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I 

Kurzfassung 

In zahlreichen lebenswichtigen Bereichen haben sich Biosensoren als 

unverzichtbare Messgeräte erwiesen. Der Nachweis von spezifischen Molekülen im 

Körper für eine frühzeitige Krankheitserkennung erfordert empfindliche und 

zuverlässige Messmethoden. Ein rasantes Fortschreiten im Bereich der Nanotechnologie 

führt dabei zur Entwicklung von Materialien mit neuen Eigenschaften, und damit 

verbunden, auch zu innovativen Anwendungsmöglichkeiten im Bereich der Biosensorik. 

Das Zusammenspiel von Nanotechnologie und Sensortechnik ermöglicht die Entwicklung 

von Sensoren mit empfindlicheren Nachweisgrenzen und kürzeren Reaktionszeiten. Die 

Möglichkeiten zur Integration und Miniaturisierung stellen einen erfolgreichen Einsatz 

in direkter Patientennähe in Aussicht, sodass Nanobiosensoren die Brücke zwischen 

Laborddiagnostik und Standardanwendungen schließen können. 

Die folgende Arbeit widmet sich der Anwendung von nanostrukturierten 

Biosensoren für 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 ermöglichen. Dies erfordert zunächst die 

sorgfältige Funktionalisierung von Sensoroberflächen mit geeigneten DNA-basierten 

Rezeptoren. Infolgedessen werden beispielhaft verschiedene Sensorsysteme, Analyten 

und Charakterisierungsmethoden vorgestellt und universelle Strategien für die 

erfolgreiche Konfiguration von Nanobiosensorplattformen präsentiert. 

Das erste Anwendungsbeispiel widmet sich einem plasmonischen Biosensor, bei 

dem vertikal ausgerichtete Gold-Nanoantennen Signale mittels sog. lokalisierter 

Oberflächenplasmonenresonanz (LSPR) erzeugen. Mit dem Sensor konnte erfolgreich die 

Immobilisierung, das nachträgliche Blocken sowie die anschließende Hybridisierung von 

DNA nachgewiesen werden. Mithilfe des LSPR-Sensors wurden gleichzeitig 

grundlegende Hybridisierungsmechanismen auf nanostrukturierten und planaren 

Oberflächen 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 
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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-Länge ermöglicht 

wird. Die erfolgreiche Strategie zur Oberflächenfunktionalisierung im Zusammenspiel 

mit dem Einsatz von SiNW FETs auf einem tragbaren Messgerät wurde anhand eines 

Cortisolnachweises im Speichel belegt. Ein übereinstimmender 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 Leistungsfähigkeit der Systeme für einen 

kontinuierlichen Nachweis von Biomarkern in Echtzeit und vorzugsweise in 

Patientennähe. 
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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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Abbreviations and symbols 

AAO Anodized aluminum oxide 

APTES  3-aminopropyltriethoxysilane  

AuNP  Gold nanoparticle  

BSA  Bovine serum albumin  

CA Contact angle 

CBB Cortisol binding buffer 

CD Circular dichroism 

CRP C-Reactive protein 

D Drain 

DMSO Dimethyl sulfoxide 

DNA  Deoxyribonucleic acid  

EDC  N-(3-dimethylaminopropyl)-N′-ethylcarbodiimide  

ELISA Enzyme-linked immunosorbent assay 

EtOH Ethanol 

FAM  6-FAM™ Dye Phosphoramidite  

FET  Field effect transistor 

FI Fluorescence intensity  

FITC Fluorescein isothiocyanate  

G Gate 

HB Hybridization buffer 

HC Honeycomb shaped 

HCl Hydrochloric acid 

HEPES hydroxyethyl piperazineethanesulfonic acid 

LIA Luminescence Immunoassay  

(L)SPR  (Localized) surface plasmon resonance 

MCH Mercaptohexanol 

MCU Microcontroller unit 

MeOH  Methanol 

MOSFET  Metal-oxide semiconductor field effect transistor  

MUX Multiplexing 

NaOH Sodium hydroxide 

NHS  N-hydroxysuccinimide  

NW Nanowire 
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PBS  Phosphate buffered saline  

PCB Printed circuit board 

PDMS  Polydimethylsiloxane 

POC Point-of-care 

RE Reference electrode 

RI Refractive index 

RNA Ribonucleic acid 

RT Room temperature 

S Source 

SAM  Self assembles monolayer 

SiNW  Silicon nanowire  

Std Standard 

TESPSA  3-(triethoxysilyl)propylsuccinic anhydride 

TRIS Tris(hydroxymethyl)aminomethane  

 

λD Debye length (m) 

Ioff  Off-current (A) 

Ion  On-current (A) 

IDS Source-drain current (A)  

VG Gate voltage (V)  

VSD Source-drain voltage (V) 

VT Threshold voltage (V)  
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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 compounds1,2. 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 

signal4. 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 

pesticides5,6.  The development of biosensors dates back to 1956 when Leland C. Clark 

invented the first working electrode for oxygen detection7. 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 systems8. 

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 
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chain reaction (PCR), or gas chromatography-mass spectrometry (GC-MS). All the 

methods must be performed in dedicated, central laboratories by trained personnel9.  

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 197910, and Manz et 

al. published a theoretical article about miniaturized total chemical analysis systems 

(µTAS)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 vivo12. 

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 systems13,14. 

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.  
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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 (FETs). 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 applications19.  

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 tools20. 

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 transduction21. 

The use of antibodies as a capture probe is widely used as they exhibit high binding 

affinities and specificity towards their target22,23. 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 199024,25. 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 antibodies26. Aptamers can be 

engineered against various targets ranging from individual ions via small organics to 

large proteins27. Once developed, the straightforward synthesis of aptamers with the 
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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 system28,29. 

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 SiNWs 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."1 

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 general2,3. 

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 cells4, 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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processes are mostly concentration-dependent, so the produced output is proportional 

to the amount of analyte–bioreceptor interactions5. 

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 both6–8. 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 

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 1 and modified. 
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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 

properties9 as they can differ significantly from those of a bulk material10. 

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 feasible11. 

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 

substrates9,12–14. Herein, only the main basics of both fabrication concepts are introduced; 

for a detailed overview, the reader is referred to the literature described elsewhere15–18. 

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 μm2.  

https://www.sciencedirect.com/topics/earth-and-planetary-sciences/ion-beam
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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 production13,19. 

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 fitting22,23. The recognition develops an equilibrium of the 

reaction that can be described schematically by  

analyte +  receptor 
KA

⇄
KD

 analyte −  receptor complex (2.1) 

and evaluated with the help of the association and dissociation reaction constants 

KA and KD, respectively. The values provide information about the binding stability in 

which KA typically scales between 107 l/mol and 108 l/mol, while KD levels are between 

https://www.sciencedirect.com/topics/chemistry/aluminium-oxide
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10–5 l/mol (high affinity) and 103 l/mol (low affinity)24. 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 cells4. 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 

studies13,19,25–27. 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 DNA31 or as a specific receptor for biochemical/chemical species - as 

an aptamer8,32. 

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-HCl, as well 

as by heating until the DNA folding is disturbed and subsequent cooling33–35. 
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2.3.2 Aptamers 

In 1990, a new class of artificial receptor molecules based on short oligonucleotide 

sequences was described36 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 target37. In addition, cations such as sodium or 

magnesium enhance the stability of the aptamer-target complex further32,38,39. Aptamers 

work for various targets such as ions, small chemical molecules, proteins, viruses, and 

cells40,41,43–47. Aptamer development is also possible against toxins that cannot be realized 

with antibodies as they do not elicit an immune response48,49.  

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 

selected50,51. 

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 

molecule26. 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 (λD). 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 biosensing52. 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 ligands53. 

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 substrate54–56. Several reviews summarize and highlight 

different strategies concerning their applications to shed light on strategies57–59.  

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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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)"60. 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 

adsorption61,62. 

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)n, 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. 
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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 pattern63,64. 

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, 

in real-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 nowadays2,65.  

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, 

a refractive index variation, or light scattering, respectively2,64,66. 

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 SPR is a physical phenomenon observed in the early 20th century by R. W. Wood 

and Lord Rayleigh67–69. 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 

matter2,70–73. 

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 

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.  

https://www.sciencedirect.com/topics/earth-and-planetary-sciences/luminous-intensity
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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 spectrum77. 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 

distance27,79,80.  

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 surface81–84. 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 regions85,86. Common materials used for LSPR applications are noble metals, 

refractory (high temperature stable) metals, transition metal nitrides, conductive oxides, 

and compositions thereof87,88. 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 index8,70. 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 miniaturization77,89. 

Furthermore, the possibility to group the advantages of enhanced electromagnetic fields 

of plasmonics with microfluidic channels allows not only for the manufacturing of 

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-III) 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 (FETs) 

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)90. 

Depending on the signal's cause, electric sensors can be grouped into 

amperometric/voltammetric, potentiometric, conductometric, impedance biosensors, 

and field-effect transistors, respectively91. 

This research performed the biodetection of analytes with silicon nanowire field-

effect transistors (SiNW FETs). 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 electrodes92–94.  

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 (VG) 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 literature95–98. 

The associating IV- relations of a MOSFET using transfer characteristics (IDS versus 

VGS) and output characteristics (IDS versus VDS) 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 VGS allows the MOSFET to work in different operation modes 

visible in both IV-characteristics. In the cut-off region (red background in Figure 2-5B/C) 

the MOSFET is off or considered an open-circuit device. Until VGS exceeds the value of the 

threshold voltage VT (VGS<VT), there will be no current ISD. However, in the ohmic or 

linear region (yellow background in Figure 2-5B/C), the MOSFET operates similarly to a 

resistor: IDS increases proportionally to VDS (with VGS>VT and VDS<VP). A further rise of 

VSD above the pinch-off voltage (VP) results in a plateauing of ISD  as the inversion layer 

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 VG 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. VG can control the current 

ISD of this channel. B) Relating transfer characteristics (ISD vs. VG) of MOSFET plotted in linear (black) and semi-

logarithmic (blue) scale. In the ohmic region, ISD 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 ISD = 0 is 

frequently defined as VT. In the cut-off region, ISD correlates exponentially to VG. The inverse slope of the semi-

logarithmic plot is called the subthreshold slope, SS. C) Output characteristics (ISD vs. VSD ) 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 = VGS–VT defines. Further, the saturation region (grey background in Figure 

2-5C), VGS>VT, and VDS>VP are hallmarked by constant ISD values.  

The threshold voltage VT is defined as the voltage at which the surface inversion 

layer just forms. VT 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 ISD = 0 is 

commonly defined as VT 99, 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 VT 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  Ion-sensitive field-effect transistor - ISFET 

Bergveld et al. discovered in 1970 that MOSFETs in direct contact with a liquid 

solution are sensitive toward ions, i.e., sodium cations, and thus appropriate candidates 

for pH sensors, too102. 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 

Figure 2-6: Schematic cross-section of A) MOSFET and B) ISFET device. VG abbreviates gate voltage, whereas VSD 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). 



2 Fundamentals 

24 

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 ISFETs relies on the properties of the electrolyte/insulator interface. Apart 

from Si/SiO2 interfaces, other inorganic materials such as Al2O3, Si3N4, HfO2, and Ta2O 

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 properties116. 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 

biomolecules117. 

2.5.1.2 NanoFETs 

Implementation of nanomaterials to biosensing platforms further boosts their 

potential for applications as chemical and biological sensing devices118–120 as 

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 counterparts13,121,122.  

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 material94,110,123,124. 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 act locally as an (additional) liquid 

gate that leads to a subsequent change of surface potentials, forming the basis of target 

detection with FET125,126. 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 FETs 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 disqualify104. 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 C6 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 GAA TAA 

GGT CTC G 

C6- SH  

cDNA 25 CGA GAC CTT ATT CCG CAG 

AGC CTA T 

  

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 

CAG AGC CTA T 

  

control ATG CGT ACG TGT TGG AGG 

ACG TAA C 

  

DNA_Thio_FAM CGA GAC CTT ATT CCG CAG 

AGC CTA T 

C6- SH FAM 
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All DNA strands were purchased from Biomers.net (Ulm, Germany). Aliquots with 

a concentration of 100 µM 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 Na2EDTA Sigma Aldrich 

Sodium hydroxide NaOH Grüssing GmbH 

Hydrochloric acid HCl Sigma Aldrich 

Chloroauric acid HAuCl4 Chempur 

Sodium thiosulfate Na2S2O3 Sigma Aldrich 

Sodium sulfite Na2SO3 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 elsewhere1. 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 HAuCl4, 0.42 M Na2SO3, and 0.42 M Na2S2O3. Finally, 

an etching step with 0.03 M NaOH enables the complete removal of the AAO matrix and 
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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 µM of probe 

DNA in immobilization buffer (IB), which is 100 mM potassium phosphate supplemented 

with 10 mM MgCl2. 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 MgCl2 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 µM, and hybridization experiments were all carried 

out at a constant flow rate of 10 µl/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 (cDNA25,) as well as a 100 bp long partially 
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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 EGNAS2.  

Between hybridization with different targets, the surface was regenerated by 

rinsing the substrates thoroughly with 500 µl of the following solutions: H20, 0.1 M 

Na2EDTA, H2O, 0.1 M NaOH, H2O, and hybridization buffer. 

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. 



3.1 Plasmonic biosensors based on vertically aligned gold nanoantennas 

37 

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, Ø=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 background4. Consequently, to prevent misinterpretation of 

signals caused by the bulk solutions, the RI of each buffer has been measured with an 

http://diagnostics.tecan.com/handler.asp?ID=1812
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ABBE refractometer. At a wavelength of λ=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 performance5. 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 adsorption6. 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 µM 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 

previously7. For a secure assembly, sensors and substrates were treated with O2 plasma 

(SPI SUPPLY PREP2; 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 Θ 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 µl/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 µl/min and 25°C. 

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

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.9, 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_

amino 

GGAATGGATCCACATCCATGGATGGGCAATGCGG

GGTGGAGAATGGTTGCCGCACTTCGGCTTCACTG

CAGACTTGACGAAGCTT 

C6 –NH2  

Cortisol_

CY3 

GGAATGGATCCACATCCATGGATGGGCAATGCGG

GGTGGAGAATGGTTGCCGCACTTCGGCTTCACTG

CAGACTTGACGAAGCTT 

CY3  

Estradiol

_amino 

GCTTCCAGCTTATTGAATTACACGCAGAGGGTAG

CGGCTCTGCGCATTCAATTGCTGCGCGCTGAAGCG

C GGAAGC 

C6- NH2  

Estradiol

_green 

GCTTCCAGCTTATTGAATTACACGCAGAGGGTAG

CGGCTCTGCGCATTCAATTGCTGCGCGCTGAAGCG

C GGAAGC 

Rhodamin 

Green- X 

 

All DNA strands were purchased from Biomers.net (Ulm, Germany). Aliquots with 

a concentration of 100 µM 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 

carbodiimide hydrochloride 

EDC  Sigma Aldrich 

N-hydroxysuccinimide NHS Sigma Aldrich 

Phosphate buffered saline  PBS VWR 

Sodium chloride NaCl Chemical department 

TU Dresden 

Hydrocortisone 3-(O-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 KHPO42 Carl Roth 

Sodium hydroxide NaOH  

Hydrochloric acid HCl Sigma Aldrich 

Polydimethylsiloxane  

(Sylgard 184) 

PDMS Dow Corning 

Steroids: β-Estradiol 

Progesterone 

Testosterone 

Cortisone 

Dehydroepiandrosterone 

Melatonin  

Cortisol 

 

 

 

 

DHEA 

 

All Sigma Aldrich, 

Donated by Prof. 

Kirschbaum, 

Biopyschology,  

TU Dresden 

Methanol MeOH VWR 

Ethanol, absolute ≥ 99.8% EtOH VWR 

Cortisol Saliva Luminescence Immunoassay LIA IBL International 

Cortisol Standards (all in µg/dl):  

0;  

0.015; 

0.03;  

0.10;  

0.40;  

1.00;  

3.20  

in PB incl. 0.1%BSA and 0.1%ProClin 

 

Std A  

B 

C 

D 

E 

F 

G 

 

IBL International 

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 FETs) 

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 μm 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 HB05, Karlsfeld, Germany). Bonds between 

substrates and gold wires (25 µm 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 µM Amino-modified DNA strands in 1xPBS, 

supplied with 5 mM MgCl2, 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.  

 

Figure 3-3: Simple two-step biomodification steps of SiNW FETs for biosensing purposes. A) O2 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 SiNW 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 µl were dispensed onto 

substrates with a flow rate of 1 µl/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 MgCl2 and left overnight on a platform 

shaker (Heidolph Duomax 1030, Schwabach, Germany) at 5rpm 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 

MgCl2 at pH 7.4. 

Next, 10 µl of freshly prepared target solutions with analyte concentrations ranging 

from 0 to 10 µM were incubated with 80 µl of AuNPs solutions for 20 min. After adding 

13 µl 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 µM (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 (E650/E520) 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 µM in 1x PBS and incubated 

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

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-(O-carboxymethyl) oxime (3-CMO) in 

DMSO with 0.1 M NHS in DMSO and aqueous 0.4 M EDC-HCl 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 ImageJ 

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 (VSD) from -2 V to +2 V at different gate 

voltages (VG) ranging from -2 to +5 V. In contrast, transfer characteristics were collected 

by sweeping VG from 0 V to 2 Vat a fixed VSD 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 µl/min, adjusted with a syringe pump (PHD 22/2000, Harvard apparatus, Holliston, 

USA).  

For all measurements, a continuous gate sweeping mode16 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 VG value is 

measured for 45 ms. Meanwhile, source-drain currents ISD are fixed to +0.1 V of each FET. 

Recording whole FET characteristics throughout all experiments enables a later 

extraction of threshold voltage VT at a selected current.  

Threshold voltages VT were extracted from VG-ISD curves in the steepest region of 

their transfer characteristics and displayed over time. Unless otherwise stated, threshold 

voltages were typically derived at ISD values at 10-8 A. The emerging shifts ΔVT 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 µg/dl up to 3.2 µg/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 µl 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 ΔVTH 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 1 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 applications3–6. 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 fields7. 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 spectrophotometer1,8, an equipped smartphone9,10, 

or even simply by naked-eye readout11,12. Furthermore, LSPR sensors –compared to SPR 

sensors- show a higher surface sensitivity, whereas the sensitivity to bulk refractive index 

is lower13. Thus, measurements are expected to be more stable and less susceptible to 

environmental fluctuations14.  

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 sensors15. 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 favored16. Unlike colloidal 

nanoparticles, nanostructured patterns and nano-arrays are typically arranged in 
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ordered, periodic geometries on solid substrates17. 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-arrays18. 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 shapes16. 

Production strategies based on chemical synthesizes of individual nanoparticles usually 

lack uniformity and consistency19,20. In contrast, low-cost fabrication methods based on 

nano-sphere lithography suffer from unavoidable defects over a large scope, which will 

limit their practical use21. 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 areas24,25. 

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 solution26,27. 

The process of anodic oxidation of aluminum films has been known and used industrially 

since the beginning of the previous century28. 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 supported39–42. 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 

molecules43,44 over proteins and enzymes45–47 to whole bacteria8, viruses48, and cells49,50. 

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 mismatches51. Up to now, LSPR sensors, 

including nanostructured arrays, are capable of fulfilling these demands and can screen 

the adsorption kinetics of nucleic acid strands quantitatively52–54.  

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 surface55,56. 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 fabrication57. Furthermore, 

microfluidics help to improve biodetection performance by guaranteeing efficient sample 

delivery, reducing the analyte consumption, and permitting high-throughput and 

multiplexed analyses58. 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 devices48,59,60.  
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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/µl 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 length37. 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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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. 

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. J. Schütt] 
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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.61. 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 biosensing62.  

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 gold44,49,63–65. 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. A homogenous layer of probe- DNA built up on nanostructured surfaces during 



4.2 Biosensing with vertically aligned gold nanoantennas 

59 

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 effects66. 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 

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 Δλ=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  

< r² >= 6D ∗ τ (4.1) 

have to be made. In equation 4.1, the diffusion coefficient D is defined with 120x10-8cm2/s 

for a 25 bp ssDNA67, and the maximum pathway equals r=2 mm in the given channel 

geometry. As a result, the diffusion time τ is calculated to be around τ=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 biomolecules68. Nevertheless, the observed kinetics agree within the same 

magnitudes as previously published experimental results69,70. For example, Rapisarda et 

al.52 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 advantageous71. Several approaches for 

the diminishment of non-specific adsorption, including advantages and drawbacks, have 

been reviewed recently72, 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 surface69, 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 up22,73,74 (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 rates75,76. 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 isotherms77,78. 

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 

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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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 

Δλ= (1.33±0.08) nm at c(cDNA25)=1 µM (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 

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 1µM, 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] 
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strands that in turn causes the breaking of the hydrogen bonds between the two 

strands79. 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 Δλ= (1.58±0.06) nm at 1 µM. 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 kinetics80,81; 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 

ligands83,84.  

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 position85,86. 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 87. When a probe strand is tethered 

to the surface, only the target strand can move or reorient in the system85. 

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 duplexes88,89. 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.90 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 

capacity91. 

The secondary structures of targets and duplexes were predicted with web-based 

algorithms "AllSub" (targets) and "bifold" (duplex structures)92. 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 end93.  

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 pair94, 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 C6-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, 85,90 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 response95.  

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 Δλ~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 Δλ=5.6 nm. Still, the fitted 

data of the Langmuir isotherm deviates slightly from the measured data. The simple and 



4 Plasmonic DNA biosensor based on vertical arrays of gold nanoantennas 

68 

widely used Langmuir isotherm is a model system whose assumptions exist barely in real 

systems96, as surface effects like heterogeneous immobilization or cross-linking of the 

ligands, mass transfer, and re-association of the analytes affect the interaction 

kinetics97,98.  

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 µM 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 interactions99,100. In general, high-affinity 

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. 
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reactions are regulated by their low dissociation rates kD and low equilibrium constant 

rates101. Equation (1) below describes not only the mathematical background for time tΘ 

to reach equilibrium but also emphasizes the dependence on association rate ka and 

concentration of analyte c:  

tΘ = −ln (1−Θ)

kaC+kd
  

(4.2) 

The more enduring the receptor-target complex, characterized by low kD values, the 

longer the incubation time will be incubation time tΘ to achieve the desired percentage Θ 

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 

transfer97,102. 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 rate66,102 or reducing possible binding sites 

by lowering the concentration of immobilized receptors105.  

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 µM 

and 2.5 µM surface coverages close to 2.29x1013 and 3.09x1013 molecules/cm² at the 

planar gold surface are measured. On the other hand, equally concentrated receptors on 

nanoantenna substrates reduced surface coverages of 1.09x1013/cm² and 

0.39x1013/cm², respectively. For comparison, experimentally determined surface 

coverages of 2.0x1013 up to 6.9x1013 molecules/cm2 are achieved on planar 

surfaces65,70,106. 

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

different concentrations. 

Sample Surface density (x1013 molecules/cm2) 

Planar   5.0 µM 
               2.5 µM  

2.29 
3.09 

Rods     5.0 µM 
              2.5µM 

1.09 
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 mm² large sensor equals an accessible surface area of 0.36x1012 nm², 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 MgCl2 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 DNA69.  

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 µM cDNA is about 

5.66*1012 molecules/cm2, 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 

of a 1 µM 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 

µM 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, 1µM resulted in a yield of 24.7%.  

Table 4-2: Time and concentration-dependent hybridization efficiency of target DNA. Prior to hybridization, a 5 µM 

receptor was immobilized on each sample. 

Investigated parameter Sample Hybridization density 
(x1012 molecules/cm²) 

Yield (%) 

Structure  planar 
nanoantenna 

5.66 
4.26 

24.7 
39.1 

Time  
 

30 min 
1 h 
4 h 

2.92 
2.93 
5.66 

12.8 
12.8 
24.7 

Concentration  
of cDNA 
 

500 nM 
100 nM 
10    nM 

7.12 
4.34 
2.58 

31.1 
18.9 
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 hindrances70,107,111.  

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 media4,112. 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.  

A linear fit of the data showed an RI sensitivity of (102.5 ± 6.6) nm/RIU. The change 

in the LSPR-peak dependence on RI change is a good measure of the nanostructure 

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 shape113,114 and aspect ratio115–117, the sensitivity differs, 

with nonspheroidal particles being more sensitive. However, nanostructures attached to 

substrates exhibit lower sensitivity than their dispersed counterparts118. Nevertheless, 

LSPR sensors in a measurement configuration with a relatively low measurement 

sensitivity are capable of detecting bio reactions quantitatively52,119. 

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 a local 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 measurements121–123 or even cause desorption of thiolated 

probes124. 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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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 attraction125. 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 groups111. 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.  

  

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 µM DNA for 1 h.  
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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 cm²) 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 

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 FETs). 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 SiNW 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 SiNW 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 balance2–4 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 

years4,5. 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 dimensions6–9. 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.)10,14–17. 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 Task23. 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 blood30,31. 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 µg/dl and 1 µg/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 immunoassays51–55, or optical sensors56,57. 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.58 

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 

sensors58. 

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 processing59. 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 nanowire60. As the binding effects occur directly at the surface, nanoscaled FETs are 

particularly promising biosensors due to their enhanced sensitivity to the device60–62. 

Concisely, nanoscaled FETs can reliably detect various biomolecules ranging from small 

molecules, e.g., dopamine or serotonine63–65, over proteins66,67, DNA68,69, viruses70,71, up 

to whole cells72,73. 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 biofluids65,77–80. 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 molecules65, 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 analytes81. Therefore, sensors 

have to operate selectively, sensitively, and in appropriate dynamic ranges in complex 

environment82,83, 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 µm² 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 

FETs. For transfer characteristics (compared to Figure 5-2A), a fixed source-drain voltage 

(VSD) of 0.1 V was applied while gate voltage VG 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 VG 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 

conditions85,86. 

Figure 5-2: Electrical characterization of native SiNW FETs. A) Transfer characteristics of SiNW FETs with VSD 0.1 V 

under ambient (black line) and liquid (blue line) surroundings. B) Output characteristics of SINW FET.  
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In contrast, to obtain output characteristics (OC) of the devices, VSD 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 ~105 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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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 5-1A, 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 inversion89. 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 FETs59,90,91. 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 voltage92. 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 radius93,94. 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 VT from transfer 

or IV- characteristics are reported in literature95,96. 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 VT. For all FET sensing 

experiments performed in this research, the threshold voltage is monitored, and signal 

changes are expressed as changes in VT. 

During all measurements, FET devices operated in a constant sweeping setup, in 

which VG strobes continuously between two values. The associating currents ISD were 

recorded and thus allowed for a complete record of complete IV- characteristics of all FET 

at any time, facilitating a later extraction of VT 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 signals97. Here, the fast alteration of physical properties, such as 

phase or ion constitution, can induce significant changes in offset currents74. Therefore, 

measuring as much information as possible on FET characteristics during an experiment 

is essential97.  

FET devices connected to the portable platform function in a dual-gate mode: the 

gate voltage VG 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 susceptibility98–101. 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 by97. 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 λD is given with 

λD = √
ε ⋅ ε0 ⋅ kB ⋅ T

e2 ⋅ c0
 

(5.1) 

where ε, ε0, kB, 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 c0. 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 λD 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 dilution102,108. Based on equation (5.1), one can calculate that 

under physiological conditions for 1xPBS λD 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 nm109, whereas most viruses possess a 

size between 20 nm and 200 nm, although some viruses can exceed 1000 nm in length110. 

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 lowered111–113. 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 assay114–116. 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 detected117–120. 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 surfaces121,122 since the value of λD increases 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 layers126–128, or hydrogels129,130 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 surface65,74,134,135.  

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 kinetics136. 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 

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 significantly138.  

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.  

Figure 5-6: Sensing pH with SiNW 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 VT 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. 
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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 VG values – tantamount 

to increasing values of the threshold voltage VT 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 VT 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 

FETs; 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 105. 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. 

𝑀𝐻2
+ ⇌ M − OH + 𝐻+  

𝑀 − OH ⇌ M − 𝑂− + 𝐻+  

(5.2) 

(5.3) 
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The first reaction produces positively charged surfaces, whereas the second 

produces negatively charged ones. The Nernst equation 

E = E0 +
RT

zF
∗ ln (

c(ox)

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 (ψD) as 

Δψ = −2.3α
RT

F
ΔpH (5.6) 

where α represents the dimensionless parameter, dependent on the buffer and gate 

dielectric capacitance, with α 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 α depends on the oxide surface's intrinsic buffer 

capacity. For SiO2, 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 Al2O3139,142,143, modifying the geometry144, implementing counter-ions145, or 

coating with graphene146 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 limit99,147.  

All FETs operate stably throughout numerous measurements, highlighting their 

suitability for long time performance. In the presented work, changes of VG upon 

experimental progress are presented in terms of subthreshold voltage shifts ΔVT at 

selected current ISD, which in turn were within levels in the subthreshold regime as this 

provides the highest sensitivities93. 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 

parameters98,148.  
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5.3  Detection of biomolecules with SiNW FETs 

5.3.1 General considerations for biodetection with FETs 

FETs 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 anions145,149,150. 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 charges65,151, as an impedance-

based change due to the appearing biomolecule at the interface152,153, or as a signal 

generated by a reporter molecule interrogating with the electric field154. 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 molecules59,108,155. 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 signal65,158.  

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 constant65. However, aptamer dissociation constants KD 

determined in a solution can differ from those collected when aptamers are immobilized on 

FET surfaces; even KD 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 FET159,160. 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 KD values- a partial target capture is 

detectable, yet132. 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 aptamer65,164. 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 

immunogenicity165.  

The detection of cortisol with FETs asks for specific aptamers whose sequence was 

published previously by Martin et al.166 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. 



5.3 Detection of biomolecules with SiNW FETs 

105 

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 surface167. 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 

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 µg/dl. Figure 5 7E/I show the results for incubation of FETs with the highest 

concentration of 3.2 µg/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 µg/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 µg/dl and further up to 29.5° when 0.1 µg/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. In contrast, 

the reshuffle of charges inside the DNA strands is expected to give FET signals so that 

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 VT shift as depicted in Figure 5 7I.  

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 targets171–174. 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 

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 AuNPs171,175,176. 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 spectrum177–179. 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 structures183. 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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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 targets65,185–187. 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 

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. 
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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 induction188,189. 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 

methods190, and the small size of the arrays enhances analyte affinities in surface-capture 

assays191. 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, 

https://en.wikipedia.org/wiki/Steric_effects
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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 ΔVT, 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. 

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 VT shift after DNA incubation on cortisol-

derivate modified substrates. 
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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 µg/dl to 3.2 µg/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: VT values from 100 s before target 

injection were compared to those VT values, which were recorded during 100 s after the 

removal of the excess cortisol, and the obtained difference is expressed as signal change 

ΔVT. 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 0µg/dl (light orange 

line) to 3.2 µg/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 VT signals in real-

time measurements already indicates saturation of the sensors as the signal shifting 

stagnates after the addition of 0.1 µg/dl (compared to Figure 5-12A and B, respectively). 

A plot of ΔVT versus 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 µg/dl, and the saturation level occurred at around ~0.2 µg/dl of 

cortisol and thus forming the dynamic range of the sensor. The sensitivity could be 
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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 SiNW FET has a surface area of 365 µm². 

With experimentally determined surface coverages of DNA between 2.0x1013 and 

6.9x1013 molecules/cm²192,193, an amount of ~7.3x107 up to 2.5x108 DNA per FET is 

predicted. Conversely, 0.1 µl of a 0.1 µg/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 ΔVT. Potentially, this observation can be explained by reorganizing the 

equilibrium conditions at the FET surface, especially when the le-Châtelier- Braun- the 

principle is considered. In equilibrium, a system is in a dynamic balance where forward 

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, c) 0.015, d) 0.03, e) 0.06, f) 0.1 µg/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. 
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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 perturbation194,195. 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 µg/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 ΔVT 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 ΔVT 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 

length102,196,197. 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 

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. 



5.3 Detection of biomolecules with SiNW FETs 

115 

molecules198,199. 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 neutral200. 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 all48,65,201. 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 202. 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.65 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 

VT 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 VT. 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 VT is expected204. 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 VT values before saliva 

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 ΔVT 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 VT signals in 

Figure 5-14 at t=5000 s and t=5800 s). So, extracted ΔVT 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 collected205. 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 µg/dl and ~0.59 µg/dl. Conversely, LIA confirmed levels 

of 0.75 µg/dl for volunteer A and 0.46 µg/dl for volunteer B, respectively. Eventual 

saturation issues of the FET devices root the discrepancy. The earlier taken calibration 

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 µg/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 µg/dl206,207. 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 sensor208,209. Likewise, after regeneration of the 

FETs, the VT levels 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 FETs 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 105 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 105. 

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 µg/dl up to 0.2 µg/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.  
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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 



6.1 Summary 

133 

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 μg/dL up to 0.6 μg/dL (while the average calibrated 

dynamic range of the devices represents 0.005–0.3 μg/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 disease1. 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 disease6–8. 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 sensors9–11. 

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 required10,12,13. On the other hand, spatial 

multiplexing involves the individual modification and read-out of each biosensor9,10,14,15. 

Apart from the multiplexing strategies mentioned above (incl. the creation of 

barcodes with microfluidic channels), other methods based on temporal division16–18, 

frequency division19, and particle-based multiplexing20 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 systems25. 
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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 time26. 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 Schütt 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 

nanowires36. In addition, electronic biosensors’ suitability for multiplexed applications 

has been demonstrated by detecting multiple biomarkers against Alzheimer’s disease, 

sepsis, and other metabolites14,37–40.  

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 FETs: 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  Immerse substrates in water, acetone, and 

isopropanol under ultrasound, 5min each 

 N2 dry 

 Oxygen plasma treatment of substrates for 2min 

Microfluidic channel  Attach quickly after plasma treatment  PDMS 

channels (see section A.1.4) 

 rest under appropriate pressure for 1h 

Functionalization  with 

thiolated DNA 

 Inject via tubing system 1-10µM thiol-modified 

DNA, react for at least 16h 

 Rinse 

Backfilling  Inject 5mM mercaptohexanol solution  

 React for 30min 

 Rinse 

A.1.2 Functionalization of SiO2 with TESPSA and amino-modified receptors 

Clean substrates  Immerse substrates in water, acetone, and 

isopropanol under ultrasound, 5min each 

 N2 dry 

 Activation of substrates with oxygen plasma  

TESPSA  Place TESPSA aliquot in an open container into a 

Petri dish  

 Place substrates next to TESPSA, close the Petri 

dish  

 Apply vacuum and infrared light for 4h 

Curing  Vent vacuum  

 Cure substrates at 120°C for at least 2h 

Functionalization with NH2- 

receptor 

 Add 1-10µM 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 

 Incubate for 1h 

 Rinse with PBS 

A.1.3 Functionalization with APTES and carboxyl-modified receptors  

Clean substrates  See A.1.2 

Preparation APTES  2 % silane solution in 95:5 (vol/vol) absolute 

ethanol/water mixture 

 hydrolysis for 10 min 

 sample immersion for 0.5h 

 rinse in absolute ethanol (3 x) 

 N2 dry 

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

Preparation of COOH-

containing receptor 

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

water 

 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 

 rinse with buffer 

A.1.4 Preparation of microfluidic channels via soft lithography 

Pre-polymer mixing  

 

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

 Degas under vacuum until no more air bubbles are 

visible  

Casting   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) 

Curing  At 70°C (for at least 5h) 

Mold disassembly  Peel cured PDMS carefully from a master structure 
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 cut into proper geometry using a scalpel  

 *punch channel in- and outlets using a biopsy needle 

(for FET sensing) 

Attach to LSPR sensors  Activation of PDMS and substrate in oxygen plasma 

for 5 seconds  

 Align channel geometry over the associating sensing 

structures  

 Press the two surfaces together (to form covalent Si-

O-Si bonds) 

Attach to FET sensors  Align channel geometry over the associating sensing 

structures  
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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)1. 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 

 

Structure 2

 

                                                        
1 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>. 
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Structure 3  

 

Structure 4 

 

Structure 5 
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Structure 6 

 

Structure 7 

 



A Appendix 

vii 

Structure 8 

 

Structure 9 

 

Structure 10 
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Structure 11 

 

Structure 12 
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Structure 13 

 

Structure 14 
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A.2.2 Secondary structures of 100base pair target with 25 base pair probe-strand 

Structure 1 

 

Structure 2 

 

Structure 3 

 

Structure 4 
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Structure 5 

 

Structure 6 

 

Structure 7 

 

Structure 8 
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Structure 9 

 

Structure 10 

 

Structure 11 
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Structure 12 

 

Structure 13 

 

Structure 14 
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Structure 15 

 

Structure 16 

 

Structure 17 
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Structure 18 

 

Structure 19 

 

Structure 20 
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