2.4, apart from the
(nano) structure of the surface itself, the number of immobilized receptors will also affect
the binding reaction.

Consequently, Table 4-1 summarizes the FI of two differently concentrated probe
DNA on planar and structured samples. Here, for probe DNA with concentrations of 5 uM
and 2.5 uM surface coverages close to 2.29x1013 and 3.09x1013 molecules/cm? at the
planar gold surface are measured. On the other hand, equally concentrated receptors on
nanoantenna substrates reduced surface coverages of 1.09x1013/cm® and
0.39x1013/cm?, respectively. For comparison, experimentally determined surface
coverages of 2.0x1013 up to 6.9x10!3 molecules/cm? are achieved on planar

surfaces6570,106,

Table 4-1: Overview of surface coverages of immobilized DNA on planar and nanostructured gold surfaces with
different concentrations.

Sample Surface density (x1013 molecules/cm?)
Planar 5.0 pM 2.29

2.5 uM 3.09
Rods 5.0 uM 1.09

2.5uM 0.39

The reduced surface coverage for nanoantennas is contrary to the expectations as
reports in the literature typically suggest higher immobilization efficiencies on
nanostructures. In contrast to planar substrates, nanostructures possess a higher ratio of
surface to volume and enhanced curvatures, which boost the accessibility for DNA
molecules and diminish steric hindrances107.108,

However, in the proposed nanoantenna geometry, specific boundaries occur. The
densely packed arrays of nanoantennas are homogenously distributed in size and layout,
resulting in comparably small interrod distances, depending on the AR ratio.
Consequently, the penetration of DNA molecules into those spaces is restrained, and only
the upper parts of the rods are expected to be accessible within reasonable reaction
times. A 1 mm? large sensor equals an accessible surface area of 0.36x1012 nm?, which is
only a third of what is available on the same surface of a planar substrate. Hence, the
suppressed number of binding surface sites will lead to a reduced amount of bound
receptors, which is coherent with the observed surface coverage on nanoantenna
substrates. However, the curvature of antennas still allows for high coverages on the

surface, which were additionally guaranteed by adding MgClz to probe strands as the salt
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minimizes electrostatic repulsion within the phosphate backbone of probe DNA109,
Anyhow, the subsequent backfilling will reduce the coverage on both substrates because
of the desorption of loosely bound DNA®°.

In contrast, Table 4-2 summarizes the hybridization efficiencies at different
parameters, which involved altering the surface type, reaction time, and concentration of
target molecules. On planar surfaces, the hybridization density of 1 pM cDNA is about
5.66*1012 molecules/cm?2, which equals a yield of 24.7%. In contrast, the yield of
hybridized DNA increased on nanostructured surfaces to 39.1%. In synergy with the
immobilization of probe DNA, the curved nature allows for better accessibility of targets
- noticeable in terms of higher hybridization efficiency. Contradictory, longer chains will
limit the accessibility of the densely packed nanoantenna arrays due to enhanced
electrostatic repulsion and steric interferences between the chains and antennas.

Extending the hybridization time from 1 h to 4 h improved the hybridization yield
ofa 1 puM target from 12.8% to 24.7%. Strikingly, on the nanoantenna substrates, the yield
increased up to 39.1%. Analyte solutions with concentrations ranging from 10 nM to 1
uM were allowed to hybridize for 4 h. At low concentrations of 10 nM, only 11.3% of the
targets hybridized, whereas, at 100 nM, the yield leveled at 18.9% and even up to 31.1%
at 500nm. As remarked above, 1uM resulted in a yield of 24.7%.

Table 4-2: Time and concentration-dependent hybridization efficiency of target DNA. Prior to hybridization, a 5 pM
receptor was immobilized on each sample.

Investigated parameter Sample Hybridization  density Yield (%)
(x1012 molecules/cm?)
Structure planar 5.66 24.7
nanoantenna 4.26 39.1
Time 30 min 2.92 12.8
1h 2.93 12.8
4 h 5.66 24.7
Concentration 500 nM 7.12 31.1
of cDNA 100 nM 4.34 18.9
10 nM 2.58 11.3

All determined hybridization efficiencies are in agreement with values reported in
literature106.110, The reason behind comparably low yields of ~25% or less relies on the
high density of probe DNA, which causes steric and electrostatic hindrances?0.107.111,

Above all, during application as a biosensor by means of LSPR, the nanoantenna
array will exhibit more minor wavelength shifts for hybridization than for immobilization

since fewer targets than probes bind to the surface.
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4.2.6 Refractive index sensing

Biosensing with the nanoantenna array by means of LSPR highly depends on the
refractive index (RI) of surrounding media*112, Accordingly, all observed signal shifts of
~1nm to (1.58+0.06) nm are discussed in more detail to actual RI. The RI of any bulk
solution, i.e., any buffer with and without DNA, was determined with an ABBE
refractometer and related to spectral shifts with the help of a calibration curve. Here, the
RI sensitivity was calibrated by measuring the transmission spectra of nanoantennas
while adjusting the RI of an ethylene-glycol (EG)/water mixture. Figure 4-7A and C
summarize the measured position of the long-axis resonance peak at adjusted RI of
EG/water by enhancing the EG volume fraction.

Alinear fit of the data showed an Rl sensitivity of (102.5 £ 6.6) nm/RIU. The change
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EG/ 1.354 662.75
water 1.3837 664.66 Imm. buffer 1.337 66042 0.31

1412 667.87

1.4292 670.18 5mM MCH 1.3342 660.13 0.02
ssDNA* 1.486 675.68 1557 HB 1.3358 660.30 0.19
MCH* 1.46 672.60 12.49 25bp cDNA 1.3360 660.32 0.21
dsDNA* 154 681.21 21.10 100bp cDNA  1.3362 660.33 0.22

Figure 4-7: LSPR signal in dependence on the refractive index of the surrounding moieties. The refractive index (RI) of
different solutions was correlated to LSPR positions with the help of an ethylene glycol(EG)/water mixture with
different ratios (black crosses). A linear fit (red dotted line) of measured RI of EG/water served as calibration for the
correlation. Next, the RI of all buffers and biomolecules was measured, and the calibration curve predicted the LSPR
shift. The right panel magnifies the region between RI= 1.334 and 1.336 to visualize the used buffer solutions' different
RI/LSPR signals. All exact values can be found in the lower table; *data from the literature
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sensitivity. Depending on the shapell3114 and aspect ratiol1>-117, the sensitivity differs,
with nonspheroidal particles being more sensitive. However, nanostructures attached to
substrates exhibit lower sensitivity than their dispersed counterparts!18. Nevertheless,
LSPR sensors in a measurement configuration with a relatively low measurement
sensitivity are capable of detecting bio reactions quantitatively>2119,

Next, the LSPR shifts for all bulk solutions are predicted for the given RI values,
visualized in Figure 4-7B. Finally, the measured and projected RI values and the
correlated LSPR shifts are summarized in Figure 4-7D.

The differences between the RI of the bulk solutions with and without DNA (see
Figure 4-7D) are comparably small, so wavelength shifts caused by the bulk solutions are
presumably small, too. With predicted LSPR- shifts ranging from 0.19 nm to 0.22 nm,
these changes are significantly lower than the recorded shifts of (1.58+0.06) nm during
the hybridization experiment. A comparable situation occurs during immobilization and
backfilling. Likewise, pure organic layers of singe- or double-stranded DNA cause
continuous red shifts of the signal due to alocal increase of RI. Here, the given RI of single-
stranded DNA with 1.46, backfilling agent MCH with 1.86, and double-stranded target-
probe DNA complex with 1.54120 would result, as illustrated in Figure 4-7C, in a
wavelength shift of about 12.49 nm, 15.57 nm, and even 21.10 nm, respectively. These
findings confirm that the measured LSPR shifts are caused by the binding of molecules

and not merely by a change in the surrounding medium's RI.
4.2.7 Backfilling and blocking

Preventing non-specific adsorption of excess DNA molecules to the surface requires
minimizing free binding sites as otherwise non-specifically bound oligonucleotides
would interfere during measurements!?1-123 or even cause desorption of thiolated
probesi24 Therefore, to gauge the most suitable agent for blocking, non-specific
adsorption of DNA towards differently terminated surfaces, namely carboxyl-, amino-,
and hydroxyl- termination, was investigated. Figure 4-8 illustrates the non-specific
adsorption towards the mentioned surfaces.

The highest non-specific adsorption occurred on non-backfilled blank gold areas. In
contrast, the introduction of charged groups such as amino- and carboxyl- groups

decreased unspecific adsorption. The lowest signal change could be detected when
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Figure 4-8: Evaluation of non-specific adsorption of target DNA on differently terminated surfaces using SPR. The signal
was measured before and after incubation with 1 uM DNA for 1 h.

hydroxyl-terminated surfaces were present. Consequently, mercaptohexanol was chosen
as a backfilling agent.

By leaving the gold untreated, the target DNA would stick to blank gold due to
electrostatic attraction25. However, with the introduction of charges and potentials, the
efficiency of binding and hybridizations is known to be affected 80. In other cases, the
introduction of negative charges will hinder the binding of DNA, as seen by the injection
of carboxylic groups!1l. Nevertheless, the introduction of positive charges will cause
enhanced attraction toward negatively charged DNA strands ending up in high non-
specific adsorption. However, the introduction of alcohols offers the least desirable

environment for binding and facilitating well-formed SAMs on the surface.
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4.3 Summary

Nanoplasmonic biosensors demonstrate their applicability as a biosensor,
especially for diagnostic uses. However, challenges and limitations remain mainly
founded on the need for automation of the complete testing procedure - including sample
preparation and analysis, as well as quality assurance. From a physical and chemical
perspective, various nanostructures and composites with outstanding optical properties
and thus the highest sensitivities can be synthesized. In turn, the development of
advanced and automated microfluidic systems, which include separation membranes,
pre-concentration chambers, or micro-reactors, emerges concerning automation
strategies. Here, the fabrication of microfluidics with multiple channels, which are
controlled individually by the help of valves, enables the possibility for multiplexed
analysis127-129_ Furthermore, the automation of fluidics in synergy with plasmonics
improves the POC diagnostics of optical sensors130-132. Moreover, optimizing biochemical
strategies, i.e., the design of new receptors and surface functionalization strategies,
further increases the plasmonics application field of plasmonics57.123.133,

In addition, optical biosensors benefit from intrinsic, light-based technologies:
ultimate speed, robustness, tuneability, and integration in miniaturized devices allow for
the accomplishment of the strict demands for clinical diagnostics. So, the construction of
small and simple devices which can detect analytes in a few minutes while providing
accurate prognosis (all of it at the point of care) is emerging.

To reach those ambitious aims, LSPR measurements with a plasmonic sensor were
conducted to study the label-free binding of two complementary DNA strands to
immobilized DNA probes on gold nanoantennas. Large arrays (~1 cm?) of vertically
aligned, densely packed gold nanorods with confined optical spectra, e.g., pronounced
long axis resonance peak at ~650 nm, are the basis of the biosensor. Shifts of the
resonance peak during binding were monitored continuously with the help of the
integration of a microfluidic channel system. LSPR shifts corresponded to around ~1 nm
for DNA immobilization and 1.59 nm for fully complementary DNA strands binding.

Significantly, the adsorption kinetics of immobilization and hybridization of the two
complementary DNA strands were analyzed and discussed, too. Determining the surface
coverage of DNA on nanostructured and planar samples, as well as involving the

refractive indices of surrounding media, corroborates the findings in this research.
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All results demonstrate that LSPR measurements performed with nanoantenna
arrays can not only monitor the binding of biomolecules quantitatively but also allow for
label-free, real-time detection of analytes inside a flow channel with high throughput and
a capability for multiplexed measurements. The proposed system is not offering a ready-
to-use POC solution yet but embraces the functional understanding and technical

implementation of nanoantennas for biosensing applications.
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5 Label-free detection of salivary cortisol with SINW FET arrays on
a portable platform

' BloChipBox

The following chapter presents the route for successful label-free detection of the
stress hormone cortisol in human saliva with a portable platform based on an array of
silicon nanowire-field effect transistors (SiNW FETSs). As proof-of-principle, the cortisol
levels from multiple donors were assessed in real-time measurements.

First, the structure and integration of the top-down-manufactured SiINW FETs into
a portable system capable of monitoring multiple individual FETs are summarized and
followed by a characterization of the electrical properties of the devices with a focus on
data acquisition. The working system is validated by simultaneously monitoring the pH
of surrounding solutions with multiple FETs.

Next, the focus is on optimizing the bio interface to detect the selected analyte
cortisol with silicon nanowires. The array of SINW FETs was functionalized by a specific
DNA aptamer sequence that not only allows for detecting the target-receptor-complex in
close vicinity to the sensor surface but also achieves a reliable, sensitive, and selective

sensing performance. Upon binding, cortisol induces a conformational change of
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negatively charged aptamers, which in turn influence the nanowire's surface potential,
allowing for sensitive detection- even under high-ionic strength conditions within the
Debye-length of the FETs. The underlying principles of the binding reaction of cortisol to
its aptamer were further explored by circular dichroism, colorimetric assay, and
fluorescence microscopy.

Ultimately, those findings were related to measured signals of the SINW FET array
and formed the basis for the analysis of (unknown) cortisol levels in the volunteers'
saliva. Noteworthy, the cortisol concentrations detected with the SiINW FET platform
correlate well with results obtained with commercial immunoassays.

The label-free detection of salivary cortisol levels with SINW FETs, a portable

platform, is summarized in 1 with S. Klinghammer as first author.
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5.1 Introduction

Point-of-care sensors are of tremendous interest nowadays as they are utilized for
monitoring and supporting diagnostics of various healthcare conditions in a convenient,
easy-to-use, and low-cost format. Appreciable POC devices range from well-known
pregnancy, CRP, and Covid-19 rapid tests, which “simply” confirm the presence of an
analyte, over to glucose and lactate-monitoring devices, which can quantify the analyte
of interest. In addition, measuring biomarkers in biofluids can provide information about
a person's physical and, depending on the marker, psychological status. Getting insight
into this personal information can be used to control medical treatments or implement
healthier lifestyle routines.

Stress is one of the most demanding problems facing modern society for keeping a
balanced daily lifestyle. From personal circumstances, unemployment, work-related
stress, family issues, or disadvantageous work-life balance?#* up to more general
parameters such as an ongoing global demographic shift with constant competition, fast-
moving lifestyles caused a tremendous increase of physiological stress over the last
years4>. In addition, current crises such as the COVID-19 pandemic function as an
additional stressor, which carries the extra potential for mental health crises of
unprecedented dimensions®-9. Albeit the Covid-19 pandemic and its consequences affect
people worldwide and across all sections of society, the growing stress levels of certain
professional groups, e.g., doctors and nursing auxiliary, police officers, and firefighters,
can become particularly critical as their performance directly affects the lives of others.

Enhanced stress levels are hallmarked by irritability, constant fatigue, lack of
interest, brain pain, and heart attacks10-13, and misbalanced stress levels, either acute or
chronic, can lead to severe diseases such as metabolite disorders /diabetes, obesity,
cardiovascular diseases, and psychopathologic disorders (anxiety, depression,
Alzheimer, etc.)1014-17, Henceforth, there is a growing demand for methods to monitor
and manage stress levels, preferably in real-time and directly at the patient’s site. But
also, multiple diagnostics protocols have been proposed until now. Usually, stress is
diagnosed with psychotherapeutic approaches such as interviewing and counseling,
questionnaires, or neurological approaches like electroencephalography (EEGs) and
electrocardiogram (ECGs), respectively18-22, However, both approaches can bias and are

subjective and qualitative in their nature, so a reliable protocol for testing stress response
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was provided by establishing the Trier Social Stress Task?23. As stress correlates with
human metabolism, another class of stress measuring devices relies on monitoring
unspecific enhanced metabolic parameters such as skin conductance, heart rate,
temperature, or breathing rates. The sensors can be incorporated into functional
equipment such as wearables, mobile applications, smart watches, or straps/bands24-26
but are mainly designed for private applications.

A well-founded medical evaluation of stress remains indispensable. A key
parameter in medical stress diagnostics describes the steroid hormone cortisol. The
biomarker controls metabolic activity such as homeostasis of cardiovascular, immune,
renal and endocrine systems as cortisol regulates blood pressure, glucose levels, and
carbohydrate cycles27-29. The biomarker cortisol can be found in several body fluids such
as saliva, urine, sweat, tears, serum, and blood3%31. Among those, detecting cortisol in
retrievable fluids such as saliva or sweat offers advantages in terms of collection,
handling, and potential storage by the patient as their collection methods are non-
invasive. Due to its simple in-situ availability, saliva is a widely studied fluid for
measuring cortisol levels accurately and thus forms the most common source for
diagnostics applications32-36. The highest salivary cortisol concentrations level is
between 0.1 pg/dl and 1 pg/dl during morning hours and reduces gradually during the
day until the lowest concentration occurs during night times37.

Cortisol levels are currently quantified with enzyme-linked immunosorbent assays
(ELISA), chromatography, quartz-crystal microbalance (QCM), and surface plasmon
resonance (SPR)38-41, However, most methods are time-consuming and require complex
laboratory equipment and sample delivery to medical facilities, so cortisol levels are
temporally delayed and potentially prohibit immediate treatment. Likewise, the
abovementioned methods preclude a real-time analysis of the stress marker. Current
research confronted this issue aiming to deliver the point-of-care (POC) solution for
cortisol and presents suitable platforms based on electrochemical sensors42-46, electronic
sensors 47-50, lateral flow-based immunoassays>1-55, or optical sensors>>7. Noteworthy,
the platforms mentioned above vary within their substrates from rigid devices over
flexible substrates for wearable devices to paper-based substrates. Hogenelst et al.>8
recently reviewed the current promises and challenges in ambulatory cortisol detection.

Most studies involve the use of metallic disks and metal or glassy carbon electrodes,
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whose self-oxidation and internal resistance can negatively influence the activity of the
sensors>s,

Consequently, there is a growing demand for the development of reliable sensor
platforms that monitor stress intensities accurately while being integrated into portable,
easy-to-use, but cost-effective read-out systems. These marginal conditions claim that
proposed sensor systems must be highly versatile as they find application as an analytical
instrument that gives a quick response but perceives high sensitivity. In addition, the
device should be drafted for using a single operator or a group, either at home, at work,
or in a laboratory environment.

Nanoscopic field-effect transistors (FETs) based on silicon nanowires provide
significant advantages for biosensing applications as they combine low detection limits,
real-time and label-free detection, and simple integration with standard semiconductor-
device processing>®. Target-specific receptors are immobilized at the surfaces of
semiconducting nanowires, which act as charge carriers' channels. Interactions with the
biomolecules lead to a bio- or chemical gating of those channels. And the associating
modulation of device conductance is a direct consequence of the potential surface shift at
the nanowire®?. As the binding effects occur directly at the surface, nanoscaled FETs are
particularly promising biosensors due to their enhanced sensitivity to the device®0-62,
Concisely, nanoscaled FETSs can reliably detect various biomolecules ranging from small
molecules, e.g., dopamine or serotonine®3-65, over proteins®667, DNA®8.69, viruses’%71, up
to whole cells’273, Besides biomolecules, their environment matrix and (bio-) chemical
reactions can also be monitored in time, too74-76,

The selection of suitable receptors plays a unique role in biosensing with FETs.
Aptamers, DNA strands that bind specifically to an analyte, can detect biomolecules in
minimally or even undiluted biofluids®>77-80, Aptamers undergo a target-induced
rearrangement of their highly negatively charged backbones upon binding - a remarkable
feature that produces surface charge perturbations and, consequently, measurable
electronic signals. The process relies on specific interactions within the aptamer-target
complex. Hence, it is independent of the chemical reactivity or intrinsic charge of the
target molecules®5, facilitating the detection of feebly or uncharged molecules in biofluids
with electronic biosensors.

Although successful, there are several remaining challenges to applying FETs for

detecting analytes in complex media or even in-vivo. For example, nonspecific adsorption
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of proteins, lipids, and cells will limit the specific binding of analytes8l. Therefore, sensors
have to operate selectively, sensitively, and in appropriate dynamic ranges in complex
environment8283, and preparation steps such as washing, separation, and regeneration
have to be included, too.

Here we present a portable sensing platform based on the multiplexed array of
SiNW FET aptasensors for monitoring the cortisol levels of multiple volunteers. Aptamers
are used as short receptors that undergo a conformational change upon binding to
cortisol, approximating the biorecognition event to the nanowire surface into the Debye
screening length. The compact device enables real-time analyte detection from the sensor
array and is applicable as a point-of-care device. We can quantify the concentration of the
stress hormone cortisol in human saliva in real-time. Comparing the nanosensor
measured cortisol levels and daily trends to those determined with the commercial
immunoassays agrees with most of the tested samples. The modular design of the system
provides the possibility for tailoring customized applications. In addition, the
synchronized readout of multiple sensors grants simultaneous detection of numerous

analytes.
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5.2 Design, integration, and performance of SiNW FETs into a portable

platform

5.2.1 Structure and electrical characteristics of honeycomb SiNW FETs

In this study, sensor chips with arrays of Field effect transistors with silicon
nanowires (SINW FET) in a honeycomb design were fabricated via top-town technology
by collaborators from POSTECH, as presented previously84. Figure 5-1A displays the
schematic design of a sensor chip with 16 individual FETs connected by comparably long
electrodes to facilitate the proper implementation of microfluidic channel systems,
respectively. Figure 5-1B enlarges the actual sensing area of the FET consisting of
honeycomb-structured silicon nanowires (compared to SEM- inset in Figure 5-1B) that
are connected by source(S) and drain(D) electrodes and encircled by a reference
electrode (RE). A photograph of the complete chip, emphasizing its size with the help of

a 5ct coin, is presented in Figure 5-1C.

Figure 5-1: Overview screen of SINW FETs: A) Schematic design of biosensor chips containing 16 individual SINW FETs,
whose long electrodes allow for easy contacting and implementation of microfluidic channels. B) SEM image of one
individual SINW FET. Source(S) and drain (D) electrodes connect FET, and the reference electrode (RE) can be used as
an additional gate. The insets emphasize the honeycomb structure of nanowires. C) Real image of manufactured SINW
biosensor chip with 5ct coin for estimation of the size of devices.
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The manufactured FETs allow for devices with high reproducibility and low
variations between each other. Here, nanostructures of p-doped silicon in a honeycomb
structure with 50 nm in diameter and a total sensing area of ~365 um?* were processed
(compared to SEM- inset in Figure 5-1B). An additional layer of a photoresist SU8 protects
the electrodes during measurements while NW areas remain open.

The honeycomb structure of the nanowire array allows for a remarkable but stable
electrical performance, which is hallmarked by little device-to-device variations, a low
signal-to-noise ratio, and negligible drain current shifts- while being mechanically robust
upon the desired application. The tremendous electrical performance of the devices is
summarized in Figure 5-2, employing the transfer and output characteristics of individual
FETSs. For transfer characteristics (compared to Figure 5-2A), a fixed source-drain voltage
(Vsp) of 0.1 V was applied while gate voltage V¢ was swept. It is noteworthy that transfer
characteristics have been recorded under ambient conditions as well as under aqueous
conditions. Concomitantly, in Figure 5-2A, the horizontal axis was scaled individually to
display each characteristic correctly. Under ambient conditions, presented in Figure 5-2A
as a black curve, FETs show less distinct transfer characteristics, so that gate voltage
operating between 0 V and 20 V was required to achieve appropriate characteristics, a
subthreshold slope of ~4.1 V/dec. In contrast, the red line in Figure 5-2A emphasizes that
under aqueous conditions, only V¢ values between -2 V to +2 V were required to achieve
comparable characteristics with a subthreshold slope of 167 mV/dec. The different

behavior is based on a different gate coupling efficiency, which is increased in liquid

conditions8586,
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Figure 5-2: Electrical characterization of native SINW FETs. A) Transfer characteristics of SINW FETs with Vsp 0.1 V
under ambient (black line) and liquid (blue line) surroundings. B) Output characteristics of SINW FET.

90



5.2 Design, integration, and performance of SINW FETs into a portable platform

In contrast, to obtain output characteristics (OC) of the devices, Vsp is swept
between the adjusted ranges while constant Vg is biased. Summarized in Figure 5-2B,
FETs exhibit a typical output characteristic with clear and distinguishable transition,
which is beneficial for integrated circuit applications. Equally, Figure 5-2 demonstrates
the n-type behavior of FETs with an on/off ratio of ~10° and a fast transition between the
two states. In addition, minimal gate leakages corroborate the excellent performance of

the device throughout operation (compared to dotted lines in Figure 5-2A).
5.2.2 Integration of SINW FET into a portable measuring unit

Honeycomb-structured SiNW FETs were integrated into a portable measuring
device to allow real-time point-of-care (POC) measurements. The Institute of Electronic
Packaging Technology at TU Dresden developed the sensing platform and provided it for
use by courtesy. A detailed description of the whole platform is given in 1.87.88,

Three individual units, to be precise, a measuring unit, a multiplexing adapter
(MUX- unit), and a biochip adapter, are combined to realize the simultaneous real-time
operation of multiple FETs. As delineated in Figure 5 3A below, the measuring unit
contains the electrical building parts that are required to power, control, as well as to
record all electrical information. Here, suitable software controls the individual FETs
within the platform via USB connections. Next, to enable the simultaneous read-out of
multiple FETs, the platform incorporates a CMOS-integrated analog multiplexer (MUX)
located on an adapter with SD card format contacts. The multiplexing adaptor is further
connected to the biochip unit that contains the actual FET chip. As shown in Figure 5-3B,
the FET chips are fixated on a PCB, which builds the interface for plug-in connections to
the sensing platform. Wire bonds between FETs and the PCB support (compare to Figure
5-3C) permit individual electrical contacts. Finally, a reusable microfluidic channel
system, whose fluids are driven by a syringe pump, can be used optionally for sample

delivery and completes the platform.
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A

Measuring
unit

Figure 5-3: Overview of the portable biosensing platform. A) Composition of the structural units. First, the measuring
unit comprises electrical hardware, a power supply, and the USB interface for connection to PC. Second, the MUX unit
holds a CMOS multiplexer to facilitate simultaneous measurements of multiple FETs. The third is a biochip that consists
of actual SiNW FETs. The biochip unit can be optionally combined with microfluidic channels for analyte delivery. B)
Image of biochip unit supports SINW FET sensor chips and holds microfluidic channel blocks. C) Individual electrodes
of FETs are connected to its PCB support via microwires.

Figure 5-4 demonstrates the working platform by recording the transfer
characteristics of six individual FETs. Further to Figure 5-14, the layout would allow for
the connection of eight FETs, but not all devices work. Please note that the performance
of individual FETs differs slightly, such as FET No. 6 (dotted lines in Figure 5-4) exhibits

less pronounced transfer characteristics.
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Figure 5-4: Transfer characteristics of six individual SINW FETs recorded with the portable platform. Acquired transfer
characteristics are presented in linear (left) or semi-logarithmic (right) scale to ascertain the subthreshold region of
the devices.

In summary, the sensing platform is characterized not only by its portability but
also by the possibility of simultaneous sensing of multiple FETs. Furthermore, the
construction of the platform employing locally separated building panels allows for

highly versatile and adaptable application fields.
5.2.3 Performance of SiNW FET arrays
5.2.3.1 General considerations for sensing with FETs

FETs" transfer- and output characteristics are highly dependent on the
environmental conditions (compared to section 2.4.). When a potential is applied, any
modification of the surrounding physical conditions will directly impact the surface
potential of Si channels as carrier concentration within the channels will change due to
accumulation, depletion, or inversion®?. Here, a modification of the surrounding
conditions either originates from the adsorption of ions and biomolecules, from a direct
change of the present PH values, or from chemical reactions that undergo a PH change
indirectly - all affecting the silicon channel conductivity and hence being a measurable
fact that forms the basis for sensing with FETs>%9091, The mechanisms at the SINW-
electrolyte interface come into play when an analyte binds to an immobilized receptor

and is enhanced through the resulting charge transfers - causing a concentration-
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dependent shift of the current-voltage characteristics. Regardless of the origin of signal
changes, FETs are usually suspected of operating most sensitively in the subthreshold (or
weak-inversion) regime, which is defined as the region in which gate voltages are below
the threshold voltage?2. Within this regime, surface charges can affect the entire nanowire
radius as there is a low carrier concentration, so the screening length is relatively long
compared to the radius?®394. Consequently, measuring in the subthreshold regime of the
FETs is favored for sensing applications.

As an indirect measure for the surface potential (and hence the actual FET signal),
the so-called threshold voltage VT is chosen. Different methods to extract Vr from transfer
or IV- characteristics are reported in literature?>%. In this study, the intersection of a
FET’s transfer characteristic at an arbitrarily chosen threshold current, a current chosen
within the subthreshold regime, defines threshold voltage Vr. For all FET sensing
experiments performed in this research, the threshold voltage is monitored, and signal
changes are expressed as changes in Vr.

During all measurements, FET devices operated in a constant sweeping setup, in
which V¢ strobes continuously between two values. The associating currents Isp were
recorded and thus allowed for a complete record of complete IV- characteristics of all FET
at any time, facilitating a later extraction of Vr from collected curves. Typically, sensing of
FETs is performed by measuring the current at a fixed voltage, as this offers the advantage
of receiving resistivity of the device at high measurement rates and thus allows proper
resolution at fast signal changes. However, the knowledge of the whole transfer
characteristics of each device is beneficial as fluctuations of it serve as the information
base for the sensor signal. Consequently, it is crucial to warrant that transfer
characteristics of FETs do not change their shape significantly upon detection to prevent
a possible misreading of signals®’. Here, the fast alteration of physical properties, such as
phase or ion constitution, can induce significant changes in offset currents’4. Therefore,
measuring as much information as possible on FET characteristics during an experiment
is essential®’.

FET devices connected to the portable platform function in a dual-gate mode: the
gate voltage V¢ is set not only via the back gate but also by an additional liquid gate, whose
potential is adjusted with the help of a commercial Ag/AgCl reference electrode. The dual-
gate method enhances, on the one hand, the sensitivity of the FETs and offers advantages

regarding electromagnetic susceptibility?8-101, However, please note that gate voltages
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ranging from -2 V to 2 V can be applied on the portable platform. As a result, IV-
characteristics under ambient conditions typically have been recorded with an external
setup described by?’. However, as foreshadowed in Figure 5-1B, the devices contain a
third electrode that can be used as an additional (top) gate to switch the FETs, depending

on the desired application.
5.2.3.2 Effects of the electric double layer on the sensing performance of FETs

The basis for sensing with FETs relies on the fact that almost any modification of
the surrounding physical conditions will directly impact the surface potential of Si
channels. Among those conditions, the composition of the electric double layer (EDL) is
one of the key factors that must be considered for biosensing with FETs. The EDL
instantly builds up on every surface when exposed to liquids, and its thickness is closely
linked to the screening length of the FETs, as ions within the layer shield charge carriers
- so that FETs can only detect reliable events happening within the electric double layer.
This limitation is widely known and characterized by the so-called “Debye length
limitation,” where the Debye length is defined as the distance a FET can sense within an
electric double layer102-104, Based on the Gouy- Chapman-Stern theory, the double-layer

width Ap is given with

€-g kg T (5.1)
Ap = ’2—
e 'CO

where ¢, €0, ks, and T, refers to relative permittivity in the vacuum, Boltzmann'’s constant,
and temperature, respectively. The elementary charge of the ions is expressed by e, and
the concentration of a bulk solution by co. Following Eq. 5.1, the Debye-length depends
on the media's ionic strength (IS): the lower the IS, the larger the Debye-length. For
biodetection, the short Debye-length of physiological media can impair the sensitivity of
the FET as the majority of biomolecules (i.e., proteins, antibodies, etc.) are larger in their
dimensions than Ap and a significant (charged) fraction of the molecule is left outside the
EDL. In addition, large receptors may have their active binding site outside the EDL, so
the FET can’t detect the actual binging event. Consequently, for a successful
biorecognition, receptor-target- complexes are commonly expected to be placed in close
vicinity to the channel surfaces and to have general dimensions that are similar to or

smaller than the Debye-length of the surrounding media.
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To still detect successful bioreactions with FETs, several attempts have been
postulated to overcome the Debye-length-limitation105-107, One somewhat simple but
common approach is the enhancement of the Debye- length by lowering the ionic
strength of the media via dilution192108, Based on equation (5.1), one can calculate that
under physiological conditions for 1xPBS Ap is about 0.7 nm and thus often smaller than
the size of possible receptors and receptor-target-complexes. By lowering the electrolyte
concentration 10 times fold to 0.1x PBS and further to 0.01x PBS, the Debye lengths add
up to 2.4 nm and 7.4 nm, respectively. Depending on the class of receptors and targets,
this still cannot be big enough for adequate sensing performance. So usually, proteins
(and thus antibodies) range from 3 nm and 15 nm1%%, whereas most viruses possess a
size between 20 nm and 200 nm, although some viruses can exceed 1000 nm in length119,
Auxiliary to the consideration of size impairments, the dilution of buffer systems can be
challenging for bioreactions. Molecule structures, their activity, and target-receptor
affinities may be compromised under low salt conditions, so binding kinetics are
unfavorably lowered!11-113, Accordingly, the buffer and its Debye-length must be
carefully matched to the size and binding distance of the target but also to the bioaffinity
of the reaction assayl14-116, Consequently, developing a sensor system is favored, which
can detect the analyte of interest under physiological settings rather than encroaching on
optimal reaction conditions by diluting the buffer.

Another method to overcome Debye-length-limitation is using alternating currents
(AC) instead of direct currents (DC) of drain-source voltage as a collapse of the electric
double layer close to the surface leads to better performance. Fast switching of the bias
is expected to lead to deeper penetration of the field; target molecules with sizes
exceeding the Debye length can be detected!17-120, Furthermore, engineering the surface
is an appropriate approach to enable biodetection in high ionic strength conditions.
Further promising attempts rely on surface engineering methods such as providing
porous surfaces!?21.122 since the value of Apincreases in concave regions of the channel or
attaching additional layers close to the FET surface so that the effective Debye-length is
enhanced. Among them, biomolecule permeable polymers such as PEG layers123-125,
polyelectrolyte layers!26-128 or hydrogels129130 are promising candidates for achieving

the detection of biomolecules in physiological conditions.
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Shrinking the size of receptors, i.e., using only fragments of antibodies, nanobodies,
or aptamers, will reduce the distance of the bio reaction to the FETs surface so that that
reaction might be present within the Debye length131-133,

As previously described, the SINW channels are prone to changes in charge carriers
close to their surface. Consequently, detection paradigms that rely on rescheduling the
detection reaction with another chemical reaction that alters its PH proportionally to the
amount of bound target are another promising approach to prevent charge screening
limitations as those events happen near the channel surface6574134135,

For any (bio) sensing experiment, the well-defined delivery of targets to the sensor
surface has tremendous importance, as described in more detail in section 4.2.4.
Continuous and sufficient delivery of target molecules to receptors via flow will reflect in
reliable and fast reaction kinetics!36. The fluidic regimes are directly linked to the
composition and thickness of the EDL and thus - in contrast to optical sensors, indirectly
influence the FET's surface potential. Consequently, the FET sensor signal depends on the
flow rate at different ionic strengths. Figure 5-5 shows the vulnerability of the FET to flow
rates in dependence on the ionic strength of the surrounding media in a relatively simple
approach. Buffers with different ionic concentrations of 0 mM, 0.01 mM, and 0.1 mM were
guided over FETs, while flow rates were adjusted by simply starting and stopping the
connected pump. At minimal ionic strength (compared to the lightest blue part in Figure
5-5), periodic flow rates result in evenly periodically shaped signals of the FET as the

arising EDL is relatively unstable. By enhancing the electrolytes ions concentration to

OmM 0.01mM 0.1mM
0.0 i

VT V]
o
N

[y
W

0.4 3 Vyat 10°A

time
Figure 5-5: Dependence of FET signal upon flow rate at differently concentrated electrolytes. Aqueous solutions with
ion concentrations of 0 mM (light blue background), 0.01 mM (intermediate light blue), and 0.1 mM (dark blue region)
where guided over FETs with oscillating flow rates. If no ions are present, a rather weak EDL compromise is prone to
fluctuations of surrounding fluidic regimes. The effect diminishes until, at 0.1 mM, a stable EDL occurs that is barely
influenced by surrounding fluidics.
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0.01 mM (compare middle part in Figure 5-5), those effects diminish until, at a
physiological level of 0.1 mM (dark blue region in Figure 5-5), the influence of the flow
rate becomes negligible. As stated above, a stable EDL arises at the interface of
electrolytes and surfaces. Here, the size of EDL depends on the concentration of
electrolyte ions and on the present fluidic regime, as faster flow rates will thin the EDL137.
However, an enhancement of the flow rate will not only cause a movement of the ions
inside the EDL but also induces the removal of the diffusive outer layer in the electric
double layer. Both terms generate a shift of the surface potential and consequently alter
the signal of the FET significantly!38.

The flow rate of the surrounding fluid will affect the electrical properties of FET and
the bio-reaction itself. The previous section 4.2.4 has already shed light on underlying
dependencies. Briefly, reaction kinetics can be limited by mass transfer, as an analyte in
a solution must first diffuse from the bulk to the surface of the FET before it can interact
with the immobilized receptor. As the diffusion rate should be faster than the association
rate to prevent mass transport limitations, an enhancement of the flow rate is
recommended. Unfavorably, increased flow rates go along with the removal of loosely
bound target and nonspecifically bound molecules, which in turn will be detected by FET
signal changes, too.

In summary, the fragility of SINW FETs towards the composition of arising EDL
through Debye-length applied fluidic regimes and hindered bio-recognition at low IS
emphasizes the need for developing biosensing platforms capable of detecting reactions
under physiological conditions once more. In addition, it is crucial to find appropriate
regimes where the balance between target transport, a stable EDL, and biodetection with

FETs is optimized - and to keep this regime as constant as possible.
5.2.3.3 Exemplified PH sensing with SINW arrays on a portable platform

Measuring the pH of electrolytes with FETs poses a well-defined framework for a
FET sensor's physical, chemical, and electrical characterization. Consequently, pH
measurements were carried out not only to evaluate individual sensors’ qualities but also
to underline the suitability of the portable platform for real-time measurements of
aqueous solutions simultaneously with multiple sensors. In addition, numerous chemical
and biological reactions go along with a variation in pH and thus can form the basis for

biodetection.
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For evaluating the performance of pH changes, FET sensor chips were mounted into
the biochip unit of the system and exposed to buffers with different pH values ranging
from 5.8 up to 8.0 while flow rate and ionic strength were kept constant. The signal
dependence of five working FETs upon pH change is summarized in Figure 5-6 below. In
addition, the temporal course of all FETs upon pH changes is presented to corroborate

the capability for real-time measurements.
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Figure 5-6: Sensing pH with SiINW arrays on a portable platform. A) Transfer characteristics of an individual SINW FET
upon pH change from 5.8 (red) up to 8.0 (blue). B) magnification of the subthreshold region of (A). With increasing pH,
an increase of VT goes along. C) Real-time measurement monitoring Vr vs. time of six FETs upon pH change from high
(light grey background) to low (dark grey) values and back. D) Extracted VT of each FET (same color scale as in C)
based on pH to calculate pH sensitivity as a quality characteristic.

99



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

Figure 5-6A and B represent the transfer characteristics of a FET upon increasing
pH from 5.8 to 8.0, where panel B is a magnification of the subthreshold region. Increasing
pH values correspond to a shift of the IV- curves towards higher V¢ values - tantamount
to increasing values of the threshold voltage Vr as indicated by the arrow in Figure
5-6A/B. Increasing voltages are caused by the introduction of negative charges to the
system, which suppresses electron conduction inside Si channels and thus lowers the
source-drain current.

However, Figure 5-6C demonstrates the pH sensitivity of six FETs in real-time,
simultaneously recorded with a portable platform. Here, the grey background refers to
the different pH values, and the signal Vt for multiple FETs is plotted over time. Most FETs
exhibit the same trend: falling pH values result in decreasing Vr values. Referring to
Figure 5-4, the performance of individual FETs varies, such as the pH sensitivity of
individual FETs differs, too. Figure 5-6D summarizes the pH sensitivity of six individual
FETSs; data has been extracted from Figure 5-6C and fitted linearly (compare solid line).

On average, pH sensitivities of about 38.0+1.3 mV/pH can be achieved for pH
sensing, while the on/off ratios are kept at 10°. In literature, for SiO2-covered ISFETs, pH-
sensitivities between 35 and 45 mV/pH are reported139.140, which is comprehensive to
values measured with presented FETs (compare Figure 5-6D). Moreover, Figure 5-6C
substantiates the real-time sensing performance if the portable platform, such as multiple
FETs, reacts simultaneously to external physical properties change, i.e., pH change.

The background of ion/pH sensing with FETs can be explained by the site-binding
model developed by Yates et al.141. The model can be applied to oxide surfaces, which
have a vast number of unfulfilled bonds. When those surfaces are immersed in
electrolytic solutions, they acquire a surface charge due to the dissociation of the
functional groups on the surface, controlling their interfacial behavior. For example, after
the exposition of metal oxide surfaces to water, water molecules will adsorb to the
surface, leaving protonated or deprotonated groups at the surface, which in turn leads to
a change in the oxide’s surface potential. Consequently, the arrangement of ions from the
bulk of the electrolyte determines the potential at the surface, which is dependent on
electrolyte concentration and surface charge. For instance, SiO2 exhibits the following
electrochemical chemical surface reactions.

MHf =M —-OH+H" (5.2)
M—-—0OH=M-0"+H* (5.3)
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The first reaction produces positively charged surfaces, whereas the second

produces negatively charged ones. The Nernst equation

B RT c(ox)
E=E°+ e In (C(red)> (5.4)

describes the concentration-dependence of the reduction potential of the symbolic

electrochemical reaction
red=ox+z-e” (5.5)

where E is the actual reduction potential, R is the universal gas constant, F is the
Faraday constant, T is the temperature, E0 is the standard potential, z is the number of
electrons, and c is the concentration of chemical species.

A combination of site-binding theory and the Gouy-Chapman-Stern model
(compare section 5.2.3.2about EDL and Debye-length) expresses the relationship

between the pH of the solution and surface potential ({ip) as
RT
Ay = —2.3a?ApH (5.6)

where a represents the dimensionless parameter, dependent on the buffer and gate
dielectric capacitance, with a ranging from 0 to 1, a maximal sensitivity of 59.5 mV/dec
(at 300 K) can be reached - the value is commonly known as the Nernst limit.

The dimensionless parameter a depends on the oxide surface's intrinsic buffer
capacity. For SiOz, these values are relatively low so that typically sensitivities between
35 and 45 mV/pH can be achieved. Altering the materials to high-k oxide layers such as
HfO2 and Al203139142143 modifying the geometryl44, implementing counter-ions45, or
coating with graphenel4® are some methods to achieve high pH sensitivities. However,
applying a dual-gate device creates a capacitive amplification effect, pushing pH
sensitivities above the theoretical Nernst limit?9.147,

All FETs operate stably throughout numerous measurements, highlighting their
suitability for long time performance. In the presented work, changes of V¢ upon
experimental progress are presented in terms of subthreshold voltage shifts AVt at
selected current Isp, which in turn were within levels in the subthreshold regime as this
provides the highest sensitivities?3. However, for each specific time point, a fingerprint of
the complete electrical characteristics of a FET is ensured, and the latter analysis of
extracted threshold voltages provides higher sensibilities than measuring at fixed

parameters?8.148,
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5.3 Detection of biomolecules with SINW FETSs

5.3.1 General considerations for biodetection with FETs

FETSs are not only sensitive toward hydrogen ions expressed by pH sensitivity but
also to other ions as there is a direct interaction between hydroxyl surface groups and
adsorbed anions45149.150_ Typically, biomolecules exhibit electrostatic charges under
physiological conditions. For example, DNA molecules hold a negatively charged
phosphate backbone, while the charge of proteins depends on the isoelectric point (pI)
and can be either negative or positive under physiological conditions. The charge
significantly affects the sensor devices. Commonly, the more charged the molecule is, the
more pronounced the signal change of the FET would appear. However, this only counts
if the binding is happening inside EDL and thus within the Debye length.

As mentioned above, sensing with FETs closely connects to changes in the surface
potentials, which depend on bound molecules' charges. The occurring electrical signal
can be measured either as a result of the movement of charges®>151, as an impedance-
based change due to the appearing biomolecule at the interface!>2153, or as a signal
generated by a reporter molecule interrogating with the electric field1>4 All these
postulations imply that electronic sensors such as FETs can detect charged molecules
easily as their charge interacts with surface potentials directly. However, (Bio-)
molecules can interact with FETs by different mechanisms. Here, the charge of the
molecules will interact directly with the carriers inside the semiconducting channels.
Depending on the biomolecule charge, either by attracting or by repulsion of carriers. In
any case, the potential alters so that this mechanism accounts preferably for highly
charged molecules and rather large molecules52108155, A second mechanism relies on the
reshuffle of the ionic double layer surrounding the semiconducting channel, which will
also reflect changes in the surface potential, too156.157,

It is assumed that not only will the analyte’s properties reflect FET biosensing, but
also the receptor’s conformation and the ligated target-receptor complex will contribute
to FET-based detection. In this case, the target molecule's constitution, size, and charge
play a subordinated role, such as small and neural (or feebly charged) molecules that can
be detected nevertheless. The binding of the target to its receptor will lead to a reshuffle
of the ionic composition within the target-receptor complex, which in turn can be

detected with FETs. In this regard, some receptors can induce a conformational change
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within their structure upon reaction. As a result, ions (and hence charge-) distributions
inside receptors will rearrange and cause a modulation of the surface potential, forming

the basis for FET signal6>158,
5.3.2 Sensing aptamers with FETs

Among bioreceptors, aptamers are charged single-stranded DNA or RNA fragments
that bind specifically to a target. Being DNA in its nature, aptamers carry a negatively
charged but flexible backbone, decorated with alternating sugar (deoxyribose) and
phosphate groups, forming a suitable candidate that can be detected with FETs.

Multiple factors contribute to FET sensing using aptamers as receptors. First, their
interplay provides a robust system to detect various analytes so that striking aptamer-
target affinities allow the detection of analyte concentrations lower than the actual
aptamer-target dissociation constant®>. However, aptamer dissociation constants Kp
determined in a solution can differ from those collected when aptamers are immobilized on
FET surfaces; even Kp values for the same target varied within the literature—referring to
section 5.2.3.3In addition, the size and charge of targets and receptors will reflect within
the FET signal directly.

Consequently, negatively charged backbones of the relatively big aptamers will
interfere strongly with the conductivity of the FET159160, Additionally, the reduced size of
aptamers allows for potential binding sites within the Debye length so that- in contrast
to larger antibody-based receptors with comparable Kp values- a partial target capture is
detectable, yet!32. Independent of the size of the analyte, aptamers undergo a
conformational change upon binding, which is deeply rooted in the flexibility of the
negatively charged backbones. The folding of backbones allows not only for a change in
their secondary structure but also causes a reorientation of the structure, which will
dominate the FET signal161-163, The rearrangement of secondary structures happens, at
least partially, in close vicinity to FET surfaces. Counter ions of the electrolyte, which are
electrostatically associated with aptamer backbones and FET surfaces, additionally
contribute to FET sensing due to their displacement upon folding the aptamer®>164, All
mentioned signal sources interplay so that any small perturbation of the system will
reflect as a charge distribution inside the semiconducting FET channel, hence causing a
signal change. Accordingly, aptamer-based FETs are suitable sensor systems for detecting

small and uncharged analytes at low concentrations.
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To summarize, the surface potential is highly dependent upon any adsorption and
a reshuffling of chemical or biological species to the FET surface, making ISFETs ideal
signal transducers for detecting all sorts of analytes. To ensure specific systems that only
interact with particular analytes, equipment of the surfaces with suitable receptors is
essential. The following section describes the chemical modification of oxide surfaces, i.e.,

silicon dioxide, with aptamers as a specific receptor for detecting cortisol.
5.3.3 Biodetection of the analyte cortisol with SINW FETs

5.3.3.1 Silane-based surface functionalization

A binding reaction with DNA-aptamer as a receptor was chosen for the sensitive
and specific detection of the analyte cortisol. As described in chapter 3, section 2.4, the
functionalization of FETs with receptors was realized in an easy two-step process,
followed by the bio recognition itself. Briefly, the whole functionalization and bio-
recognition process of the analyte cortisol can be divided into three steps:

I.  covalent attachment of silane (TSPSA) based linker layer
II.  covalent binding of the amino-terminated aptamer to silane
III.  biodetection of analyte cortisol via specific but non-covalent, the interaction
between cortisol and its aptamer

We chose aptamers over antibodies due to the ease of their use and storage. In
addition, aptamers are robust against environmental conditions such as pH and
temperature, which makes them suitable candidates for point-of-care biosensors.
Furthermore, they can be synthesized chemically with minimal batch-to-batch variations
and offer the possibility to modify functional groups to sensor surfaces of choice. Overall,
aptamers are known to be specific receptors to their targets while possessing a low
immunogenicity16s.

The detection of cortisol with FETSs asks for specific aptamers whose sequence was
published previously by Martin et al.1¢6 and has been adopted for this study. Each
functionalization step has been verified by static contact angle (CA) measurements, and
its impact on FETs has been controlled by recording transfer characteristics. The results
and a sketch of the associated chemical reactions are summarized in Figure 5 7 below.

Prior to the deposition of the silane layer, all substrates were treated with plasma
to generate a maximum amount of hydroxyl groups at the surface. The presence of

hydroxyl groups is mandatory for the covalent binding of the epoxy groups of the silane.
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The plasma treatment resulted in very hydrophilic surfaces with a CA of less than 5° (data
not shown). Subsequent evaporation of the silane Triethoxysilylpropylsuccinic
anhydride (TESPSA) under vacuum followed, and a dense silane layer formed onto silica
surfaces. The water contact angle (CA) dropped from 62.4°+3.1° to 46.7° + 4.1° after
deposition (compare Figure 5 7B/C). The measured values are in close agreement with
previously reported values for the same surfacel¢’. Parallel measurements showed that
the assembly of TESPSA causes a shift of the transfer characteristics towards higher gate
voltages (Figure 5 7G), as expected since TESPSA carries negative charges in its structure.
As mentioned before, negative charges of the molecule will reflect in higher threshold
voltages (and, in turn, lower source-drain currents) as charges of the bound molecule
repel the electrons inside the Si channel. In a second functionalization step, the covalent
attachment of amino-modified aptamers to TESPSA prospered. Under a ring opening of
the anhydride functionality, the instant binding of amino-terminated receptors succeeds

by creating an amide bond, compared to Figure 5 7A. At the same time, water molecules
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Figure 5-7: A) Chemical reactions to modify SINW FETs with amino-terminated aptamers further bind the analyte
cortisol. First, the silane TESPSA binds covalently to SiO2 via epoxy groups. In a second step, the amino- moiety of the
aptamer reacts under a ring opening instantly with the silane and binds the aptamer covalently to the surface. In the
last step, the analyte cortisol interacts specifically with its aptamer, accompanied by a conformational change of its
structure. B to E show images and numeric values from static water angles on the respective surfaces. F to I represent
transfer characteristics of FETs (obtained under ambient conditions) for each functionalization step.
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(from the buffer system) also hydrolyze with the anhydride functionalities and create
carboxyl groups respectively. To prevent the undesired, premature hydrolyzation of the
anhydride moieties with water, thermal treatment of substrates was performed by
heating the substrates to 120°C. Successful reaction execution could be monitored by
enlarged hydrophilicity of the surfaces with a CA of 26.9°+2.3°, see. At the same time, a
further positive voltage shift arose (Figure 5 7D) as negatively charged backbones of the
aptamer were introduced to the system.

In a preliminary approach, the biodetection of the analyte cortisol was achieved by
subsequent exposure of receptor-treated substrates to cortisol in various concentrations
up to 3.2 pg/dl. Figure 5 7E/I show the results for incubation of FETs with the highest
concentration of 3.2 pg/dl, whereas Figure 5-8 shows the CA of differently intermediate
concentrated cortisol standards, respectively. Here, the hydrophobicity of the surface
increases with growing concentrations of cortisol until saturation at ~1 pg/dl, resulting
in a lightly enlarged CA of 30.4°+1.5°. The WCA rises from 27° before incubation to 28°
after immersion in 0.05 pg/dl and further up to 29.5° when 0.1 pg/dl cortisol is present.
The ongoing growth speaks for the constant reaction of aptamers with the target until
saturation occurs due to a limited number of binding sites. During binding, the aptamer
undergoes a conformational change accompanied by a reorientation of the hydration
shells and the hydrophobic fractions of the DNA chains. Those specific and delicate
balances between hydrophilic and hydrophobic interactions reflect solid-solution
interfacial tensions, which can be measured in terms of contact angles168-170, [n contrast,

the reshuffle of charges inside the DNA strands is expected to give FET signals so that
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Figure 5-8: Static water contact angle (WCA) of differently concentrated cortisol solutions on aptamer modified
substrates.
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parallel-obtained IV- characteristics of SINW FETs responded to the incubation of small

molecule cortisol with a negative Vr shift as depicted in Figure 5 7L.
5.3.3.2 Understanding target-receptor interactions
5.3.3.2.1 Colorimetric assay

Colorimetric assays based on the salt-induced aggregation of AuNPs can be used to
evaluate the binding of aptamers to their targetsl’1-174, A similar colorimetric assay
proved the binding of the chosen aptamer to cortisol. The assay is based on the non-
covalent, physical adsorption of DNA aptamers onto nanoscaled gold-spheres (AuNPs) so
that AuNPs are stabilized in solution and protected against the influence of ions, e.g., by
the addition of salt. However, if a specific target is introduced into the system, aptamers
will bind and experience a conformational change altering the interaction between DNA
and AuNPs. Adding sufficient salt will agglomerate AuNPs because the protective DNA
layer has been left. As highlighted in the previous chapter, AuNPs carry size-dependent

optical spectra, so the agglomeration of AuNPs is accompanied by a color response from
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Figure 5-9: Colorimetric determination of cortisol using aptamer-modified gold nanoparticles. A) Absorbance spectra
of 10nM AuNPs exposed to cortisol with concentrations between 0 and 1mg/ml after addition of NaCl. B) Absorbance
spectra of 10 nM AuNPs exposed to steroids with concentrations of 1mg/ml after addition of NaCl. C) The absorbance
ratio at 520 nm to 650 nm quantifies the concentration-dependent agglomeration of AuNPs and can be seen by the
naked eye via a color change from red to blue (inset). D) Scheme of the colorimetric assay was well as a photograph
highlighting the easily visible color change (lower inset).
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red to blue. Figure 5-9A shows absorbance spectra of AuNPs after salt addition upon
previous exposure to cortisol, with concentrations ranging from zero to 1mg/ml,
respectively. With increasing cortisol concentrations, an enhanced agglomeration of the
AuNPs occur visibly by color change (see inset in Figure 5-9D) or by reduced absorbance
at 520nm and enhanced absorbance at higher wavelength, respectively. The colorimetric
response can be quantified analytically by evaluating absorbance signals at 520nm and
650nm, as illustrated in Figure 5-9C. To ensure the specific reaction of aptamers with the
analyte cortisol only, Figure 5-9B shows the absorbance spectra of aptamer-modified
AuNPs after incubation with other steroids such as Estradiol, Progesterone, Testosterone,
DHEA, Cortisone, and melatonin, respectively. There is no cross-reactivity observed. The
mechanism of salt-induced aggregation is depicted schematically in Figure 5-9D.

The performance of the colorimetric assay relies purely on electrostatic
interactions between aptamers and AuNPs171.175176_Hence, a rearrangement of charges
within the DNA molecules is expected upon folding the secondary structure. This
remarkable feature helps detect cortisol with FETs even under physiological conditions,
as the relocation of charges due to conformational changes happens in very close

proximity to the surface so that events occur within the Debye length.
5.3.3.2.2 Circular dichroism spectroscopy

Circular dichroism spectroscopy (CD) is a method that gives insight into the DNA'’s
secondary structure, which in turn is dependent on the stacking orientation of the base
pairs. The DNA backbone consists of sugar moieties that are intrinsically chiral and thus
induce a CD signal. At the same time, the base pair are intrinsically non-chiral, so each
DNA conformation displays a distinct CD spectrum!77-179, G-rich sequences of the
aptamer can form intra- or intermolecular G-quadruplexes that are readily identified
through a positive peak around 295 nm and a negative peak around 270 nm in the CD
spectrum180.181  Additionally, all G- quadruplexes show a second positive band at
~215nm182,

The aptamer sequence used in this study was analyzed with a “Quadruplex forming
G-Rich Sequences” (QGRS) mapper and scored a G-value of 18, which confirmed the
possible formation of G-quadruplex structures83, So, peaks at 220 nm, 270 nm, and 295
nm appeared in CD spectra, as shown in Figure 5-10. The direction of the peaks, namely

a negative band at 260 nm and a positive peak at 290 nm, indicates that anti-parallel
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Figure 5-10: CD spectra of DNA solutions between 210 and 320nm with increasing cortisol ratios ranging from cortisol-
free (dark green) to 1:20 (orange). DNA-free controls (grey) and DNA exposed to other molecules (black) prove the
system's specificity. A shift of the peak position (red arrows) in the CD spectra at ~220 nm and ~245 nm indicate a
conformational change of the aptamer. Inset: Values of peaks ~220 nm and ~245 nm, respectively.

structures were formed. The presence of quadruplex structures is significant for
improving previously mentioned electrostatic interactions as its structure has twice the
negatively charged density per unit length compared to duplex DNA184,

As the secondary structure of an aptamer is expected to change when interacting
with its target, the CD can be used to inform about the nature of this conformational
change, too. DNA was incubated with cortisol in growing ratios from 1:1 up to 1:20. As
the concentration of cortisol increases, the CD intensities not only increase but also alter
their position slightly, consistent with previous reports when aptamers interact with
their corresponding targets®>185-187  CD spectra of aptamers in PBS, without (dark
turquoise line) and with cortisol in different ratios, from 1:1 up to 1:20, are presented in
Figure 5-10, respectively. Positive peaks around 220 nm and 280 nm and a negative peak
at 245 nm indicate the characteristic pattern of the aptamer (blue arrows). With
increasing cortisol concentrations, the position of local peaks and their intensities are
shifted towards higher wavelengths testifying to a significant structural transition of DNA
structures upon binding. The exact position of peaks for individual -cortisol
concentrations is denoted in the table in Figure 5-10, respectively.

Incubation with two other small molecules, i.e., dopamine and estradiol, showed no

significant change in the CD spectra (black lines). Here, estradiol was chosen as a control
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molecule that is very close in its chemical structure to cortisol, and dopamine was chosen
as a molecule that directly correlates with cortisol during stress induction188189, Furthermore, the

absence of DNA (grey lines) showed no significant peaks in CD spectra.
5.3.3.2.3 Fluorescence microscopy- Surface-capture-assay

For the FET- based detection of cortisol with aptamers as receptors, it is crucial to
testify to the capability of the reaction as a surface-capture assay. The receptor is
expected to have an active binding site to which the ligand can bind. If receptors are
immobilized on a surface, one has to ensure that this active binding site not only shows
away from the surface but is also distanced enough to be accessible from the target. In
this study, fluorescence microscopy verified the receptor-target complex's suitability.
The straight-forwards approach would be to immobilize the receptor as described above
and incubate the fluorescently labeled target cortisol. Cortisol is a relatively small
molecule with Mw=362.46 g/mol, and common fluorescent dyes with molecules offer
sizes in the same order of magnitude, e.g.,, DAPI has an Mw of 277 g/mol, FITC weights
389 g/mol, and cyanines of ~650 g/mol. So, fluorescently labeled cortisol would
presumably double its size, and the affinity to aptamer is downgraded significantly as the
fluorophore size might hinder the target sterically. As a result, we modified the
functionalization protocol so that immobilization of a carboxyl-terminated cortisol
derivate (3-CMO) onto substrates allows for the binding of fluorescently labeled
aptamers. Note that Figure 4 in Chapter 3 illustrates the present chemical reaction. The
fluorescent label is tagged onto the 5’-end, though, as this is in the standard biodetection
assay, the strand binding to the FET’s surface. Aptamers with different concentrations,
ranging from 0 nM to 500 nM, were spotted on prepared cortisol-modified surfaces with
the help of a microarray printer and observed via fluorescence microscopy. Array
printing was chosen as it improves sensitivity compared to conventional contact imprint
methods!0, and the small size of the arrays enhances analyte affinities in surface-capture
assays!91. Figure 5-11A shows the spot array of CY3-labeled DNA incubated on a 3-CMO
surface. Spots with concentrations of 1 nm were detected by fluorescence microscopy.
Figure 5-11B emphasizes the selectivity of the assay with the help of a microfluidic
channel system, in which four channels provide different surface modifications: Channel
1 was left unmodified, channel 2 had linker APTES without cortisol-derivate, channels 3

and 4 were modified with cortisol-derivate 3-CMO, respectively. After modification,
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Figure 5-11: Surface capture assay of the aptamer-cortisol complex. A) Spots of CY3-tagged aptamers on a cortisol-
modified surface. B) Cortisol-modified surface after incubation of different solutions: 1) 2) 3) 4). C) Fluorescence to
background ratio of differently concentrated DNA- spots (orange line) and Vr shift after DNA incubation on cortisol-
derivate modified substrates.

channels 1, 2, and 4 were exposed to 500 nM aptamer, whereas channel 3 was exposed
to a random DNA sequence labeled with FITC. If there is no modification present, almost
no fluorescent signal can be detected (compare channel system 1). The modification with
APTES and 3-CMO resulted in detectable signals. Here, the modification with linker-
molecule APTES showed fluorescent signals, too, although there is no 3-CMO present. The
reason behind this is the positive surface charge of amino groups within the APTES
molecule that interact electrostatically with a negative backbone of DNA molecules. The
same mechanism applies partly when DNA, which is randomly chosen und thus not
specific to aptamers, is exposed to 3-CMO treated surfaces: electrostatically adsorbed
DNA creates weak FI signals. However, if a specific aptamer is introduced to 3-CMO-
modified surfaces, binding occurs, and strong FI- signals can be observed.

The assay's sensitivity is presented in Figure 5-11C by showing fluorescence
signals, expressed as the ratio of background to signal (orange lines). Aptameric
concentrations above 1 nM were detected reliably before saturation at 100 nM occurred.

In parallel to fluorescence analysis, target-receptor-binding was monitored using 3-
CMO functionalized FETs. In consistency with fluorescence intensity, a growing
concentration of aptamers increases relative AVr, which is caused by the accumulation of
negatively charged DNA at the sensor surface of FET.

By turning the assay literally upside down, we prove not only the selective and
sensitive binding of cortisol to its aptamer but also demonstrate the suitability of the

selected aptamer to recognize cortisol in a surface capture assay with FETs.
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5.3.4 Detection of cortisol with SINW FETs

The previous sections 5.2.3 and 5.3.3 revealed the suitability of SINW FETs for real-
time detection of possible analytes with the provided sensing platform and the capability
to use aptamers as receptors for sensitive cortisol detection. Consequently, the
established protocols are used to evaluate the cortisol concentration with SINW FETs in
real-time. The objective is to determine unknown cortisol levels, preferably under
physiological conditions, and thus take a big step forward for point-of-care diagnostics in
real-time.

First, FET signals in known concentrations were calibrated upon the introduction
of cortisol. Then, after modification with TESPA and aptamer, FETs were exposed to a
cortisol-free, physiological buffer system, a 0.1 M phosphate buffer at pH 7.4 with 0.1%
BSA and 0.1% ProClin, until a stable baseline level was achieved. Subsequently, the
biorecognition of salivary cortisol in physiologically relevant concentrations ranging
from 0 pg/dl to 3.2 pg/dl was performed. After a 10 min reaction time, a rinsing step with
cortisol-free buffer removed excess cortisol molecules. Consequently, the apparent FET
signal shifts were assessed in the following way: Vr values from 100 s before target
injection were compared to those Vr values, which were recorded during 100 s after the
removal of the excess cortisol, and the obtained difference is expressed as signal change
AVrT. Figure 5-12A shows the threshold voltage of six FETs upon injection of cortisol in
real-time. In contrast, panel B presents the transfer characteristics of one representative
FET after cortisol detection with a concentration range between Oug/dl (light orange
line) to 3.2 pg/dl (black); a supportive inset magnifies the most sensitive part of the
curves. Cleary, with cumulative cortisol concentrations, the threshold voltage declines so
that a left-shift of the transfer characteristics appears. The course of Vr signals in real-
time measurements already indicates saturation of the sensors as the signal shifting
stagnates after the addition of 0.1 pg/dl (compared to Figure 5-12A and B, respectively).
A plot of AVrversus cortisol concentration (see Figure 5-12C) corroborates the previous
findings, and a subsequent fitting of the data, indicated by the grey line in Figure 5-12C,
enabled the establishment of a calibration curve. Furthermore, the lowest detected
concentration was 0.005 pg/dl, and the saturation level occurred at around ~0.2 pg/dl of

cortisol and thus forming the dynamic range of the sensor. The sensitivity could be
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Figure 5-12: Detection of cortisol with SINW FETs. A) Real-Time Measurement of six individual FETs upon cortisol
injection. The arrows mark the point of introduction of cortisol whereas the letters refer to concentration: a) 0.005, b)
0.01, ¢) 0.015, d) 0.03, e) 0.06, f) 0.1 ug/dl. B) Extracted transfer characteristics of one exemplary FET after reaction
with cortisol. The inset magnifies the threshold region at ~10-8A. C) Averaged threshold voltage shift of FETs versus
concentration of cortisol for FET modified with aptamers (brown) and unmodified FETS (grey). The dotted line
indicates linear fit within the dynamic range of the sensor. D) Threshold voltage shift of aptamer modified FETs upon
exposure to other steroids.

associated with the estimated signal decay of around -74.7 mV per decade of cortisol
concentration.

A limited number of free binding sites resulting from FETs fabricated in the
nanoscale are suspected to be responsible for the sensor's saturation. A short exemplary
calculation clarifies the situation: one individual SiINW FET has a surface area of 365 um?.
With experimentally determined surface coverages of DNA between 2.0x1013 and
6.9x1013 molecules/cm?192193, an amount of ~7.3x107 up to 2.5x108 DNA per FET is
predicted. Conversely, 0.1 pl of a 0.1 pg/dl cortisol solution already carries 1.66x108
molecules and hence levels off in the mentioned orders of magnitude.

Beyond saturation, a further increase in cortisol concentration leads to a reraise and
further plateau of AVr. Potentially, this observation can be explained by reorganizing the
equilibrium conditions at the FET surface, especially when the le-Chatelier- Braun- the

principle is considered. In equilibrium, a system is in a dynamic balance where forward
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Figure 5-13: Chemical structure of steroids cortisol, cortisone, estradiol, progesterone, and testosterone. Steroids
distinguish their structure within functional groups at the C 11 and 17 atom, respectively.

and reserve reactions happen at equal rates. If the chemical equilibrium experiences now
an (external) change of reaction parameters such as temperature, pressure, or
adding/substracting reactants, the system is out of balance and shifts its reaction rates to
reduce the effect of perturbation19419, Considering the change of reactant’s
concentration in the equilibrium state, which is the case when introducing further
cortisol to fully saturated surfaces, the system is expected to be shifted to the side of
products. Hence, when all binding sites are occupied and saturation is reached, further
introduction of target molecules can result in an exchange of already adsorbed molecules
leading to observed signal variations at concentrations of 0.2 pg/dl and higher.

The system's selectivity is presented as a grey line in Figure 5-12C employing the
response of unmodified FETs upon cortisol exposure. With increasing cortisol
concentrations, only a minimal change of AVt is observed but marginally smaller than
detection with specifically functionalized FETs. Equally, Figure 5-12D depicts the sensor
response upon reaction with other steroid hormones such as progesterone, estradiol, and
testosterone. Again, most signal shifts AVr remain in negligible ranges except cortisone.
Here, cortisone and cortisol differ in their chemical structure by only one hydrogen bond
at the C-11 atom, so the structural closeness is expected to induce a conformational
change of aptamers. In contrast, the other tested steroids differ from cortisol in their
functional groups at positions C-17 and C-11 so that aptamers do not fold. An overview
of the chemical structures of steroids, including the numbering of interesting carbon
atoms C 11 and 17, is presented below in Figure 5-13.

As expounded in section 5.3.3, the detection of molecules in solution with
semiconducting FET devices is generally postulated to happen only within the Debye
length102196,197 This a fact that accounts particularly when operating in physiological
media, where typical Debye lengths are about ~1 nm or less. The size and charge of the
target and the receptors will contribute to FET biosensing. Here, small molecules with no

or little charges are considered to have less impact on FETs than bigger and charged
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molecules!?8199, Cortisol has a molecular weight of 362 g/mol, which is very little
dissociated in the environment, so overall net charge in aqueous solutions can be
considered neutral???. On the other side, a significant negative charge within the
backbones of DNA can affect the FET response throughout, independent of the chemical
reactivity or intrinsic charge of the target molecules at all#865201, So, we postulate that
observed signal transduction of FETs upon cortisol detection is presumably not a result
of the introduced target charge itself but rather an outcome of conformational change of
DNA occurring upon target binding. During the recognition process, aptamers fold into
unique structures, including forming stems and loops or transforming double-stranded
fragments into single-stranded 292, All of those changes will result in different secondary
structures with different charge distributions than when there is no reaction with the
target203, Nakatsuka et al.®> claimed two possible mechanisms: in the first case, the
aptamer folds in a way where a considerable portion of the DNA backbone comes closer
to the surface of FET. The convergence of negative charges towards the Si surface
enhances electrostatic repulsion and increases threshold voltages. Conversely, in the
second case, the aptamer backbones withdraw from the surface during reorientation, and
fewer negative charges are on the surface. As a result, the threshold voltage declines upon
binding- reaction. Both folding mechanisms are expected to happen very close to the
surface, to wit within the Debye length of the system. They hence can be detected without
further issues in biologically relevant media.

For cortisol recognition, the suitable aptamer is predicted to reorient so that the
backbones of DNA move away from the FET channel surface. Indicated by declining
threshold voltages upon growing cortisol concentrations, the hypothesis is further
supported by the course of CD spectra, where characteristic peaks shift towards higher
wavelengths with increasing target concentration.

In the last section, several methods to explore cortisol binding to the chosen
aptamer we introduced. All methods showed a sensitive and selective binding reaction

between the two molecules.
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5.3.4.1 Detection of cortisol in human saliva

Previous findings suggest prosecution of the detection of cortisol with SINW FETs
in saliva without further hindrances.

The developed assay determines salivary cortisol from four volunteers with FETs,
and results were compared to those evaluated with a commercially available
luminescence immunoassay. Figure 5-14 below presents a typical course of salivary
cortisol detection with FETs and subsequent regeneration. All rinsing steps with cortisol-
free running buffers are shadowed in gray, whereas the yellow background refers to
times under saliva exposure. The introduction of NaCl, visible in the blue background,
regenerates the FET surface after detection. The consecutive signal, which is the average
Vr of five FETs at 10-8 A and shown as a red line in Figure 5-14, illustrates the course of
biosensing.

First, a stable baseline achieves by injecting a cortisol-free running buffer. The
subsequent addition of saliva resulted in a significant decrease in Vr. With typical pH
values between 6.2 and 7.6, where 6.7 is the average pH, saliva has lower pH than the
running buffer, and consequently, a decrease in Vr is expected?04. Additionally, the
adsorption of numerous biological entities from salivae, such as proteins, enzymes, and
vitamins, onto the FETs' surface contributes to the signal. After a washing step with
buffer, a recovery of the FET signal occurs as pH values return to their initial value and
biomolecules are removed. The arising difference in the Vr values before saliva

12 | saliva PBS NaCl PBS saliva |

1.1
B -

5000 5500 _ 6000 6500
time [s]

Figure 5-14: Consecutive course of real-time measurement for detection of salivary cortisol. First, the introduction of
cortisol-containing saliva (yellow background) lowers FET signals due to different pH than PBS as well as the presence
of numerous biological entities. Further injection of PBS (grey) removes the latter and stabilizes pH so that the
observed signal difference AVT is based on cortisol binding. Then, to regenerate the FET surface, a rinsing step with
NaCl (blue background) causes desorption of target molecules. Subsequent rinsing with running buffer PBS (grey)
results in starting VT values.
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introduction and after rinsing is considered bound to cortisol (compared to Vr signals in
Figure 5-14 at t=5000 s and t=5800 s). So, extracted AVt was set in context to cortisol
concentration with the help of a previously taken calibration curve (see Figure 5-14).

By doing so, typical cortisol day profiles from four volunteers (A, B, C, and D) were
monitored. Typically, the cortisol concentration in a healthy person's saliva is highest
directly after waking up and decreases gradually during the day until the lowest levels
occur at night. Figure 5-15 below summarizes the obtained data for all volunteers. In
Figure 5-15A, measured salivary cortisol levels are plotted against the daytime: cortisol
measured with FETs is illustrated in darker colors, whereas data obtained with LIA is
presented in brighter colors. Grey background data in Figure 5-15A shows healthy
cortisol ranges obtained from reference data of the CIRCORT database study, in which
average cortisol levels from >18 000 individuals are collected2%. The table in Figure
5-15B summarizes all measured values numerally.

Remarkably, all results show typical day profiles with the highest cortisol levels in
the morning and declining concentrations throughout the day. There is a clear
correspondence between the levels of cortisol measured with FETs and those obtained
with LIA. Only at relatively high cortisol levels do the results differ significantly. For
example, the morning cortisol levels from volunteers A (orange) and B (blue) were
calculated with FETs to be ~0.3 pg/dl and ~0.59 pg/dl. Conversely, LIA confirmed levels
of 0.75 pg/dl for volunteer A and 0.46 pg/dl for volunteer B, respectively. Eventual

saturation issues of the FET devices root the discrepancy. The earlier taken calibration
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Figure 5-15: Overview of salivary cortisol levels. A) Day profile of cortisol from four individuals obtained via FET (dark
colors) and LIA (bright colors), including reference data from CIRCORT database (grey background). B) Tabular
overview of cortisol levels obtained via LIA and FET.
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curve (compare Figure 5-12C) suggests a saturation between 0.2 and 0.4 pg/dl. It thus
reveals that the dynamic range of the FET nanosensor cannot cover the whole range of
physiological interesting cortisol levels, which can spread up to 1.5 pg/dl1206.207, However,
a controlled serial dilution of the samples, especially for samples taken during morning
hours, can remedy this.

After a circle of cortisol detection, regeneration of the FET surface follows. By
adding a 2 M NaCl solution, the electrostatic interaction between the target and aptamer
is reversed in a way that cortisol releases from the surface without damaging the
aptamer, allowing for new usage of the sensor208209, [jkewise, after regeneration of the
FETs, the Vrlevels return to initial values before saliva injection so that complete removal
of cortisol is predicted, compared to signals at (t=5000 s and t=6300 s in Figure 5-14).

Concisely, the primary process of detecting salivary cortisol instantaneously
(including regeneration of the sensor) takes only a few minutes and can be performed in
real-time and in a portable manner - making the introduced sensor system a powerful

tool for point-of-care monitoring.
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5.4 Summary

The findings in this chapter demonstrate the reliable performance of SiNW-based
FET to detect label-free cortisol in high ionic strength media in real-time on a portable
sensing platform.

First, (electrical) characteristics and integration of top-down manufactured FETs
with nanostructured silicon nanowires in a honeycomb design (SiNW FETs) into a
portable platform are evaluated, and the performance of integrated FETSs is benchmarked
by monitoring pH values of multiple FETs in real-time. FETs showed excellent, sharp, and
stable electrical properties with on/off- ratios at 10> and steep subthreshold slopes. As a
precursor for biosensing, their pH sensitivity of 38.0+1.3 mV/pH has been determined in
real-time on a portable device, while on/off ratios are kept at 10>.

Furthermore, a suitable two-step surface functionalization strategy is presented to
bind specific aptamers as receptors for detecting cortisol and verified by contact angle
and FET measurements. In addition, the appropriateness of chosen aptamers to fold
precisely upon interaction with target cortisol was evaluated with the help of CD,
colorimetric assay, and FET biosensing. Finally, the aptitude to process the protocols in
terms of a surface-capture assay has been proven by fluorescence microscopy.

The key feature of this research is the label-free detection of the small molecule
cortisol in physiological solutions such as saliva with SINW FETs. Usually, biosensing with
FETs is closely connected to shielding issues caused by the electrical double layer,
limiting the sensitivity of FETs in high ionic strength media. In this context, FETs are
suspected to detect large and charged molecules easily. However, to overcome those
limitations, the background of the biorecognition of the target-receptor-complex is
studied by colorimetric assay and circular dichroism. After the introduction of cortisol,
the unique aptamer complex is found to experience a reorientation of its secondary
structure, including a reshuffle of the intramolecular charges that FETs can detect. Here,
the reorientation of charges occurs in close vicinity to the sensor surface so that Debye-
length limitation can be vanquished and the detection of small, uncharged analyte cortisol
in physiological solutions becomes possible.

As proof of concept, cortisol levels ranging from 0.005 pg/dl up to 0.2 pg/dl were

detected until saturation of the sensor system occurred. In addition, salivary cortisol
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levels from volunteers were determined and were found to closely match those values,
which were obtained with a commercial LIA kit.

Apart from the optimization of the biodetection assay itself, the integration of SINW
FETs into a portable platform allows not only for real-time biosensing of cortisol but also
for point-of-care detection. Initially applied for stress marker analysis, the presented
platform provides a powerful tool for detecting various targets. Furthermore, the
possibility for custom-demanded functionalization with antibodies, aptamers, or any
receptor of choice, as well as the easy integration of the sensors with plug connections,

holds high potential for user-friendly application.

120



5.5 References

5.5 References

®

)

3)
C))

)
(6)

@)
®)
€)
(10)
an
(12)

(13)
(14)

(15)

(16)

a7
(18)

(19)

(20)

21D

(22)

(23)

Klinghammer, S.; Voitsekhivska, T.; Licciardello, N.; Kim, K.; Baek, C.-K.; Cho, H.; Wolter, K.-].; Kirschbaum, C.;
Baraban, L.; Cuniberti, G. Nanosensor-Based Real-Time Monitoring of Stress Biomarkers in Human Saliva
Using a  Portable  Measurement System. ACS Sens. 2020, 5 (12), 4081-4091.
https://doi.org/10.1021/acssensors.0c02267.

Lohmann-Haislah, A. Stressreport Deutschland 2012: psychische Anforderungen, Ressourcen und Befinden;
Stressreport Deutschland; Bundesanstalt fiir Arbeitsschutz und Arbeitsmedizin: Dortmund, 2012.

Delph, A. Stress: Stresstaktoren erkennen und vorbeugen; neobooks Self-Publishing, 2014.

Bhargava, D.; Trivedi, H. A Study of Causes of Stress and Stress Management among Youth. /RA-Int. /. Manag.
Soc. Sci. ISSN 2455-22672018, 11 (3), 108. https://doi.org/10.21013/jmss.v11.n3.p1.

Jackson, M. The Stress of Life: A Modern Complaint? Lancet 2014, 383 (9914), 300-301.

Cerqueira, T. R. do C; Batista, S. G.; de Mello, E. B.; DosSantos, M. F.; Tuiias, I. T. de C. Impact of the COVID-19
Pandemic on Stress, Sleep, and Oral Health in University Students. Front. Pain Res. 2021, 2.

Lakhan, R.; Agrawal, A.; Sharma, M. Prevalence of Depression, Anxiety, and Stress during COVID-19 Pandemic.
J. Neurosci. Rural Pract. 2020, 11 (4), 519-525. https://doi.org/10.1055/s-0040-1716442.

Pfefferbaum, B.; North, C. S. Mental Health and the Covid-19 Pandemic. N. Engl. /. Med. 2020, 383 (6), 510-
512. https://doi.org/10.1056 /NEJMp2008017.

Pfeifer, L. S.; Heyers, K.; Ocklenburg, S.; Wolf, O. T. Stress Research during the COVID-19 Pandemic and Beyond.
Neurosci. Biobehav. Rev. 2021, 131,581-596. https://doi.org/10.1016/j.neubiorev.2021.09.045.

Yaribeygi, H.; Panahi, Y.; Sahraei, H.; Johnston, T. P.; Sahebkar, A. The Impact of Stress on Body Function: A
Review. EXCLI /. 2017, 16,1057-1072. https://doi.org/10.17179 /excli2017-480

Monroe, S. M.; Harkness, K; Simons, A. D.; Thase, M. E. Life Stress and the Symptoms of Major Depression. /.
Nerv. Ment. Dis. 2001, 189 (3), 168-175. https://doi.org/10.1097/00005053-200103000-00005.

Schneiderman, N.; Ironson, G.; Siegel, S. D. STRESS AND HEALTH: Psychological, Behavioral, and Biological
Determinants. Annu. Rev. Clin. Psychol. 2005, 1, 607-628.
https://doi.org/10.1146 /annurev.clinpsy.1.102803.144141.

Mariotti, A. The Effects of Chronic Stress on Health: New Insights into the Molecular Mechanisms of Brain-
Body Communication. Future Sci. 0A 2015, 1 (3). https://doi.org/10.4155 /fs0.15.21.

Bairey Merz, C. N.; Dwyer, J.; Nordstrom, C. K,; Walton, K. G.; Salerno, ]. W.; Schneider, R. H. Psychosocial Stress
and Cardiovascular Disease: Pathophysiological Links. Behav. Med. Wash. DC 2002, 27 (4), 141-147.
https://doi.org/10.1080,/08964280209596039.

Chaby, L. E,; Cavigelli, S. A;; Hirrlinger, A. M.; Caruso, M. ].; Braithwaite, V. A. Chronic Unpredictable Stress
during Adolescence Causes Long-Term Anxiety. Behav. Brain Res. 2015, 278 492-495.
https://doi.org/10.1016/j.bbr.2014.09.003.

Nation, D. A;; Hong, S.; Jak, A. ].; Delano-Wood, L.; Mills, P. ].; Bondi, M. W.; Dimsdale, J. E. Stress, Exercise, and
Alzheimer’s Disease: A Neurovascular Pathway. Med. Hypotheses 2011, 76 (6), 847-854.
https://doi.org/10.1016/j.mehy.2011.02.034.

Cohen, S.; Janicki-Deverts, D.; Miller, G. E. Psychological Stress and Disease. JAMA 2007, 298 (14), 1685-1687.
https://doi.org/10.1001/jama.298.14.1685.

Goodie, J. L,; Larkin, K. T.; Schauss, S. Validation of the Polar Heart Rate Monitor for Assessing Heart Rate
During Physical and Mental Stress. /. Psychophysiol. 2000, 14 (3), 159-164. https://doi.org/10.1027//0269-
8803.14.3.159.

Pelcovitz, D.; van der Kolk, B.; Roth, S.; Mandel, F.; Kaplan, S.; Resick, P. Development of a Criteria Set and a
Structured Interview for Disorders of Extreme Stress (SIDES). J. Trauma. Stress 1997, 10 (1), 3-16.
https://doi.org/10.1002/jts.2490100103.

Fliege, H.; Rose, M.; Arck, P.; Levenstein, S.; Klapp, B. F. PSQ - Perceived Stress Questionnaire. Perceived Stress
Questionnaire (PSQ; Levenstein, S, Prantera, C, Varvo, V., Scribano, M.L., Berto, E., Luzi, C. & Andreoli, A,
1993) - German modified version 2009. http://dx.doi.org/10.23668/psycharchives.351.

Lewis, R. S.; Weekes, N. Y.; Wang, T. H. The Effect of a Naturalistic Stressor on Frontal EEG Asymmetry, Stress,
and Health. Biol. Psychol. 2007, 75 (3), 239-247. https://doi.org/10.1016/j.biopsycho.2007.03.004.

Hosseini, S. A.; Khalilzadeh, M. A. Emotional Stress Recognition System Using EEG and Psychophysiological
Signals: Using New Labelling Process of EEG Signals in Emotional Stress State. In 2010 International
Conference  on  Biomedical  Engineering and  Computer  Science; 2010; pp 1-6.
https://doi.org/10.1109/ICBECS.2010.5462520.

Kirschbaum, C.; Pirke, K.-M.; Hellhammer, D. H. The ‘Trier Social Stress Test’ - A Tool for Investigating
Psychobiological Stress Responses in a Laboratory Setting. Neuropsychobiology 1993, 28 (1-2), 76-81.
https://doi.org/10.1159/000119004.

121



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

(24)

(25)

(26)

27
(28)
(29)

(30)

BD

(32)

(33)

(34)

(35)

(36)

(37

(38)

(39)

(40)

(41

(42)

(43)

(44)

122

Peake, J. M.; Kerr, G.; Sullivan, J. P. A Critical Review of Consumer Wearables, Mobile Applications, and
Equipment for Providing Biofeedback, Monitoring Stress, and Sleep in Physically Active Populations. Front.
Physiol. 2018, 9. https://doi.org/10.3389/fphys.2018.00743.

Sagl, G.; Resch, B.; Petutschnig, A.; Kyriakou, K.; Liedlgruber, M.; Wilhelm, F. H. Wearables and the Quantified
Self:  Systematic Benchmarking of Physiological Sensors. Sensors 2019, 19 (20), 4448.
https://doi.org/10.3390/s19204448.

Kyriakou, K.; Resch, B.; Sagl, G.; Petutschnig, A.; Werner, C.; Niederseer, D.; Liedlgruber, M.; Wilhelm, F.;
Osborne, T.; Pykett, ]. Detecting Moments of Stress from Measurements of Wearable Physiological Sensors.
Sensors2019, 19 (17), 3805. https://doi.org/10.3390/s19173805.

Hellhammer, D. H.; Wist, S.; Kudielka, B. M. Salivary Cortisol as a Biomarker in Stress Research.
Psychoneuroendocrinology 2009, 34 (2), 163-171. https://doi.org/10.1016/j.psyneuen.2008.10.026.

Sher, L. Type D Personality: The Heart, Stress, and Cortisol. Q/M Mon. J. Assoc. Physicians 2005, 98 (5), 323-
329. https://doi.org/10.1093 /gjmed /hci064.

Fraser, R.; Ingram, M. C.; Anderson, N. H.; Morrison, C.; Davies, E.; Connell, ]. M. Cortisol Effects on Body Mass,
Blood Pressure, and Cholesterol in the General Population. Hypertens. Dallas Tex 19791999, 33 (6), 1364-
1368. https://doi.org/10.1161/01.hyp.33.6.1364.

Levine, A.; Zagoory-Sharon, O.; Feldman, R.; Lewis, J. G.; Weller, A. Measuring Cortisol in Human
Psychobiological Studies. Physiol. Behav. 2007, 90 D), 43-53.
https://doi.org/10.1016/j.physbeh.2006.08.025.

Russell, E.; Koren, G.; Rieder, M.; Van Uum, S. H. M. The Detection of Cortisol in Human Sweat: Implications for
Measurement of  Cortisol in  Hair. Ther. Drug  Monit. 2014, 36 (1), 30-34.
https://doi.org/10.1097 /FTD.0b013e31829daa0a.

Zhu, C; Yuan, C; Ren, Q; Wei, F,; Yu, S;; Sun, X.; Zheng, S. Comparative Analysis of the Effects of Collection
Methods on Salivary Steroids. BMC Oral Health 2021, 21 (1), 352. https://doi.org/10.1186/s12903-021-
01722-w.

Restituto, P.; Galofré, ]. C.; Gil, M. ].; Mugueta, C.; Santos, S.; Monreal, J. I.; Varo, N. Advantage of Salivary Cortisol
Measurements in the Diagnosis of Glucocorticoid Related Disorders. Clin. Biochem. 2008, 41 (9), 688-692.
https://doi.org/10.1016/j.clinbiochem.2008.01.015.

Teruhisa, U.; Ryoji, H.; Taisuke, I.; Tatsuya, S.; Fumihiro, M.; Tatsuo, S. Use of Saliva for Monitoring Unbound
Free Cortisol Levels in Serum. C/in. Chim. Acta 1981, 110 (2), 245-253. https://doi.org/10.1016/0009-
8981(81)90353-3.

Vining, R. F,; McGinley, R. A.; Maksvytis, ]. ].; Ho, K. Y. Salivary Cortisol: A Better Measure of Adrenal Cortical
Function than Serum Cortisol. Ann. Clin. Biochem. 1983, 20 (Pt 6) 329-335.
https://doi.org/10.1177/000456328302000601.

Trilck, M.; Flitsch, ].; Liidecke, D. K;; Jung, R.; Petersenn, S. Salivary Cortisol Measurement--a Reliable Method
for the Diagnosis of Cushing’s Syndrome. Exp. Clin. Endocrinol. Diabetes Off. J. Ger. Soc. Endocrinol. Ger.
Diabetes Assoc. 2005, 113 (4), 225-230. https://doi.org/10.1055/s-2005-837667.

Aardal, E.; Holm, A.-C. Cortisol in Saliva - Reference Ranges and Relation to Cortisol in Serum. C/in. Chem. Lab.
Med. 1995, 33 (12). https://doi.org/10.1515/cclm.1995.33.12.927.

Klopfenstein, B. J.; Purnell, ]. Q.; Brandon, D. D.; Isabelle, L. M.; DeBarber, A. E. Determination of Cortisol
Production Rates with Contemporary Liquid Chromatography-Mass Spectrometry to Measure Cortisol-D3
Dilution after Infusion of Deuterated Tracer. Clin. Biochem. 2011, 44 (5), 430-434.
https://doi.org/10.1016/j.clinbiochem.2010.12.008.

Tahara, Y.; Huang, Z; Kiritoshi, T.; Onodera, T.; Toko, K. Development of Indirect Competitive Inmuno-Assay
Method Using SPR Detection for Rapid and Highly Sensitive Measurement of Salivary Cortisol Levels. Front.
Bioeng. Biotechnol. 2014, 2. https://doi.org/10.3389/fbioe.2014.00015.

Mitchell, J. S.; Lowe, T. E.; Ingram, ]J. R. Rapid Ultrasensitive Measurement of Salivary Cortisol Using Nano-
Linker Chemistry Coupled with Surface Plasmon Resonance Detection. 7The Analyst 2009, 134 (2), 380-386.
https://doi.org/10.1039/b817083p.

Ito, T.; Aoki, N.; Kaneko, S.; Suzuki, K. Highly Sensitive and Rapid Sequential Cortisol Detection Using Twin
Sensor QCM. Anal. Methods 2014, 6 (18), 7469-7474. https://doi.org/10.1039/C4AY01387E.

Manickam, P.; Pasha, S. K.; Snipes, S. A.; Bhansali, S. A Reusable Electrochemical Biosensor for Monitoring of
Small Molecules (Cortisol) Using Molecularly Imprinted Polymers. /. Electrochem. Soc. 2017, 164 (2), B54-
B59. https://doi.org/10.1149/2.0781702jes.

Sekar, M,; Pandiaraj, M.; Bhansali, S.; Ponpandian, N.; Viswanathan, C. Carbon Fiber Based Electrochemical
Sensor for Sweat Cortisol Measurement. Sci. Rep. 2019, 9 (1), 1-14. https://doi.org/10.1038/s41598-018-
37243-w.

Sanghavi, B.].; Moore, J. A;; Chavez, ]. L; Hagen, |. A.; Kelley-Loughnane, N.; Chou, C.-F.; Swami, N. S. Aptamer-

Functionalized Nanoparticles for Surface Immobilization-Free Electrochemical Detection of Cortisol in a
Microfluidic Device. Biosens. Bioelectron. 2016, 78, 244-252. https://doi.org/10.1016/j.bios.2015.11.044.



5.5 References

(45)

(46)

(47)

(48)

(49)

(50

GD

(52)

(53)

54

(55

(56)

7

(58)
(59)

(60)

(61)

(62)

(63)

(64)

(65)

Cheng, C; Li, X; Xu, G; Lu, Y,; Low, S. S; Liu, G; Zhu, L; Li, C; Liu, Q. Battery-Free, Wireless, and Flexible
Electrochemical Patch for in Situ Analysis of Sweat Cortisol via near Field Communication. Biosens.
Bioelectron. 2021, 172,112782. https://doi.org/10.1016/j.bios.2020.112782.

Parlak, O.; Keene, S. T.; Marais, A.; Curto, V. F.; Salleo, A. Molecularly Selective Nanoporous Membrane-Based
Wearable Organic Electrochemical Device for Noninvasive Cortisol Sensing. Sci. Adv. 2018, 4 (7), eaar2904.
https://doi.org/10.1126/sciadv.aar2904.

Jang, H.-].; Lee, T.; Song, ].; Russell, L.; Li, H.; Dailey, ].; Searson, P. C.; Katz, H. E. Electronic Cortisol Detection
Using an Antibody-Embedded Polymer Coupled to a Field-Effect Transistor. ACS Appl. Mater. Interfaces 2018,
10(19),16233-16237. https://doi.org/10.1021/acsami.7b18855.

Wang, B.; Zhao, C.; Wang, Z,; Yang, K.-A.; Cheng, X; Liu, W,; Yu, W; Lin, S.; Zhao, Y.; Cheung, K. M.; Lin, H.; Hojaiji,
H.; Weiss, P. S.; Stojanovi¢, M. N.; Tomiyama, A. ].; Andrews, A. M.; Emaminejad, S. Wearable Aptamer-Field-
Effect Transistor Sensing System for Noninvasive Cortisol Monitoring. Scii Adv. 2022, 8 (1), eabk0967.
https://doi.org/10.1126/sciadv.abk0967.

Torrente-Rodriguez, R. M,; Ty, J.; Yang, Y.; Min, ].; Wang, M,; Song, Y.; Yu, Y.; Xu, C; Ye, C.; IsHak, W. W.; Gao, W.
Investigation of Cortisol Dynamics in Human Sweat Using a Graphene-Based Wireless MHealth System.
Matter2020, 2 (4),921-937. https://doi.org/10.1016/j.matt.2020.01.021.

Ku, M.; Kim, ].; Won, ].-E.; Kang, W.; Park, Y.-G.; Park, |.; Lee, J.-H.; Cheon, ].; Lee, H. H.; Park, ].-U. Smart, Soft
Contact Lens for Wireless Immunosensing of Cortisol. Sci Adv. 2020, 6 (28), eabb2891.
https://doi.org/10.1126 /sciadv.abb2891.

Zangheri, M.; Cevenini, L.; Anfossi, L.; Baggiani, C.; Simoni, P.; Di Nardo, F.; Roda, A. A Simple and Compact
Smartphone Accessory for Quantitative Chemiluminescence-Based Lateral Flow Immunoassay for Salivary
Cortisol Detection. Biosens. Bioelectron. 2015, 64, 63-68. https://doi.org/10.1016/j.bios.2014.08.048.

Choi, S.; Kim, S.; Yang, J.-S.; Lee, J.-H.; Joo, C.; Jung, H.-1. Real-Time Measurement of Human Salivary Cortisol for
the Assessment of Psychological Stress Using a Smartphone. Sens. Bio-Sens. Res. 2014, 2, 8-11.
https://doi.org/10.1016/j.sbsr.2014.08.001.

Apilux, A.; Rengpipat, S.; Suwanjang, W.; Chailapakul, O. Development of Competitive Lateral Flow
Immunoassay Coupled with Silver Enhancement for Simple and Sensitive Salivary Cortisol Detection. EXCL/
/2018, 77,1198-1209. https://doi.org/10.17179/excli2018-1824.

Dalirirad, S.; Steckl, A. ]. Aptamer-Based Lateral Flow Assay for Point of Care Cortisol Detection in Sweat. Sens.
Actuators B Chem. 2019, 283, 79-86. https://doi.org/10.1016/j.snb.2018.11.161.

Stevens, R. C.; Soelberg, S. D.; Near, S.; Furlong, C. E. Detection of Cortisol in Saliva with a Flow-Filtered,
Portable Surface Plasmon Resonance Biosensor System. Anal Chem. 2008, 80 (17), 6747-6751.
https://doi.org/10.1021/ac800892h.

Yamaguchi, M.; Katagata, H.; Tezuka, Y.; Niwa, D.; Shetty, V. Automated-Immunosensor with Centrifugal Fluid
Valves for Salivary Cortisol = Measurement. Sens. Bio-Sens. Res. 2014, 1, 15-20.
https://doi.org/10.1016/j.sbsr.2014.07.001.

Kim, S.; Lee, B,; Reeder, J. T,; Seo, S. H,; Lee, S.-U.; Hourlier-Fargette, A,; Shin, ].; Sekine, Y.; Jeong, H.; Oh, Y. S;
Aranyosi, A.],; Lee, S. P.; Model, ]. B.; Lee, G.; Seo, M.-H.; Kwak, S. S;; Jo, S.; Park, G.; Han, S.; Park, I; Jung, H.-L,;
Ghaffari, R.; Koo, ]J.; Braun, P. V.; Rogers, ]J. A. Soft, Skin-Interfaced Microfluidic Systems with Integrated
Immunoassays, Fluorometric Sensors, and Impedance Measurement Capabilities. Proc. Natl. Acad. Sci. U. S. A.
2020, 117(45),27906-27915. https://doi.org/10.1073/pnas.2012700117.

Hogenelst, K.; Soeter, M.; Kallen, V. Ambulatory Measurement of Cortisol: Where Do We Stand, and Which Way
to Follow? Sens. Bio-Sens. Res. 2019, 22,100249. https://doi.org/10.1016/j.sbsr.2018.100249.

Kaisti, M. Detection Principles of Biological and Chemical FET Sensors. Biosens. Bioelectron. 2017, 98, 437~
448. https://doi.org/10.1016/j.bios.2017.07.010.

Elfstrom, N.; Juhasz, R.; Sychugov, L; Engfeldt, T.; Karlstrom, A. E.; Linnros, J. Surface Charge Sensitivity of
Silicon Nanowires: Size Dependence. Nano Lett. 2007, 7 9), 2608-2612.
https://doi.org/10.1021/n10709017.

Shoorideh, K.; Chui, C. 0. On the Origin of Enhanced Sensitivity in Nanoscale FET-Based Biosensors. Proc. Natl.
Acad. Sci. U. S. A.2014, 111 (14),5111-5116. https://doi.org/10.1073 /pnas.1315485111.

Li,J.; Zhang, Y.; To, S.; You, L.; Sun, Y. Effect of Nanowire Number, Diameter, and Doping Density on Nano-FET
Biosensor Sensitivity. ACS Nano 2011, 5(8), 6661-6668. https://doi.org/10.1021/nn202182p.

Sessi, V.; Ibarlucea, B.; Seichepine, F.; Klinghammer, S.; Ibrahim, I; Heinzig, A.; Szabo, N.; Mikolajick, T.;
Hierlemann, A, Frey, U; Weber, W. M.; Baraban, L.; Cuniberti, G. Multisite Dopamine Sensing With
Femtomolar Resolution Using a CMOS Enabled Aptasensor Chip. Front. Neurosci. 2022, 16.

Aliakbarinodehi, N.; Jolly, P.; Bhalla, N.; Miodek, A.; De Micheli, G.; Estrela, P.; Carrara, S. Aptamer-Based Field-
Effect Biosensor for Tenofovir Detection. Sci. Rep. 2017, 7, 44409. https://doi.org/10.1038/srep44409.
Nakatsuka, N.; Yang, K.-A.; Abendroth, ]. M.; Cheung, K,; Xu, X,; Yang, H.; Zhao, C.; Zhu, B.; Rim, Y. S,; Yang, Y.;
Weiss, P. S.; Stojanovi¢, M. N.; Andrews, A. M. Aptamer-Field-Effect Transistors Overcome Debye Length

123



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

(66)

(67)

(68)

(69)

(70)
71

(72)

(73)

(74)

(75)

(76)

77

(78)

(79)

(80)

81
(82)
(83)

(84)

(85)

124

Limitations for Small-Molecule Sensing. Science 2018, 362 (6412), 319-324.
https://doi.org/10.1126/science.aao6750.

Wang, W. U,; Chen, C; Lin, K; Fang, Y.; Lieber, C. M. Label-Free Detection of Small-Molecule-Protein
Interactions by Using Nanowire Nanosensors. Proc. Natl Acad. Sci. U. S. A. 2005, 102 (9), 3208-3212.
https://doi.org/10.1073/pnas.0406368102.

Ibarlucea, B.; Fawzul Akbar, T.; Kim, K.; Rim, T.; Baek, C.-K.; Ascoli, A.; Tetzlaff, R.; Baraban, L.; Cuniberti, G.
Ultrasensitive Detection of Ebola Matrix Protein in a Memristor Mode. Nano Res. 2018, 11 (2), 1057-1068.
https://doi.org/10.1007 /s12274-017-1720-2.

Hahm, J.; Lieber, C. M. Direct Ultrasensitive Electrical Detection of DNA and DNA Sequence Variations Using
Nanowire Nanosensors. Nano Lett. 2004, 4 (1), 51-54. https://doi.org/10.1021/n1034853b.

Gao, Z.; Agarwal, A,; Trigg, A. D.; Singh, N.; Fang, C.; Tung, C.-H.; Fan, Y.; Buddharaju, K. D.; Kong, ]. Silicon
Nanowire Arrays for Label-Free Detection of DNA. Anal Chem. 2007, 79 (9), 3291-3297.
https://doi.org/10.1021/ac061808q.

Patolsky, F.; Zheng, G.; Hayden, O.; Lakadamyali, M.; Zhuang, X.; Lieber, C. M. Electrical Detection of Single
Viruses. Proc. Natl. Acad. Sci. 2004, 101 (39), 14017-14022. https://doi.org/10.1073/pnas.0406159101.

Berto, M.; Vecchi, E.; Baiamonte, L.; Condo, C.; Sensi, M.; Di Lauro, M.; Sola, M.; De Stradis, A.; Biscarini, F.;
Minafra, A.; Bortolotti, C. A. Label Free Detection of Plant Viruses with Organic Transistor Biosensors. Sens.
Actuators B Chem. 2019, 281, 150-156. https://doi.org/10.1016/j.snb.2018.10.080.

Tran, D. P.; Winter, M. A.; Wolfrum, B.; Stockmann, R.; Yang, C.-T.; Pourhassan-Moghaddam, M.; Offenhdusser,
A.; Thierry, B. Toward Intraoperative Detection of Disseminated Tumor Cells in Lymph Nodes with Silicon
Nanowire Field Effect Transistors. ACS Nano 2016, 10 2), 2357-2364.
https://doi.org/10.1021/acsnano.5b07136.

Cohen-Karni, T,; Qing, Q.; Li, Q.; Fang, Y.; Lieber, C. M. Graphene and Nanowire Transistors for Cellular
Interfaces and Electrical Recording. Nano Lett. 2010, 10 3, 1098-1102.
https://doi.org/10.1021/n11002608.

Schiitt, J.; Ibarlucea, B.; llling, R.; Zérgiebel, F. M.; Pregl, S.; Nozaki, D.; Weber, W. M.; Mikolajick, T.; Baraban,
L.; Cuniberti, G. Compact Nanowire Sensors Probe Microdroplets. Nano Lett. 2016, 16 (8), 4991-5000.
https://doi.org/10.1021/acs.nanolett.6b01707.

Klinghammer, S.; Rauch, S.; Pregl, S.; Uhlmann, P.; Baraban, L.; Cuniberti, G. Surface Modification of Silicon
Nanowire Based Field Effect Transistors with Stimuli Responsive Polymer Brushes for Biosensing
Applications. Micromachines 2020, 11 (3), 274. https://doi.org/10.3390/mi11030274.

Ibarlucea, B.; Rim, T.; Baek, C. K.; de Visser, J. A. G. M.; Baraban, L.; Cuniberti, G. Nanowire Sensors Monitor
Bacterial Growth Kinetics and Response to Antibiotics. Lab. Chip 2017, 17 (24), 4283-4293.
https://doi.org/10.1039/C7LC0O0807D.

Li, H; Dauphin-Ducharme, P.; Ortega, G. Plaxco, K. W. Calibration-Free Electrochemical Biosensors
Supporting Accurate Molecular Measurements Directly in Undiluted Whole Blood. /. Am. Chem. Soc. 2017, 139
(32),11207-11213. https://doi.org/10.1021 /jacs.7b05412.

Fernandez, R. E.; Umasankar, Y.; Manickam, P.; Nickel, ]. C.; Iwasaki, L. R.; Kawamoto, B. K.; Todoki, K. C.; Scott,
J. M.; Bhansali, S. Disposable Aptamer-Sensor Aided by Magnetic Nanoparticle Enrichment for Detection of
Salivary Cortisol Variations in Obstructive Sleep Apnea Patients. Sci Rep. 2017, 7 (1), 17992.
https://doi.org/10.1038/s41598-017-17835-8.

Cheung, K. M,; Yang, K.-A.; Nakatsuka, N.; Zhao, C; Ye, M.; Jung, M. E,; Yang, H.; Weiss, P. S.; Stojanovi¢, M. N.;
Andrews, A. M. Phenylalanine Monitoring via Aptamer-Field-Effect Transistor Sensors. ACS Sens. 2019, 4 (12),
3308-3317. https://doi.org/10.1021/acssensors.9b01963.

Zhao, C; Cheung, K. M., Huang, 1.-W.; Yang, H,; Nakatsuka, N.; Liu, W,; Cao, Y.; Man, T.; Weiss, P. S,;
Monbouquette, H. G.; Andrews, A. M. Implantable Aptamer-Field-Effect Transistor Neuroprobes for in Vivo
Neurotransmitter Monitoring. Sci. Adv. 2021, 7 (48), eabj7422. https://doi.org/10.1126/sciadv.abj7422.

Meyers, S. R,; Grinstaff, M. W. Biocompatible and Bioactive Surface Modifications for Prolonged In Vivo
Efficacy. Chem. Rev.2012, 7112 (3), 1615-1632. https://doi.org/10.1021/cr2000916.

Rong, G.; Corrie, S. R; Clark, H. A. In Vivo Biosensing: Progress and Perspectives. ACS Sens. 2017, 2 (3), 327-
338. https://doi.org/10.1021/acssensors.6b00834.

Lafleur, ]. P.; Jonsson, A.; Senkbeil, S.; Kutter, ]. P. Recent Advances in Lab-on-a-Chip for Biosensing
Applications. Biosens. Bioelectron. 2015. https://doi.org/10.1016/j.bios.2015.08.003.

Rim, T.; Kim, K; Cho, H.; Jeong, W.; Yoon, ].; Kim, Y.; Meyyappan, M.; Baek, C. Electrical Characteristics of Doped
Silicon Nanowire Channel Field-Effect Transistor Biosensors. /EEE Sens. J. 2017, 17 (3), 667-673.
https://doi.org/10.1109/JSEN.2016.2625420.

Pud, S.; Li, J.; Sibiliev, V.; Petrychuk, M.; Kovalenko, V.; Offenhdusser, A.; Vitusevich, S. Liquid and Back Gate
Coupling Effect: Toward Biosensing with Lowest Detection Limit. Nano Lett. 2014, 14 (2), 578-584.
https://doi.org/10.1021/nl403748x.



5.5 References

(86)

87)
(88)

(89

(90)

oD

(92)
(93)

94

(95)

(96)

7
98)

99)

(100)

(101)

(102)

(103)

(104)

(105)

(106)

(107)

(108)

Zadorozhnyi, I; Pud, S.; Vitusevich, S.; Petrychuk, M. Features of the Gate Coupling Effect in Liquid-Gated Si
Nanowire FETs. In 2015 International Conference on Noise and Fluctuations (ICNF); 2015; pp 1-4.
https://doi.org/10.1109/ICNF.2015.7288625.

Voitsekhivska, T.; Technische Universitat Dresden. Highly Adaptable Multiplexing Platform Technology for
Biochemical Sensing Applications; Dresden, 2020.

Voitsekhivska, T.; Suthau, E.; Wolter, K.-]. CMOS Multiplexer for Portable Biosensing System with Integrated
Microfluidic Interface; IEEE, 2014; pp 173-178. https://doi.org/10.1109/ECTC.2014.6897285.

Tixier-Mita, A.; Thida, S.; Ségard, B.-D.; Cathcart, G. A.; Takahashi, T.; Fujita, H.; Toshiyoshi, H. Review on Thin-
Film Transistor Technology, Its Applications, and Possible New Applications to Biological Cells. /pn. J. Appl.
Phys. 2016, 55 (4S), 04EA08. https://doi.org/10.7567 /]JAP.55.04EA08.

Manimekala, T.; Sivasubramanian, R.; Dharmalingam, G. Nanomaterial-Based Biosensors Using Field-Effect
Transistors: A Review. J. Electron. Mater. 2022, 51 (5), 1950-1973. https://doi.org/10.1007/s11664-022-
09492-z.

Xu, J.-J. Analytical Aspects of Fet-Based Biosensors. Front. Biosci. 2005, 10 (1-3), 420.
https://doi.org/10.2741/1538.

Segura, J.; Hawkins, C. F. CMOS Electronics: How It Works, How It Fails; John Wiley & Sons, 2004.

Gao, X. P. A; Zheng, G.; Lieber, C. M. Subthreshold Regime Has the Optimal Sensitivity for Nanowire FET
Biosensors. Nano Lett. 2010, 10 (2), 547. https://doi.org/10.1021/n19034219.

Chuang, H.-S.; Ho, Y.-P. Advances in Biosensing Technology for Medical Diagnosis; Bentham Science
Publishers, 2020.

Ortiz-Conde, A.; Garcia-Sanchez, F. ].; Muci, ].; Teran Barrios, A.; Liou, J. J.; Ho, C.-S. Revisiting MOSFET
Threshold Voltage Extraction Methods. Microelectron. Reliab. 2013, 53 (1), 90-104.
https://doi.org/10.1016/j.microrel.2012.09.015.

Ortiz-Conde, A.; Garcia Sanchez, F. J,; Liou, |. J.; Cerdeira, A.; Estrada, M.; Yue, Y. A Review of Recent MOSFET
Threshold Voltage Extraction Methods. Microelectron. Reliab. 2002, 42 (4), 583-596.
https://doi.org/10.1016/S0026-2714(02)00027-6.

Zorgiebel, F. Silicon Nanowires for Biosensor Applications, TU Dresden, Dresden, 2017.

Zorgiebel, F. M.; Pregl, S.; Romhildt, L.; Opitz, J.; Weber, W.; Mikolajick, T.; Baraban, L.; Cuniberti, G. Schottky
Barrier-Based Silicon Nanowire PH Sensor with Live Sensitivity Control. Nano Res. 2014, 7 (2), 263-271.
https://doi.org/10.1007 /s12274-013-0393-8.

Knopfmacher, O.; Tarasov, A.; Fu, W.; Wipf, M.; Niesen, B.; Calame, M.; Schonenberger, C. Nernst Limit in Dual-
Gated Si-Nanowire FET Sensors. Nano Lett. 2010, 10 (6), 2268-2274. https://doi.org/10.1021/n1100892y.

Duarte-Guevara, C.; Lai, F.-L; Cheng, C.-W.; Reddy, B.; Salm, E.; Swaminathan, V.; Tsui, Y.-K;; Tuan, H. C,;
Kalnitsky, A.; Liu, Y.-S.; Bashir, R. Enhanced Biosensing Resolution with Foundry Fabricated Individually
Addressable Dual-Gated ISFETs. Anal. Chem. 2014, 86 (16), 8359-8367.
https://doi.org/10.1021/ac501912x.

Bhatt, D.; Panda, S. Dual-gate lon-sensitive Field-effect Transistors: A Review. Electrochem. Sci. Adv. 2021.
https://doi.org/10.1002/elsa.202100195.

Stern, E.; Wagner, R,; Sigworth, F.].; Breaker, R;; Fahmy, T. M.; Reed, M. A. Importance of the Debye Screening
Length on Nanowire Field Effect Transistor Sensors. Nano Lett. 2007, 7 (11), 3405-3409.
https://doi.org/10.1021/nl071792z.

Pachauri, V.; Ingebrandt, S. Biologically Sensitive Field-Effect Transistors: From ISFETs to NanoFETs. Essays
Biochem. 2016, 60 (1), 81-90. https://doi.org/10.1042 /EBC20150009.

Matsumoto, K,; Ohno, Y.,; Maehashi, K. Utilizing Research into Electrical Double Layers as a Basis for the
Development of Label-Free Biosensors Based on Nanomaterial Transistors. Nanobiosensors Dis. Diagn. 2015,
1. https://doi.org/10.2147 /NDD.S40316.

Kesler, V.; Murmann, B.; Soh, H. T. Going beyond the Debye Length: Overcoming Charge Screening Limitations
in  Next-Generation Bioelectronic Sensors. ACS Nano 2020, 14 (12), 16194-16201.
https://doi.org/10.1021/acsnano.0c08622.

Zheng, Z.; Zhang, H.; Zhai, T.; Xia, F. Overcome Debye Length Limitations for Biomolecule Sensing Based on
Field Effective Transistorst. Chin. /. Chem. 2021, 39 (4),999-1008. https://doi.org/10.1002/cjoc.202000584.
Falina, S.; Syamsul, M.; Rhaffor, N. A.; Sal Hamid, S.; Mohamed Zain, K. A.; Abd Manaf, A.; Kawarada, H. Ten
Years Progress of Electrical Detection of Heavy Metal Ions (HMIs) Using Various Field-Effect Transistor (FET)
Nanosensors: A Review. Biosensors 2021, 11 (12),478. https://doi.org/10.3390/bios11120478.

Curreli, M.; Rui Zhang; Ishikawa, F. N.; Hsiao-Kang Chang; Cote, R. ].; Chongwu Zhou; Thompson, M. E. Real-
Time, Label-Free Detection of Biological Entities Using Nanowire-Based FETs. /EEE Trans. Nanotechnol 2008,
7(6),651-667. https://doi.org/10.1109/TNANO0.2008.2006165.

125



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

(109)

(110)

(111)
(112)

(113)

(114)

(115)

(116)

(117)

(118)

(119)

(120)

(121)

(122)

(123)

(124)

(125)

(126)

(127)

(128)

(129)

126

Erickson, H. P. Size and Shape of Protein Molecules at the Nanometer Level Determined by Sedimentation, Gel
Filtration, and Electron Microscopy. Biol  Proced. Online 2009, 11 (1), 32-51.
https://doi.org/10.1007 /s12575-009-9008-x.

Louten, J. Virus Structure and Classification. In Essential Human Virology, Elsevier, 2016; pp 19-29.
https://doi.org/10.1016/B978-0-12-800947-5.00002-8.

Bollella, P.; Katz, E. Biosensors - Recent Advances and Future Challenges; MDPI, 2021.

Lloret, N.; Frederiksen, R. S.; Mgller, T. C,; Rieben, N. I; Upadhyay, S.; Vico, L. D.; Jensen, J. H.; Nygard, J.;
Martinez, K. L. Effects of Buffer Composition and Dilution on Nanowire Field-Effect Biosensors.
Nanotechnology 2012, 24 (3), 035501. https://doi.org/10.1088/0957-4484 /24 /3/035501.

Roberts, D.; Keeling, R.; Tracka, M.; van der Walle, C. F.; Uddin, S.; Warwicker, J.; Curtis, R. Specific lon and
Buffer Effects on Protein-Protein Interactions of a Monoclonal Antibody. Mol. Pharm. 2015, 12 (1),179-193.
https://doi.org/10.1021/mp500533c.

Stern, E.; Vacic, A,; Rajan, N. K;; Criscione, J. M.; Park, J; llic, B. R;; Mooney, D. ].; Reed, M. A,; Fahmy, T. M. Label-
Free Biomarker Detection from Whole Blood. MNat Nanotechnol 2010, 5 (2), 138-142.
https://doi.org/10.1038/nnano.2009.353.

Reddy, B.; Salm, E.; Bashir, R. Electrical Chips for Biological Point-of-Care Detection. Annu. Rev. Biomed. Eng.
2016, 718(1), 329-355. https://doi.org/10.1146 /annurev-bioeng-071813-104643.

M. Lowe, B.; Sun, K; Zeimpekis, [; Skylaris, C.-K;; G. Green, N. Field-Effect Sensors - from PH Sensing to
Biosensing: Sensitivity Enhancement Using Streptavidin-Biotin as a Model System. Analyst 2017, 142 (22),
4173-4200. https://doi.org/10.1039/C7AN00455A.

Kulkarni, G. S.; Zhong, Z. Detection beyond the Debye Screening Length in a High-Frequency Nanoelectronic
Biosensor. Nano Lett. 2012, 12 (2), 719-723. https://doi.org/10.1021/nl203666a.

Tran, D. P.; Winter, M.; Yang, C.-T.; Stockmann, R.; Offenhausser, A.; Thierry, B. Silicon Nanowires Field Effect
Transistors: A Comparative Sensing Performance between Electrical Impedance and Potentiometric
Measurement Paradigms. Anal. Chem. 2019, 91 (19), 12568-12573.
https://doi.org/10.1021/acs.analchem.9b03559.

Lemay, S. G.; Laborde, C.; Renault, C; Cossettini, A.,; Selmi, L; Widdershoven, F. P. High-Frequency
Nanocapacitor Arrays: Concept, Recent Developments, and Outlook. Acc. Chem. Res. 2016, 49 (10), 2355-
2362. https://doi.org/10.1021/acs.accounts.6b00349.

Zong, X.; Zhu, R. ZnO Nanorod-Based FET Biosensor for Continuous Glucose Monitoring. Sens. Actuators B
Chem. 2018, 255, 2448-2453. https://doi.org/10.1016/j.snb.2017.09.037.

Hwang, M. T.; Heiranian, M.; Kim, Y.; You, S.; Leem, ].; Taqgieddin, A.; Faramarzi, V.; Jing, Y.; Park, I.; van der
Zande, A. M.; Nam, S.; Aluru, N. R; Bashir, R. Ultrasensitive Detection of Nucleic Acids Using Deformed
Graphene  Channel Field Effect Biosensors. Nat  Commun. 2020, 11 (1), 1543.
https://doi.org/10.1038/s41467-020-15330-9.

Shoorideh, K.; Chui, C. 0. On the Origin of Enhanced Sensitivity in Nanoscale FET-Based Biosensors. Proc. Natl.
Acad. Sci. U. S. A. 2014, 111 (14),5111-5116. https://doi.org/10.1073 /pnas.1315485111.

Gao, N; Gao, T,; Yang, X,; Dai, X.; Zhou, W.; Zhang, A.; Lieber, C. M. Specific Detection of Biomolecules in
Physiological Solutions Using Graphene Transistor Biosensors. Proc. Natl Acad. Sci. 2016, 113 (51), 14633-
14638. https://doi.org/10.1073 /pnas.1625010114.

Gutiérrez-Sanz, 0.; Andoy, N. M,; Filipiak, M. S.; Haustein, N.; Tarasov, A. Direct, Label-Free, and Rapid
Transistor-Based Immunodetection in Whole Serum. ACS Sens. 2017, 2 (9), 1278-1286.
https://doi.org/10.1021/acssensors.7b00187.

Gao, N.; Zhou, W,; Jiang, X.; Hong, G.; Fu, T.-M.; Lieber, C. M. General Strategy for Biodetection in High Ionic
Strength Solutions Using Transistor-Based Nanoelectronic Sensors. Nano Lett. 2015, 15 (3), 2143-2148.
https://doi.org/10.1021/acs.nanolett.5b00133.

Piccinini, E.; Alberti, S.; Longo, G. S.; Berninger, T.; Breu, ].; Dostalek, ].; Azzaroni, O.; Knoll, W. Pushing the
Boundaries of Interfacial Sensitivity in Graphene FET Sensors: Polyelectrolyte Multilayers Strongly Increase
the Debye Screening Length. /J Phys. Chem. C 2018, 122 (18), 10181-10188.
https://doi.org/10.1021/acs.jpcc.7b11128.

Hasler, R.; Reiner-Rozman, C.; Fossati, S.; Aspermair, P.; Dostalek, |.; Lee, S.; Ibafiez, M.; Bintinger, J.; Knoll, W.
Field-Effect Transistor with a Plasmonic Fiber Optic Gate Electrode as a Multivariable Biosensor Device. ACS
Sens. 2022, 7(2), 504-512. https://doi.org/10.1021/acssensors.1c02313.

Wang, Y.-Y.; Burke, P. Polyelectrolyte Multilayer Electrostatic Gating of Graphene Field-Effect Transistors.
Nano Res. 2014. https://doi.org/10.1007 /s12274-014-0525-9.

Bay, H. H,; Vo, R; Dai, X.; Hsu, H.-H.; Mo, Z.; Cao, S.; Li, W.; Omenetto, F. G.; Jiang, X. Hydrogel Gate Graphene
Field-Effect Transistors as Multiplexed Biosensors. Nano Lett. 2019, 19 (4), 2620-2626.
https://doi.org/10.1021/acs.nanolett.9b00431.



5.5 References

(130)

(131)

(132)

(133)

(134)

(135)

(136)
(137)
(138)
(139)
(140)

(141)

(142)

(143)

(144)

(145)

(146)

(147)

(148)

(149)

(150)

Dumitruy, L. M.; Manoli, K.; Magliulo, M.; Ligonzo, T.; Palazzo, G.; Torsi, L. A Hydrogel Capsule as Gate Dielectric
in  Flexible Organic  Field-Effect = Transistors. @APL  Mater. 2015, 3 (1), 014904.
https://doi.org/10.1063/1.4901124.

Elnathan, R.; Kwiat, M.; Pevzner, A.; Engel, Y.; Burstein, L.; Khatchtourints, A.; Lichtenstein, A.; Kantaev, R.;
Patolsky, F. Biorecognition Layer Engineering: Overcoming Screening Limitations of Nanowire-Based FET
Devices. Nano Lett. 2012, 12 (10), 5245-5254. https://doi.org/10.1021/n1302434w.

Maehashi, K.; Katsura, T.; Kerman, K.; Takamura, Y.; Matsumoto, K.; Tamiya, E. Label-Free Protein Biosensor
Based on Aptamer-Modified Carbon Nanotube Field-Effect Transistors. Anal Chem. 2007, 79 (2), 782-787.
https://doi.org/10.1021/ac060830g.

Filipiak, M. S.; Rother, M.; Andoy, N. M.; Knudsen, A. C.; Grimm, S.; Bachran, C.; Swee, L. K;; Zaumseil, ].; Tarasov,
A. Highly Sensitive, Selective and Label-Free Protein Detection in Physiological Solutions Using Carbon
Nanotube Transistors with Nanobody Receptors. Sens. Actuators B Chem. 2018, 255, 1507-1516.
https://doi.org/10.1016/j.snb.2017.08.164.

Chen, H.; Zhao, X,; Xi, Z,; Zhang, Y.; Li, H.; Li, Z,; Shi, H.; Huang, L.; Shen, R;; Tao, J., Wang, T. A New Biosensor
Detection System to Overcome the Debye Screening Effect: Dialysis-Silicon Nanowire Field Effect Transistor.
Int. /. Nanomedicine 2019, 14, 2985-2993. https://doi.org/10.2147/IJN.S198734.

Ono, T.; Kanai, Y.; Inoue, K.; Watanabe, Y.; Nakakita, S.; Kawahara, T.; Suzuki, Y.; Matsumoto, K. Electrical
Biosensing at Physiological lonic Strength Using Graphene Field-Effect Transistor in Femtoliter Microdroplet.
Nano Lett. 2019, 19 (6),4004-4009. https://doi.org/10.1021 /acs.nanolett.9b01335.

Schasfoort, R. B. M. Chapter 2:History and Physics of Surface Plasmon Resonance. In Handbook of Surface
Plasmon Resonance; 2017; pp 27-59. https://doi.org/10.1039/9781788010283-00027.

Lambourne, R;; Strivens, T. A. Paint and Surface Coatings: Theory and Practice.; Woodhead Pub.: Cambridge,
1999.

Kim, D. R;; Lee, C. H.; Zheng, X. Probing Flow Velocity with Silicon Nanowire Sensors. Nano Lett. 2009, 9 (5),
1984-1988. https://doi.org/10.1021/n1900238a.

Chen, S.; Bomer, J. G.; Carlen, E. T.; van den Berg, A. Al203/Silicon NanoISFET with Near Ideal Nernstian
Response. Nano Lett. 2011, 11 (6), 2334-2341. https://doi.org/10.1021/nl1200623n.

Rim, T.; Meyyappan, M.; Baek, C.-K. Optimized Operation of Silicon Nanowire Field Effect Transistor Sensors.
Nanotechnology 2014, 25 (50), 505501. https://doi.org/10.1088/0957-4484/25/50/505501.

Yates, D. E.; Levine, S.; Healy, T. W. Site-Binding Model of the Electrical Double Layer at the Oxide/Water
Interface. /. Chem. Soc. Faraday Trans. 1 Phys. Chem. Condens. Phases 1974, 70 (0), 1807-1818.
https://doi.org/10.1039/F19747001807.

Dorvel, B. R;; Reddy, B.; Go, ].; Duarte Guevara, C.; Salm, E.; Alam, M. A.; Bashir, R. Silicon Nanowires with High-
k Hafnium Oxide Dielectrics for Sensitive Detection of Small Nucleic Acid Oligomers. ACS Nano 2012, 6 (7),
6150-6164. https://doi.org/10.1021/nn301495k.

Zafar, S.; D’Emic, C.; Afzali, A.; Fletcher, B.; Zhu, Y.; Ning, T. Optimization of PH Sensing Using Silicon Nanowire
Field Effect Transistors with HfO2 as the Sensing Surface. Nanotechnology 2011, 22 (40), 405501.
https://doi.org/10.1088/0957-4484/22/40/405501.

Parizi, K. B.; Yeh, A. J.; Poon, A; Wong, H. Exceeding Nernst Limit (59mV/PH): CMOS-Based PH Sensor for
Autonomous Applications. 2012 Int. Electron Devices Meet. 2012.
https://doi.org/10.1109/1EDM.2012.6479098.

Parizi, K. B,; Xu, X,; Pal, A;; Hu, X.; Wong, H. S. P. ISFET PH Sensitivity: Counter-lons Play a Key Role. Sci. Rep.
2017, 7(1), 41305. https://doi.org/10.1038 /srep41305.

Jung, S.-H.; Seo, Y.-M,; Gu, T.; Jang, W.; Kang, S.-G.; Hyeon, Y.; Hyun, S.-H.; Lee, ].-H.; Whang, D. Super-Nernstian
PH Sensor Based on Anomalous Charge Transfer Doping of Defect-Engineered Graphene. Nano Lett. 2021, 21
(1), 34-42. https://doi.org/10.1021/acs.nanolett.0c02259.

Spijkman, M.; Smits, E. C. P,; Cillessen, ]. F. M.; Biscarini, F.; Blom, P. W. M.; de Leeuw, D. M. Beyond the Nernst-
Limit with Dual-Gate ZnO lon-Sensitive Field-Effect Transistors. Appl Phys. Lett. 2011, 98 (4), 043502.
https://doi.org/10.1063/1.3546169.

Ibarlucea, B.; Rombhildt, L.; Zorgiebel, F. M.; Pregl, S.; Vahdatzadeh, M.; Weber, W. M.; Mikolajick, T.; Opitz, J.;
Baraban, L.; Cuniberti, G. Gating Hysteresis as an Indicator for Silicon Nanowire FET Biosensors; 2018.
https://doi.org/10.3390/app8060950.

Tarasov, A.; Wipf, M.; Stoop, R. L.; Bedner, K; Fu, W.; Guzenko, V. A,; Knopfmacher, O.; Calame, M,
Schonenberger, C. Understanding the Electrolyte Background for Biochemical Sensing with Ion-Sensitive
Field-Effect Transistors. ACS Nano 2012, 6 (10), 9291-9298. https://doi.org/10.1021/nn303795r.

Huang, W.; Diallo, A. K,; Dailey, ]. L.; Besar, K.; Katz, H. E. Electrochemical Processes and Mechanistic Aspects
of Field-Effect Sensors for Biomolecules. [ Mater. Chem. C 2015, 3 (25), 6445-6470.
https://doi.org/10.1039/C5TC00755K.

127



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

(151)

(152)

(153)

(154)

(155)

(156)

(157)

(158)

(159)

(160)

(161)

(162)

(163)

(164)

(165)

(166)

(167)

(168)

(169)

(170)

(171)

128

Bergveld, P. Thirty Years of ISFETOLOGY: What Happened in the Past 30 Years and What May Happen in the
next 30 Years. Sens. Actuators B Chem. 2003, 88 (1), 1-20. https://doi.org/10.1016/S0925-4005(02)00301-
5.

Liu, Y.; Hedstrém, M.; Chen, D.; Fan, X.; Mattiasson, B. A Capacitive DNA Sensor-Based Test for Simple and
Sensitive Analysis of Antibiotic Resistance in Field Setting. Biosens. Bioelectron. 2015, 64, 255-259.
https://doi.org/10.1016/j.bios.2014.08.084.

Schiitt, ].; Sandoval Bojorquez, D. I.; Avitabile, E.; Oliveros Mata, E. S.; Milyukov, G.; Colditz, ].; Delogu, L. G.;
Rauner, M.; Feldmann, A.; Koristka, S.; Middeke, J. M.; Sockel, K.; Fassbender, J.; Bachmann, M.; Bornhauser,
M.; Cuniberti, G.; Baraban, L. Nanocytometer for Smart Analysis of Peripheral Blood and Acute Myeloid
Leukemia: A Pilot Study. Nano Lett. 2020, 20(9), 6572-6581. https://doi.org/10.1021/acs.nanolett.0c02300.

Lubin, A. A; Plaxco, K. W. Folding-Based Electrochemical Biosensors: The Case for Responsive Nucleic Acid
Architectures. Acc. Chem. Res. 2010, 43 (4), 496-505. https://doi.org/10.1021/ar900165x.

Syu, Y.-C.; Hsu, W.-E,; Lin, C.-T. Review—Field-Effect Transistor Biosensing: Devices and Clinical Applications.
ECS J. Solid State Sci. Technol. 2018, 7(7), Q3196-Q3207. https://doi.org/10.1149/2.0291807jss.

Fujimoto, T.; Awaga, K. Electric-Double-Layer Field-Effect Transistors with lonic Liquids. Phys. Chem. Chem.
Phys. 2013, 15(23), 8983-9006. https://doi.org/10.1039/C3CP50755F.

Du, H.; Lin, X;; Xu, Z.; Chu, D. Electric Double-Layer Transistors: A Review of Recent Progress. /. Mater. Sci.
2015, 50(17),5641-5673. https://doi.org/10.1007 /s10853-015-9121-y.

Park, H.-J; Kim, S. K;; Park, K;; Lyu, H.-K,; Lee, C.-S.; Chung, S. J; Yun, W. S;; Kim, M.; Chung, B. H. An ISFET
Biosensor for the Monitoring of Maltose-Induced Conformational Changes in MBP. FEBS Lett. 2009, 583 (1),
157-162. https://doi.org/10.1016/j.febslet.2008.11.039.

Kim, K. S;; Lee, H.-S;; Yang, J.-A;; Jo, M.-H.; Hahn, S. K. The Fabrication, Characterization and Application of
Aptamer-Functionalized Si-Nanowire FET Biosensors. Nanotechnology 2009, 20 (23), 235501.
https://doi.org/10.1088/0957-4484/20/23/235501.

Kawarada, H.; Ruslinda, A. R. Diamond Electrolyte Solution Gate FETs for DNA and Protein Sensors Using
DNA/RNA Aptamers. Phys. Status Solidi A 2011, 208 9), 2005-2016.
https://doi.org/10.1002/pssa.201100503.

Chang, J.; Zhou, G.; Gao, X.; Mao, S; Cui, S;; Ocola, L. E; Yuan, C.; Chen, ]. Real-Time Detection of Mercury lons
in Water Using a Reduced Graphene Oxide/DNA Field-Effect Transistor with Assistance of a Passivation Layer.
Sens. Bio-Sens. Res. 2015, 5,97-104. https://doi.org/10.1016/j.sbsr.2015.07.009.

Jun, J.; Lee, ]. S.; Shin, D. H.; Jang, ]. Aptamer-Functionalized Hybrid Carbon Nanofiber FET-Type Electrode for
a Highly Sensitive and Selective Platelet-Derived Growth Factor Biosensor. ACS Appl. Mater. Interfaces 2014,
6(16),13859-13865. https://doi.org/10.1021/am5032693.

Hao, Z.; Zhu, Y.; Wang, X; Rotti, P. G.; DiMarco, C.; Tyler, S. R;; Zhao, X,; Engelhardyt, |. F.; Hone, J.; Lin, Q. Real-
Time Monitoring of Insulin Using a Graphene Field-Effect Transistor Aptameric Nanosensor. ACS Appl. Mater.
Interfaces 2017, 9(33), 27504-27511. https://doi.org/10.1021/acsami.7b07684.

Godin, M.; Tabard-Cossa, V.; Miyahara, Y.; Monga, T.; Williams, P. ].; Beaulieu, L. Y.; Bruce Lennox, R.; Grutter,
P. Cantilever-Based Sensing: The Origin of Surface Stress and Optimization Strategies. Nanotechnology 2010,
21(7),075501. https://doi.org/10.1088/0957-4484/21/7/075501.

Lakhin, A. V,; Tarantul, V. Z,; Gening, L. V. Aptamers: Problems, Solutions and Prospects. Acta Naturae 2013, 5
(4), 34-43.

Martin, J. A.; Chavez, ]. L; Chushak, Y.; Chapleau, R. R;; Hagen, ].; Kelley-Loughnane, N. Tunable Stringency
Aptamer Selection and Gold Nanoparticle Assay for Detection of Cortisol. Anal. Bioanal. Chem. 2014, 406 (19),
4637-4647. https://doi.org/10.1007/s00216-014-7883-8.

Lee, M,; Boettiger, D.; Ducheyne, P.; ] Composto, R. Self-Assembled Monolayers of Omega-Functional Silanes:
A Platform for Understanding Cellular Adhesion at the Molecular Level. In Departmental Papers (BE), 2007;
pp 1-16.

Fan, Y, Xie, Y.; Zhao, Z.; Zhao, Y.; Yu, R;; Liu, X;; Lin, Y.; Lin, C. Wettability Read-out Strategy for Aptamer Target
Binding Based on a Recognition/Hydrophobic Bilayer Surface. Chem. Commun. 2020, 56 (46), 6225-6228.
https://doi.org/10.1039/D0CCO1936D.

Zhan, S.; Pan, Y.; Gao, Z. F,; Lou, X,; Xia, F. Biological and Chemical Sensing Applications Based on Special
Wettable Surfaces. TrAC Trends Anal. Chem. 2018, 108, 183-194.
https://doi.org/10.1016/j.trac.2018.09.001.

Maiolo, D.; Federici, S.; Ravellj, L.; Depero, L. E.; Hamad-Schifferli, K.; Bergese, P. Nanomechanics of Surface
DNA Switches Probed by Captive Contact Angle. J Colloid Interface Sci. 2013, 402, 334-3309.
https://doi.org/10.1016/j.jcis.2013.03.069.

Peng, Y.; Li, L.; Mu, X;; Guo, L. Aptamer-Gold Nanoparticle-Based Colorimetric Assay for the Sensitive Detection
of Thrombin. Sens. Actuators B Chem. 2013, 177,818-825. https://doi.org/10.1016/j.snb.2012.12.004.



5.5 References

(172)

(173)

(174)

(175)

(176)

177)
(178)

(179)

(180)
(181)
(182)

(183)

(184)

(185)

(186)

(187)

(188)

(189)

(190)

(191)

(192)

(193)

Liu, J.; Bai, W.; Niu, S.; Zhu, C,; Yang, S.; Chen, A. Highly Sensitive Colorimetric Detection of 173-Estradiol Using
Split DNA Aptamers Immobilized on Unmodified Gold Nanoparticles. Sci Rep. 2014, 4, 7571.
https://doi.org/10.1038/srep07571.

Chen, S.-],; Huang, Y.-F.,; Huang, C.-C,; Lee, K.-H.; Lin, Z.-H.; Chang, H.-T. Colorimetric Determination of Urinary
Adenosine Using Aptamer-Modified Gold Nanoparticles. Biosens. Bioelectron. 2008, 23 (11), 1749-1753.
https://doi.org/10.1016/j.bios.2008.02.008.

Elghanian, R.; Storhoff, ]. ].; Mucic, R. C.; Letsinger, R. L.; Mirkin, C. A. Selective Colorimetric Detection of
Polynucleotides Based on the Distance-Dependent Optical Properties of Gold Nanoparticles. Science 1997,
277(5329),1078-1081. https://doi.org/10.1126/science.277.5329.1078.

Zheng, Y,; Wang, Y.; Yang, X. Aptamer-Based Colorimetric Biosensing of Dopamine Using Unmodified Gold
Nanoparticles. Sens. Actuators B Chem. 2011, 156 (1), 95-99. https://doi.org/10.1016/j.snb.2011.03.077.

Gavifia, P.; Parra, M,; Gil, S.; M. Costero, A. Red or Blue? Gold Nanoparticles in Colorimetric Sensing. In Gold
Nanoparticles - Reaching New Heights; Rahman, M., Mohammed Asiri, A, Eds. IntechOpen, 2019.
https://doi.org/10.5772 /intechopen.80052.

Kypr, J.; Kejnovska, 1.; Renciuk, D.; Vorlickova, M. Circular Dichroism and Conformational Polymorphism of
DNA. Nucleic Acids Res. 2009, 37 (6), 1713-1725. https://doi.org/10.1093 /nar/gkp026.

Rodger, A. Nucleic Acid Circular Dichroism. In Encyclopedia of Biophysics; Roberts, G. C. K., Ed.; Springer:
Berlin, Heidelberg, 2013; pp 1759-1761. https://doi.org/10.1007 /978-3-642-16712-6_632.

Gray, D. M,; Ratliff, R. L; Vaughan, M. R. [19] Circular Dichroism Spectroscopy of DNA. In Methods in
Enzymology; DNA Structures Part A: Synthesis and Physical Analysis of DNA; Academic Press, 1992; Vol. 211,
pp 389-406. https://doi.org/10.1016/0076-6879(92)11021-A.

Mergny, J.-L.; Phan, A.-T.; Lacroix, L. Following G-Quartet Formation by UV-Spectroscopy. FEBS Lett. 1998,
435(1), 74-78. https://doi.org/10.1016/S0014-5793(98)01043-6.

Vorlickova, M.; Kejnovska, .; Sagi, ].; Renciuk, D.; Bednatova, K.; Motlov4, J.; Kypr, J. Circular Dichroism and
Guanine Quadruplexes. Methods 2012, 57 (1), 64-75. https://doi.org/10.1016/j.ymeth.2012.03.011.

Ranjbar, B.; Gill, P. Circular Dichroism Techniques: Biomolecular and Nanostructural Analyses- A Review.
Chem. Biol. Drug Des. 2009, 74 (2), 101-120. https://doi.org/10.1111/j.1747-0285.2009.00847 x.

Kikin, O.; D’Antonio, L.; Bagga, P. S. QGRS Mapper: A Web-Based Server for Predicting G-Quadruplexes in
Nucleotide Sequences. Nucleic Acids Res. 2006, 34 (suppl_2), W676-W682.
https://doi.org/10.1093 /nar/gkl253.

Roxo, C.; Kotkowiak, W.; Pasternak, A. G-Quadruplex-Forming Aptamers—Characteristics, Applications, and
Perspectives. Molecules 2019, 24 (20), 3781. https://doi.org/10.3390/molecules24203781.

McGinely, N. L.; Plumb, J. A.; Wheate, N.]. DNA-Based Aptamer Fails as a Simultaneous Cancer Targeting Agent
and Drug Delivery Vehicle for a Phenanthroline-Based Platinum(Il) Complex. /. /norg. Biochem. 2013, 128,
124-130. https://doi.org/10.1016/j.jinorgbio.2013.07.021.

Chen, N,; Zhy, Y.; Feng, Z.; Wang, Q.; Qin, S.; Quan, K;; Huang, J.; Liu, J; Yang, X.; Wang, K. Selection of Aptamers
for Hydrophobic Drug Docetaxel To Improve Its Solubility. ACS Appl. Bio Mater. 2018, 1 (1), 168-174.
https://doi.org/10.1021/acsabm.8b00073.

Rachwal, P. A; Findlow, 1. S.; Werner, ]. M.; Brown, T.; Fox, K. R. Intramolecular DNA Quadruplexes with
Different Arrangements of Short and Long Loops. Nucleic Acids Res. 2007, 35 (12), 4214-4222.
https://doi.org/10.1093 /nar/gkm316.

Pruessner, J. C; Champagne, F.; Meaney, M. ].; Dagher, A. Dopamine Release in Response to a Psychological
Stress in Humans and Its Relationship to Early Life Maternal Care: A Positron Emission Tomography Study
Using [11C]Raclopride. /. Neurosci. 2004, 24 (11), 2825-2831. https://doi.org/10.1523/JNEUROSCI.3422-
03.2004.

Marinelli, M.; Piazza, P. V. Interaction between Glucocorticoid Hormones, Stress and Psychostimulant Drugs*.
Eur. J. Neurosci. 2002, 16 (3), 387-394. https://doi.org/10.1046/j.1460-9568.2002.02089.x.

Romhildt, L.; Pahlke, C.; Zérgiebel, F.; Braun, H.-G.; Opitz, ]J.; Baraban, L.; Cuniberti, G. Patterned Biochemical
Functionalization Improves Aptamer-Based Detection of Unlabeled Thrombin in a Sandwich Assay. ACS Appl.
Mater. Interfaces 2013, 5(22),12029-12035. https://doi.org/10.1021/am4038245.

Dandy, D. S;; Wu, P.; Grainger, D. W. Array Feature Size Influences Nucleic Acid Surface Capture in DNA
Microarrays.  Proc.  Natl  Acad.  Sci. u s A 2007, 104  (20), 8223-8228.
https://doi.org/10.1073/pnas.0606054104.

Peterson, A. W.; Heaton, R. ].; Georgiadis, R. M. The Effect of Surface Probe Density on DNA Hybridization.
Nucleic Acids Res. 2001, 29 (24), 5163-5168.

Klinghammer, S.; Uhlig, T,; Patrovsky, F.; Béhm, M.; Schiitt, J.; Piitz, N.; Baraban, L.; Eng, L. M.; Cuniberti, G.
Plasmonic Biosensor Based on Vertical Arrays of Gold Nanoantennas. ACS Sens. 2018, 3 (7), 1392-1400.
https://doi.org/10.1021/acssensors.8b00315.

129



5 Label-free detection of salivary cortisol with SINW FET arrays on a portable platform

(194)
(195)
(196)

(197)

(198)
(199)

(200)

(201)

(202)
(203)
(204)

(205)

(206)

(207)

(208)

(209)

130

De Heer, ]. The Principle of Le Chatelier and Braun. /. Chem. FEduc. 1957, 34 (8), 375.
https://doi.org/10.1021/ed034p375.

Hotyst, R.; Poniewierski, A. Thermodynamics for Chemists, Physicists and Engineers; Springer Science &
Business Media, 2012.

Nair, P. R; Alam, M. A. Screening-Limited Response of NanoBiosensors. Nano Lett. 2008, & (5), 1281-1285.
https://doi.org/10.1021/n1072593i.

Zhang, G.-].; Chua, J. H,; Chee, R.-E.; Agarwal, A.; Wong, S. M.; Buddharaju, K. D.; Balasubramanian, N. Highly
Sensitive Measurements of PNA-DNA Hybridization Using Oxide-Etched Silicon Nanowire Biosensors.
Biosens. Bioelectron. 2008, 23 (11),1701-1707. https://doi.org/10.1016 /j.bios.2008.02.006.

Elfstrom, N.; Karlstréom, A. E.; Linnros, J. Silicon Nanoribbons for Electrical Detection of Biomolecules. Nano
Lett. 2008, 8(3), 945-949. https://doi.org/10.1021/n1080094r.

Zheng, G.; Patolsky, F.; Cui, Y.; Wang, W. U,; Lieber, C. M. Multiplexed Electrical Detection of Cancer Markers
with Nanowire Sensor Arrays. Nat. Biotechnol. 2005, 23(10), 1294-1301. https://doi.org/10.1038/nbt1138.

Sheibani, S.; Capua, L.; Kamaei, S.; Akbari, S. S. A.; Zhang, ].; Guerin, H.; lonescu, A. M. Extended Gate Field-
Effect-Transistor for Sensing Cortisol Stress Hormone. Commun. Mater. 2021, 2 (1), 1-10.
https://doi.org/10.1038/s43246-020-00114-x.

Arroyo-Curras, N.; Somerson, J.; Vieira, P. A;; Ploense, K. L.; Kippin, T. E.; Plaxco, K. W. Real-Time Measurement
of Small Molecules Directly in Awake, Ambulatory Animals. Proc. Natl. Acad. Sci. 2017, 114 (4), 645-650.
https://doi.org/10.1073/pnas.1613458114.

Feagin, T. A;; Maganzini, N.; Soh, H. T. Strategies for Creating Structure-Switching Aptamers. ACS Sens. 2018,
3(9),1611-1615. https://doi.org/10.1021 /acssensors.8b00516.

Ruscito, A.; DeRosa, M. C. Small-Molecule Binding Aptamers: Selection Strategies, Characterization, and
Applications. Front. Chem. 2016, 4. https://doi.org/10.3389/fchem.2016.00014.

Baliga, S.; Muglikar, S.; Kale, R. Salivary PH: A Diagnostic Biomarker. /. Indian Soc. Periodontol. 2013, 17 (4),
461-465. https://doi.org/10.4103/0972-124X.118317.

Miller, R.; Stalder, T.; Jarczok, M.; Almeida, D. M.; Badrick, E.; Bartels, M.; Boomsma, D. I.; Coe, C. L.; Dekker, M.
C.].; Donzella, B.; Fischer, J. E.; Gunnar, M. R.; Kumari, M.; Lederbogen, F.; Oldehinkel, A. ].; Power, C.; Rosmalen,
J. G.; Ryff, C. D.; Subramanian, S. V.; Tiemeier, H.; Watamura, S. E.; Kirschbaum, C. The CIRCORT Database:
Reference Ranges and Seasonal Changes in Diurnal Salivary Cortisol Derived from a Meta-Dataset Comprised
of 15 Field Studies. Psychoneuroendocrinology 2016, 73, 16-23.
https://doi.org/10.1016/j.psyneuen.2016.07.201.

Bani-Issa, W.; Radwan, H.; Marzoogq, F. A,; Awar, S. A.; Al-Shujairi, A. M.; Samsudin, A. R,; Khasawneh, W.;

Albluwi, N. <p>Salivary Cortisol, Subjective Stress and Quality of Sleep Among Female Healthcare
Professionals</P>. J Multidiscip. Healthc. 2020, 1.3, 125-140. https://doi.org/10.2147 /JMDH.S229396.

Kobayashi, H.; Miyazaki, Y. Distribution Characteristics of Salivary Cortisol Measurements in a Healthy Young
Male Population. /. Physiol. Anthropol. 2015, 34 (1), 30. https://doi.org/10.1186/s40101-015-0068-0.

Andersson, K,; Areskoug, D.; Hardenborg, E. Exploring Buffer Space for Molecular Interactions. /. Mol
Recognit. JMR 1999, 12 (5), 310-315. https://doi.org/10.1002/(SICI)1099-
1352(199909/10)12:5<310::AID-JMR470>3.0.CO;2-5.

Goode, . A,; Rushworth, J. V. H; Millner, P. A. Biosensor Regeneration: A Review of Common Techniques and
Outcomes. Langmuir2015, 31 (23), 6267-6276. https://doi.org/10.1021/1a503533g.



6 Summary and outlook

6.1 Summary

The previous chapters substantiate the importance of an adequate selection,
linkage, and integration of the individual components of a biosensor. The matching of
receptors to the transducers’ surface is crucial for achieving suitable devices.
Understanding the underlying biorecognition principles at the interface helps to engineer
appropriate sensing systems for the aimed application.

This thesis presents suitable platforms for two applications to fulfill the need for a
sensitive and fast biosensor. On the one hand, a plasmonic device based on vertically
aligned gold nanoantennas tracked the DNA hybridization by means of LSPR. On the other
hand, an electric SiNW-based FET sensor monitored salivary cortisol. Both realize the
label-free detections of biomolecules in real-time measurements.

The goal of developing a point-of-care device unifies both platforms and asks for the
design of relatively compact read-out devices. Further, both arrangements were
combined with microfluidic support that allows continuous reaction monitoring. Finally,
the choice of DNA-based receptors for biorecognition further associates both systems.

However, the investigated biosensing platforms differ mainly in the transducers’
materials, their operation mode, the chosen target, and thus the latter application
purpose. While gold nanoantennas allowed for sensing by means of LSPR to explore
fundamental hybridization mechanisms of complementary DNA on nanostructures,
silicon nanowires were used to monitor the level of the small molecule cortisol in the
saliva of volunteers electrically.

Here, to engineer suitable interfaces for the different applications, the interplay of
the two different nanostructures with DNA-based receptors was evaluated for the goal of
biosensing. So, two different biochemical functionalization strategies are presented
within this thesis to meet each sensor’s requirements. Furthermore, the later
biorecognition with associating target molecules was explored using optical and
electrochemical methods in both approaches.

First, the reliable detection of DNA and its hybridization was demonstrated for gold
surfaces. For this purpose, vertically aligned gold antennas could be fabricated in large
areas hallmarked by defect-poorness, high density, and distinct geometries. Changing the

aspect ratio resulted in varying optical properties; long-axis resonance peaks between
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685 and 851nm could be adjusted. The real-time suitability of the biosensor was
demonstrated via this setup’s continuous recording of the optical spectra with
measurements carried out inside a flow channel at high throughput.

A modification step based on thiol chemistry was applied to gold substrates to
immobilize the receptor DNA. Further investigations concerning the pre-treatment of the
substrates with plasma and backfilling with mercaptohexanol resulted in an enhanced
probe DNA with high availability for complementary DNA hybridization. The
immobilization, blocking, and subsequent (de)hybridization of the oligonucleotide onto
nanoantennas were monitored by means of LSPR in real-time and compared to
conventional SPR. In addition, the performance of the nanostructured sensor was
assessed by varying the lengths (25bp and 100bp) and concentrations of associating
target DNA. Successful surface modification was evidenced by measuring the
fluorescence intensities of DNA samples on the respective substrates. The supplemental
reaction with non-target DNA verified the specific binding between the probe and target
DNA. All binding processes were reversible by the introduction of chemical denaturation
agents. The functionalization with organic molecules caused redshifts in LSPR. Upon
immobilization, a redshift of 1 nm was detected; further backfilling and hybridization led
to a peak shift of 2 and 5 nm for 25 and 100 bp, respectively. The correlation between the
refractive index and the sensing signal was demonstrated by adjusting the RI of ethylene
glycol/water mixtures and tracking the associating spectral positions of the
nanoantennas. Based on these results, it is concluded that the accumulation of probe and
target molecules causes the measured redshifts.

With the advances mentioned earlier, the performance of the plasmonic biosensor
can be quickly coordinated to various applications and targets by simply tailoring the
aspect ratio of diameter to length.

In a second application, the detection of the stress biomarker cortisol in saliva could
be demonstrated using SINW-based FET arrays, which are mounted on a portable
platform. Further, the modular system of the portable platform with plug connections
allows for easy integration of the sensors. The tailored functionalization of the
nanoscopic FET sensor with aptamers enabled a label-free, sensitive, and selective
detection.

First, device characterizations demonstrated the capability of the portable platform

to run multiple FETs simultaneously for sensing purposes. Implemented into microfluidic
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channels, numerous FETs demonstrated a high sensitivity towards surface chemistry
changes by means of measuring pH values. Assessing the pH in real-time served as a
precursor for biosensing.

A covalent attachment strategy of the DNA-based receptors to the nanowires was
chosen to exploit their sensitivities for biosensing purposes. Hence, SiNWs were
functionalized using a TESPSA-based surface modification approach, allowing for a direct
attachment of amino-modified receptor molecules. The successful surface modification
steps were tracked using contact angle measurements and fluorescence microscopy.

For the detection of cortisol, a specific aptamer, which experiences a conformational
change by altering its secondary structure upon binding to the target, was chosen as the
receptor. The interaction of the aptamer with the analyte cortisol was surveyed with a
colorimetric assay based on AuNPS, circular dichroism, and fluorescence microscopy to
prove the functionality of the aptamer after immobilization. The previous methods
indicate that a rearrangement of the intramolecular charges within the DNA backbone
accompanies the conformational change. Furthermore, the process happens close to the
surface of the NWs and thus overcomes the usual Debye screening length limitations.

The performance of the FET in physiological buffers and saliva is demonstrated by
monitoring the salivary cortisol levels in the buffer and saliva. Cortisol levels from four
volunteers ranging from around 0.05 pg/dL up to 0.6 pg/dL (while the average calibrated
dynamic range of the devices represents 0.005-0.3 pg/dL) were evaluated with FETs and
successfully compared to the values obtained with a commercial LIA kit.

The platform provides a potentially powerful tool for detecting various targets, as
there is the possibility for custom-demanded functionalization with antibodies,
aptamers, or any receptor of choice. Further, the modular system envisions a high

potential for the goal of a user-friendly point-of-care device.
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6.2 Perspectives - toward multiplexed biosensing applications

Within this thesis, two conceptions of biosensors were established and successfully
applied by demonstrating the detection of selected analytes in real-time. Although both
sensors showed reliable performances within the detection of their aimed application,
further improvement towards the analysis of multiple parameters shall be considered.

In general, biomarkers and their concentrations echo the biological processes of an
organism. They thus are a sign of normal or abnormal process, of a condition, or the
presence and severity of a diseasel. However, due to the heterogeneous nature of many
diseases, the kind and concentration of biomarkers can vary at different stages of
diseases. Among others, exemplary diseases are multiple sclerosis, Alzheimer’s, and
Parkinson’s, as there is no single specific biomarker for direct diagnosis detected yet, but
different biomarkers are involved2?-5. Furthermore, multiplexed biosensors can be
applied to defining the proteomic state of cellular organisms, which involves the analysis
of thousands of proteins in a single experiment, helping to understand their function, and
how their expression changes in health and disease®8. Consequently, the analysis of a
single biomarker might be insufficient to provide enough information for diagnostics or
to monitor certain diseases’ progress. Therefore, multiplexed biosensing strategies have
become a focal point for developing next-generation sensors®-11.

Two promising levers can be used with the biosensing platforms mentioned above
to accomplish this goal. On the one hand, integrating microfluidics, which permits parallel
delivery and mixing of different solutions, is required101213, On the other hand, spatial
multiplexing involves the individual modification and read-out of each biosensor?10.14.15,

Apart from the multiplexing strategies mentioned above (incl. the creation of
barcodes with microfluidic channels), other methods based on temporal division16-18,
frequency division!?, and particle-based multiplexing?? have been reported. However,
those strategies are disregarded in this thesis as they are barely includable with the here
presented platforms.

The simple application of PDMS microfluidic channel networks within the two
platforms is a promising approach due to its ease of use. Here, simple designs of parallel
channel networks and the incorporation of crossed channels empower multiparameter
analysis10.21-24, Moreover, the use of PDMS is rapid, low-cost, easy, and reduces time in

prototyping and optimizing the designed channel systems?2>.
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Further, the employment of droplet-based microfluidics offers the potential to
achieve high throughput while being simple and robust at the same timeZ2¢. In droplet
microfluidics, each droplet captures one experimental condition so that different reaction
parameters can be adjusted, and multiparameter analysis is inspired27-29, The suitability
to combine this approach with the rapid detection capability of FETs has been
demonstrated by Schiitt et al. in-house, who carried out the enzymatic test for glucose
detection with SINW FETs30.

However, for vertically aligned antennas, the mentioned approaches are rather
tricky to realize as antennas might disturb droplets or require further improvement of
channel designs to prevent leakage. However, multiplexed detection of analytes with
LSPR sensors is documented31-35,

Multiplexing strategies following a spatial division are widely described as this
configuration involves minimal detection interferences and compatibility with most
measurement methods. The first approach of multiplexed electrical biosensors dates
back to 2005 when Zheng et al. detected multiple cancer biomarkers using silicon
nanowires3. In addition, electronic biosensors’ suitability for multiplexed applications
has been demonstrated by detecting multiple biomarkers against Alzheimer’s disease,
sepsis, and other metabolites1437-40,

Even though complete multiparameter analysis with the proposed platforms has
not been fully achieved yet, the first steps were performed to reach this goal. Figure 6-1A
envisions the concept of achieving a multiplexed sensing application with portable SINW
FETs. First, spot patterns for individual modification of single FETs with nanoplotting
devices are created, compared to Figure 6-1B. Then, the beforehand designed spot

patterns were successfully transferred to single FETs (compare Figure 6-1C) with the

help of automatic image recognition software (compare to Figure 6-1D). As proof of

Figure 6-1: Conceptual image of spatially multiplexed SiNW FETs. A) Individually functionalized FETs allow for the
detection of different biomarkers. B) Concept for spot plan to individual modification of FETSs: the used design and
interconnections allow for the detection of eight biomarkers. C) Photography of nanoplotting step whose spot pattern
is automatically recognized with D) the help of image recognition software. E) Nanoplotted spot on a single FET device
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concept, Figure 6-1E shows the modification of a FET with fluorescently labeled aptamer
against cortisol. The operating sensing performance of this FET can be surveyed in Figure
5-11, respectively.

In summary, within the presented methods, FET arrays on a single chip can be
functionalized and evaluated independently at the same time. The mentioned advances
result in a promising indication to detect multiple analytes from a single sample. Further,
harmonizing tailored spotting arrays to existing designs of biosensors provides a very
versatile, suitable toolbox for future scientific investigations as well as for further
engineering of facile PoC sensing setups. They are finding aimed applications not only in

SiNW-based biosensing but also in the greater field of bionanotechnology.
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A Appendix

A.1 Protocols

A.1.1 Functionalization of gold antennas with thiolated DNA

Clean substrates

Microfluidic channel

Functionalization with

thiolated DNA

Backfilling

e Immerse substrates in water, acetone, and
isopropanol under ultrasound, 5min each

e N2 dry

¢ Oxygen plasma treatment of substrates for 2min

e Attach quickly after plasma treatment PDMS
channels (see section A.1.4)

e rest under appropriate pressure for 1h

e Inject via tubing system 1-10uM thiol-modified
DNA, react for at least 16h

¢ Rinse

e Inject 5mM mercaptohexanol solution

¢ React for 30min

e Rinse

A.1.2 Functionalization of SiO; with TESPSA and amino-modified receptors

Clean substrates

TESPSA

Curing

Functionalization with NH2-

receptor

e Immerse substrates in water, acetone, and
isopropanol under ultrasound, 5min each

e N2 dry

e Activation of substrates with oxygen plasma

¢ Place TESPSA aliquot in an open container into a
Petri dish

e Place substrates next to TESPSA, close the Petri
dish

¢ Apply vacuum and infrared light for 4h

e Vent vacuum

e Cure substrates at 120°C for at least 2h

e Add 1-10puM amino-modified receptor in amine-

free buffer (e.g., 1x PBS) dropwise
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¢ OR: Place prepared samples in nanoplotter and
imprint receptors according to the spot plan
e Incubate for 1h

e Rinse with PBS

A.1.3 Functionalization with APTES and carboxyl-modified receptors

Clean substrates

Preparation APTES

Curing
Preparation of COOH-

containing receptor

e See A1.2

e 2 % silane solution in 95:5 (vol/vol) absolute
ethanol/water mixture

e hydrolysis for 10 min

e sample immersion for 0.5h

e rinse in absolute ethanol (3 x)

e N2 dry

e incubation in an oven at 120°C for 20 min

e Prepare 0.1M NHS in DMSO & 0.4M EDC-HCl in dI
water

e Mix 10 mM receptor with carboxyl group with 0.4 M
EDC and 0.1 M NHS in a ratio 1:1:1

¢ Incubate for 30 min to activate the carboxyl group

¢ add activated solution to APTES- modified surface
and incubate for 60 min

e rinse with buffer

A.1.4 Preparation of microfluidic channels via soft lithography

Pre-polymer mixing

Casting

Curing

Mold disassembly

ii

e Mix PDMS- base and curing agent 10:1 (by weight)

¢ Degas under vacuum until no more air bubbles are
visible

¢ Pour gas-free mixture onto a master structure

¢ Put a metal frame around the structure to prevent
leakage and

¢ *insert tubing into liquid PDMS (for LSPR sensing)

e At 70°C (for at least 5h)

¢ Peel cured PDMS carefully from a master structure
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Attach to LSPR sensors

Attach to FET sensors

e cut into proper geometry using a scalpel

¢ *punch channel in- and outlets using a biopsy needle
(for FET sensing)

e Activation of PDMS and substrate in oxygen plasma
for 5 seconds

e Align channel geometry over the associating sensing
structures

e Press the two surfaces together (to form covalent Si-
O-Si bonds)

¢ Align channel geometry over the associating sensing

structures

iii
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A.2 Predicted secondary structures

The secondary structures of complementary targets and formed duplexes were
predicted with web-based algorithms "AllSub" (targets) and "bifold"(duplex)!. The
algorithms were also executed for probes and shorter targets but showed no possible

intramolecular base pairs within the 25bp probe or the 25bp target.

A.2.1 Secondary structures of 100base pair target without probe-strands

Structure 1

100

40

ENERGY = -28.7 100bp target

Structure 2

100

ENERGY = -28.7 100bp target

o
-

! Jessica S. Reuter and David H. Mathews, ‘RNAstructure: Software for RNA Secondary Structure Prediction and Analysis’,
BMC Bioinformatics, 11.1 (2010), 129 <https://doi.org/10.1186/1471-2105-11-129>.

iv



A Appendix

Structure 3
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Structure 6
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Structure 8
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Structure 11
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Structure 13
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A.2.2 Secondary structures of 100base pair target with 25 base pair probe-strand
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Structure 5

g BG
o .
%ﬁgﬁm -
© m g '@\@E o

B

uw\fﬂ)( u EEHHEEOODOHS uour—-
%" hhhhh a-&@

@\07@)

ENERGY = -86.1 probe_ 100bp target

Structure 6

B %) i %fg/@\

{OHOr (@ CRERE) M
0ARNS0RENSNNRIRINNIRINNNI
%\@@

ENERGY = -86.0 probe_ 100bp target

Structure 7

g&f\wﬁw @f@@ Af;l?f@ e /
: @%1% ARARAAARNDRNARARARNRAANR)
e

ENERGY = —-85.8 probe_ 100bp target

Structure 8

)
DGR OE OO OHEHUHUHU-ED
%@_‘“ ~ /\é‘é\ C\Il:/"‘\ e (../ m\fffT\fm
@ @

ENERGY = -85.7 probe_ 100bp target

xi



A Appendix

Structure 9

&) _

) ZAORTIN

S PBG.g,

S4C2T A A -
@ O ‘, /\ﬁJ\
B——
C&(/ f 9 i UHOHUHSHE) [GRC) \u uu&; EBHEHOHU (.')U/\U HE)
O u ‘

— & uw @@ uuauaum muuw/«:-cuy@(u B

‘o @/J

c

ENERGY = -85.4 probe_ 100bp target

Structure 10

Structure 11

% @

—© )@J\

UHOHHE ?L?)i HOHEHOHOHE BHEHUHU; UHEHD)
@'l@ m SRR RASRNNSENARRRNN SRR ANS)

ENERGY = -85.1 probe_ 100bp target

Xii



A Appendix

Structure 12
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Structure 15
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