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Abstract 

Field-effect transistor (FET) sensors and in particular their nanoscale variant of silicon nanowire 

transistors are very promising technology platforms for label-free biosensor applications. These 

devices directly detect the intrinsic electrical charge of biomolecules at the sensorôs liquid-solid 

interface. The maturity of micro fabrication techniques enables very large FET sensor arrays for 

massive multiplex detection. However, the direct detection of charged molecules in liquids faces a 

significant limitation due to a charge screening effect in physiological solutions, which inhibits the 

realization of point-of-care applications. As an alternative, impedance spectroscopy with FET 

devices has the potential to enable measurements in physiological samples. Even though promising 

studies were published in the field, impedimetric detection with silicon FET devices is not well 

understood. 

The first goal of this thesis was to understand the device performances and to relate the effects seen 

in biosensing experiments to device and biomolecule types. A model approach should help to 

understand the capability and limitations of the impedimetric measurement method with FET 

biosensors. In addition, to obtain experimental results, a high precision readout device was needed. 

Consequently, the second goal was to build up multi-channel, highly accurate amplifier systems 

that would also enable future multi-parameter handheld devices. 

A PSPICE FET model for potentiometric and impedimetric detection was adapted to the 

experiments and further expanded to investigate the sensing mechanism, the working principle, 

and effects of side parameters for the biosensor experiments. For potentiometric experiments, the 

pH sensitivity of the sensors was also included in this modelling approach. For impedimetric 

experiments, solutions of different conductivity were used to validate the suggested theories and 

assumptions. The impedance spectra showed two pronounced frequency domains: a low-pass 

characteristic at lower frequencies and a resonance effect at higher frequencies. The former can be 

interpreted as a contribution of the source and double layer capacitances. The latter can be 

interpreted as a combined effect of the drain capacitance with the operational amplifier in the 

transimpedance circuit. 

Two readout systems, one as a laboratory system and one as a point-of-care demonstrator, were 

developed and used for several chemical and biosensing experiments. The PSPICE model applied 

to the sensors and circuits were utilized to optimize the systems and to explain the sensor responses. 

The systems as well as the developed modelling approach were a significant step towards portable 

instruments with combined transducer principles in future healthcare applications. 
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Kurzfassung1 

Biosensoren sind leistungsstake Diagnosewerkzeuge zur quantitativen Erkennung einer Vielzahl 

von verschiedenen Biomolekülen. Der Bedarf an solchen kostengünstigen und tragbaren aber 

zugleich auch hochsensitiven und zuverlªssigen Ăpoint-of-careñ Biosensoren steigt heutzutage 

rasant an. Dabei ermöglichen markierungsfreie Biosensoren eine schnellere Detektion und eine 

wesentliche Kostenminimierung, da der Schritt zur Biomarker-Modifikation der Zielmoleküle 

vermieden wird und zugleich eventuelle Artefakte bei der Biomarkierung vermieden werden. 

Neben vielen verschiedenen Biosensorarten sind die auf Feldeffekt-Transistoren (FET) 

basierenden Sensoren einer der aussichtsreichsten Sensortypen. Die FET-basierten Biosensoren 

ermöglichen eine direkte Erfassung der natürlichen elektrischen Ladung eines Biomoleküls durch 

die Bindung an die Sensoroberfläche. Durch die rasante Entwicklung der Mikroelekronik-Industrie 

in den letzten Jahrzehnten wurde es möglich, hochintegrierte Sensoren-Arrays mit kleineren 

Sensorgrößen zur gleichzeitigen und selektiven Detektion vieler verschiedener Molekülarten 

herzustellen. 

In den letzten zwanzig Jahren ist die selektive und parallele Echtzeitdetektion von mehreren 

Biomarkern von sehr großem Interesse in der Biosensor Community. Durch einen bekannten 

Ladungsabschirmungseffekt in physiologischen Elektrolyten, stellt die direkte, selektive Erfassung 

geladener Biomoleküle in einer Testflüssigkeit eine große Herausforderung dar, wodurch eine 

direkte Analyse in Blutserum schwierig wird. Als Teillösung des Problems kann eine 

Impedanzspektroskopie-Methode mittels FET-Sensoren eingesetzt werden, die im Vergleich zur 

klassischen, potentiometrischen Methode auch eine Messung in Blutserum ermöglicht. Trotz der 

bisher durchgeführten, experimentellen Arbeiten in diesem Bereich ist der Mechanismus zur 

impedimetrischen Analyse bisher noch nicht komplett verstanden.  

Für die Experimente, die in dieser Arbeit präsentiert werden, wurden verschiedene Typen von 

Silizium FET Sensoren benutzt. Diese Sensoren wurden von früheren Mitgliedern der 

Arbeitsgruppe in speziellen Prozessen entwickelt, wobei eine Hochschule-Reinraum Umgebung 

und nicht standardisierte Protokolle genutzt wurden. Im Wesentlichen wurden zwei Sensortypen 

verwendet: Silizium ionen-sensitive FETs (ISFETs) im Mikrometermaßstab und Silizium-

Nanodraht Transistoren (SiNW FETs) im Nanometermaßstab. Deren Designs waren 

unterschiedlich in Dotierung, Kanalgeometrie und Gateoxid Dicke. Im Wesentlichen aber hatten 

sie unterschiedliche parasitäre Eigenschaften durch die verwendeten Verkapselungsmethoden.  

Aus dieser Situation abgeleitet war das erste Ziel dieser Arbeit ein deutlich verbessertes 

Verständnis von Messungen mit den Sensoren und eine Erklärung der Effekte, die in den 

Biosensorik Experimenten in Bezug auf genutzte Sensoren und bekannte Biomolekül Parametern 

beobachtet werden. Ein Modellansatz sollte dabei helfen, die Möglichkeiten und Limitierungen der 

Impedanzspektroskopie mittels FET-basierten Biosensoren zu verstehen. Darüber hinaus, um gute 

                                                 
1 (laut Promotionsordnung des Fachbereichs Elektrotechnik und Informationstechnik der Technischen Universität 

Kaiserslautern von 29.07.2013) 
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experimentelle Resultate mit robusten Sensoren und definierten chemischen Oberflächen der 

Sensoren zu erhalten, war ein hochpräziser Verstärker notwendig. Deshalb war ein zweites Ziel 

dieser Arbeit die Entwicklung, der Aufbau und die Charakterisierung eines impedimetrischen, 

tragbaren und hochpräzisen Mehrkanal Ausleseystems. 

Als praktische Experimente wurden die potentiometrischen und impedimetrischen Messmethoden 

basierend auf der bekannten Biotin-Streptavidin Biomolekülbindung verglichen. Die Biotin-

Moleküle besitzen nur wenig Ladung und die starke Ladung der Streptavidin-Moleküle ist vom 

pH-Wert der umgebenden Lösung abhängig. Aus diesem Grund kann eine Sensorreaktion direkt 

nach der spezifischen Bindung präzise ausgewertet und verglichen werden. Die Messungen 

zeigten, dass es nicht möglich ist, potentiometrisch die ladungsfreie Biotin-Bindung zu erfassen. 

Jedoch konnten mit der Impedanzspektroskopie-Methode beide Biomolekülarten deutlich und 

selektiv nachgewiesen werden. 

Um den Detektionsmechanismus, das Funktionsprinzip sowie verschiedene Einflussparameter für 

die Impedanzmessungen zu verstehen, wurde in der Arbeit ein PSPICE FET Model zur Erklärung 

der impedimetrischen Auslesemethode entwickelt. Für die potentiometrischen Experimente, 

konnte die pH Sensitivität der Sensoren durch diesen Modellansatz ebenfalls erklärt werden. Die 

Impedanz-Spektren zeigen zwei deutlich hervorgehobene Frequenzanteile im Niederfrequenz- 

bzw. Hochfrequenzbereich, die entsprechend auf kapazitive Beiträge zurückzuführen sind. Dabei 

spielen die Kapazität auf dem Source-Kontakt für den Niederfrequenzbereich und die Kapazität 

auf dem Drain-Kontakt für den Hochfrequenzbereich eine große Rolle. 

Im Verlauf der Arbeit wurde ein 32-Kanal Verstärkersystem mit acht auswählbaren 

Verstärkungsbereichen entwickelt und hergestellt, womit potentiometrische und impedimetrische 

Messungen an verschiedenen Bio-FET Sensoren durchgeführt wurden. Darüber hinaus wurde ein 

tragbarer, Microcontroller (MCU) gesteuerter, frei konfigurierbarer 4-Kanal Verstärker für 

potentiometrische und zeitaufgelöste Auslesemodi hergestellt. Die ausgiebige Charakterisierung 

beider Verstärker zeigte, dass die entwickelten Auslesegeräte reproduzierbar über eine gute 

Messgenauigkeit verfügen, die verglichen mit einem professionellen und teuren Parameter-

Analyzer nur unbedeutend (5%) kleiner waren. Anschließend wurden die Auslesegeräte zur Signal-

zu-Rausch Analyse von vielen Bio-FET Sensoren eingesetzt, wobei die Anwendbarkeit der 

Messverfahren mittels pH-Messungen sowie mit DNS-Messungen erfolgreich demonstriert 

werden konnte. Dabei betrug die pH-Empfindlichkeit typische 34 mV/pH auf den SiO2 

Sensoroberflächen. Durch die Oberflächenbehandlung mit einer Amino-Silanschicht mittels eines 

Gasphasenprozesses konnte eine höhere pH-Empfindlichkeit von 45 mV/pH verbunden mit einer 

besseren Sensorlinearität erreicht werden. Durch eine Erweiterung des SiNW FET Modells mit 

einer schon früher in der Literatur beschriebenen Methode zur Modellierung des 

elektrochemischen Verhaltens der Sensoroberfläche konnten diese Unterschiede auch erklärt 

werden. Bei den Biomolekül-Experimenten verschob sich die charakteristische Transfer-Kurve der 

FET Sensoren reproduzierbar nach rechts in Richtung kleinerem Strom, wie es für die 

Oberflächenbindung von negativ geladenen DNS-Molekülen zu erwarten ist. 
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Jedoch konnten zum Ende dieser Arbeit zwei Fragen noch nicht beantwortet werden: 1. Gibt es 

beim impedimetrischen Messverfahren auch einen Signalanteil durch die Ladung der bindenden 

Moleküle? Die Frage könnte zukünftig geklärt werden, indem die Streptavidin-Biotin Bindung in 

Lösungen gleicher Leifähigkeit aber mit unterschiedlichen pH-Werten untersucht wird. Leider 

waren während dieser Arbeit nicht ausreichend Sensoren vorhanden, um robuste, statistische 

Aussagen abzuleiten. In den Impedanzmessungen, die PSPICE nachvollzogen wurden, waren die 

stärksten Effekte durch die parasitären Parameter wie z.B. die Leitfähigkeit der Messlösung 

beeinflusst. 2. Der Messnachweis von nicht elektrisch geladenen Molekülen konnte nur mit den 

Si-Nanodraht FETs realisiert werden jedoch nicht mit den ISFET Sensoren mit größeren 

Messflächen im Mikrometerbereich. Die zweite offene Frage ist, ob und warum Nanotransistoren 

eine höhere Empfindlichkeit ermöglichen. 

Zum Schluss dieser Arbeit, führte der Modellierungsansatz mit den verfügbaren Tools in PSPICE 

zu wichtigen Erkenntnissen über den Einfluss der parasitären Parameter der Sensoren und 

Verstärker, jedoch konnte das Modell die bei den Biotin-Streptavidin Experimenten beobachteten, 

impedimetrischen Spektren noch nicht erklären. Es kann daher geschlussfolgert werden, dass das 

momentane Modell die Effekte am Biosensoreingang noch nicht vollständig erklärt und ein besser 

geeignetes BSIM-SOI Modell für die SINW FET Sensoren verwendet werden sollte, um Spektren 

zu simulieren. Nichtsdestotrotz hilft das tiefere Verständnis der impedimetrischen Messungen in 

dieser Arbeit nun enorm bei Verbesserungen von zukünftigen Sensordesigns. Die neuartigen 

Verstärkerkonzepte und Ausleseverfahren, die in dieser Arbeit beschrieben werden, zeigen auch 

die Notwendigkeit für präzisere, tragbare Sensorsysteme, um eine kombinierte impedimetrische 

und potentiometrische Auslese zu ermöglichen. Die in dieser Arbeit beschriebenen Methoden und 

Auslesekonzepte könnten zukünftig für robustere Point-of-Care Auslesesysteme für mehrere 

Zielmolekültypen mit SiNW-FETs genutzt werden. 
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1. Introduction 

1.1  Label-Free Biosensor Concepts 

The ability to detect and to quantify the presence of an analyte such as antigens or single-stranded 

deoxyribonucleic acid (ssDNA) molecules in a biological sample has a significant impact in life 

science research, clinical and medical diagnosis [1ï3], food/water safety, and pharmaceutical 

testing [4ï7]. Biosensors are analytical tools that convert the reaction of a biorecognition element 

and its analyte into quantifiable signals. The potential for biosensors in qualitative and quantitative 

detection is very broad, including antigens, ssDNA, organisms, tissues, cells, organelles, 

membranes, enzymes, receptors, antibodies, and nucleic acids [8]. There is an emerging demand 

to build low cost point-of-care biosensors that are portable, wearable, and able to perform 

multiplexing analysis of a panel of analytes simultaneously. A biosensor device in general consists 

of three main components: bioreceptor, transducer, and readout system, as described in Figure 1-1 

[9]. The bioreceptor is typically a biomolecule that recognizes the specific analyte of interest. 

Enzymes, antibodies, and nucleic acids are among the most common biorecognition substances 

used for highly selective detection. The transducer should be able to convert the biorecognition 

event into a measurable signal [10] using optical, mechanical, thermal, or electrical principles. The 

readout system provides necessary conditions for the transducer and measures its outputs and 

converts them into readable, meaningful values such as color change or digital display of a value. 

A more detailed overview of the field of biosensors can be found in several textbooks [8ï11] and 

review articles [12ï16]. 

In a real biosensing measurement, a biorecognition element that possesses a specific affinity to the 

analyte of interest (for example antigen-antibody binding, DNA hybridization, receptor-ligand 

attachment) is immobilized on the surface of the transducer. The measurement solution will be 

washed over the sensor surface and if it contains the analyte of interest, it will bind to the surface 

of the sensor. In a label-based detection scheme, these recognition reactions are marked by a label 

(reporter molecule) which has fluorescent, luminescent, radiometric, or colorimetric properties 

[17]. The label is selected such that it can be easil y detected by its color or its capability to generate 

photons at a wavelength. A wide range of molecules for widespread use can be sensed in reporter-

based schemes such as ELISA (enzyme-linked immunosorbent assay) and PCR (polymerase chain 

reaction) [18]. However, there are several intrinsic problems with label-based sensing. In practice, 

a high degree of development is required for label-based assays to assure that the label does not 

alter important active sides on the target molecule [19]. It is difficult to control the labeling yield, 

which introduces additional variability in the detection. In drug testing, an incorrect use of a label 

may result in inaccurate assessments of the potency of a drug interaction with its target protein 

receptor. This approach also demands a lengthy period of preparing and training personnel [11,20]. 
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Figure 1-1 Schematic diagram of the three main components of a biosensor devices (adapted 

from [9]) 

The label-free approach, as its name implies, allows the detection of biological analytes without 

reporter molecules [11]. This mainly involves a transducer that can measure directly some physical 

properties of the analyte. For example, all biochemical molecules have finite mass, volume, 

viscoelasticity, dielectric permittivity, conductivity, and some of them carry an electrical charge 

that can be used to detect their presence or absence using an appropriate sensor. Label-free 

detection eliminates the labeling preparation step, which helps to minimize the cost in time and 

resources, while removing experimental artifacts from quenching, shelf life, and background 

fluorescence as well as the effect of the label on the molecular interaction. In addition, most of the 

labeling methods are limited to only end-point measurements, in contrast to more favorable direct, 

continuous, and real-time label-free detection. 

Until recently, there were only a few label-free systems available on the market. The most famous 

among them are Quartz Crystal Microbalance (QCM) [21,22] and Surface Plasmon Resonance 

(SPR) [11,23,24]. The QCM sensor consists of a thin quartz disk with electrodes deposited on it. 

QCM is piezoelectric, and an acoustic wave is generated by an oscillating electrical field that is 

applied across the disk. A resonance oscillation appears when the frequency of the electrical 

stimulation is near the fundamental frequency of the crystal. This fundamental frequency depends 

on several parameters such as the thickness of the disk, its chemical structure, and its shape and 

mass. Among those only the mass changes when the analyte is binding to the receptor immobilized 

on the surface of the electrodes. SPR is an optical phenomenon that is sensitive to the alteration in 

optical properties of a metal-liquid interface. An SPR setup typically consists of a polarized 

monochromatic light source, a glass prism, a thin metal film in contact with the base of the prism, 

and a photodetector [11]. SPR measures changes in the refractive index in the immediate vicinity 

of the surface of the metal film, which depends on the binding of analytes to the immobilized 

receptors on the surface. These two devices can be utilized for many assays to measure the 
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absorption mass on the deviceôs surface with a sensitivity of about one nanogram per square 

centimeter (this is in a range of nanomolar (nM) in the case of DNA molecules) [25]. Both systems 

also offer real-time and label-free detection, however it is very challenging to miniaturize these 

sensors as point-of-care detection as multi-parameter sensors and handheld devices. It is also 

difficult to create an array of QCM sensors with simple readout devices, and the optical detection 

component of SPR makes it problematic for miniaturization. 

1.2  Field-Effect Sensor Concept and Literature Review 

As most molecules carry charges when being in a liquid, an alternative approach in label-free 

detection is to measure these charges by a silicon-based, ion-sensitive field-effect transistor 

(ISFET). A field-effect sensor structure is analogous to a metal-oxide-semiconductor FET where 

the metal gate electrode is replaced by a measurement solution and a reference electrode. The 

binding of molecules of interest to receptors immobilized on the surface of FET devices modulates 

the current through the sensor. It therefore acts as a potentiometer that measures the surface 

potential at the insulator-electrolyte interface. The rapid development of micro fabrication 

techniques in recent decades has enabled ISFET sensors to become multiplex arrays, to scale down 

in size and to increase the array density. The established, high-yield industrial complementary 

metal-oxide-semiconductor (CMOS) processes enable the fabrication of hundreds of sensors per 

silicon wafer and greatly reduce the cost of fabrication. In addition, these sensors offer the 

capability of real-time, quantitative, and concentration-sensitive detection without any labeling 

step. The development of compact, integrated sensor systems allows the decentralized point-of-

care diagnostics where current label-dependent or available label-free systems would be difficult 

to use. 

The ISFET sensors were firstly developed in the 1970s by Bergveld [26,27] and were the first 

miniaturized silicon-based sensor. In these two pioneering papers, Bergveld suggested the structure 

without using a reference electrode. Instead of a reference electrode in the liquid, a feedback circuit 

to substrate is used to stabilize the amplifier. Later publication showed that having a reference 

electrode plays an important role in stabilizing the measurement as well as clarifying the working 

principle of devices [28]. The typical insulator materials at the gate of ISFETs are silicon dioxide, 

silicon nitride, aluminum oxide or tantalum oxide that respond to pH change without further surface 

modification because the insulator membrane possesses the capability of protonation and 

deprotonation [29,30]. The pH sensitivity of ISFETs allows their application for detection of cell 

metabolism and extracellular action potential measurements. The monitoring of cell metabolism is 

based on the acidification rate of a group of cells (105-106 cells on a sensor chip) that reacts 

differently with different stimulation (for example in drug testing) [31,32]. The second type of cell-

based ISFET measurements is applied to several electrogenic cells such as neuronal cells [26,33], 

muscle cells [34] or cell networks [35]. Electrogenic cells, produce spontaneous action potentials 

(transient changes of their membrane potential) that can be detected by an ISFET chip lying 
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underneath. The local potassium concentration within the narrow gap between transistor and cell 

(~50 nm) during channel activation may adjust the electrical double layer in front of the gate oxide 

that effects the transistor signal [36]. In addition, ISFET can be used for other applications: 

combining enzymes and ISFET for chemical sensor (EnFET) (Glucose, Urease [37], Penicillin [38] 

etc.); ImmunoFET for detection of antibody-antigen interaction [39]; or GenFET for detection of 

DNA hybridization [40]. More detail about ISFET and its applications can be found in the review 

article [35]. 

The ISFET sensor is normally in the range of micrometers in width and length dimensions and 

therefore requires a large total number of molecules, that bind to the surface in order to achieve 

measurable signals [41]. The introduction of silicon nanowire (SiNW) in 2001 by Cui et al. [42] 

offers two main advantages over the standard ISFET [43]. First, the width of SiNW is in the order 

of 10 nm, which is comparable in dimension or even smaller than most of biological entities such 

as nucleic acid, protein, cells, viruses, etc. This leads to a smaller total number of molecules needed 

to bind to the chip surface to produce a detectable signal. The surface potential changes, however, 

is proportional to the surface density of binding molecules. Therefore, FET and SiNW sensors 

should record signal amplitudes of similar sizes. However, SiNW could in principle achieve higher 

sensitivity or a lower detection limit if all molecules to be detected would bind to the sensor surface 

only. Second, nano-scale SiNWs possess new physical and chemical properties arising from their 

size. The high surface-to-volume ratio allows the surface atoms to play an important role in 

defining the physical, chemical, and electronic properties of the device. In addition, the working 

current of SiNW is approximately 1000 times less than that of ISFET. Therefore, the power 

consumption of the multiplexed sensors, once implemented, will be significantly reduced. This is 

favorable for portable or implantable devices where continuous monitoring might be necessary. 

Since the SiNW FET was introduced, the field of semiconductor nanowire has become one of the 

most active research areas in the nanoscience community [44], where the number of publications 

have increased exponentially for more than ten years. It covers a wide range of applications in 

biosensor technology. It can detect in real time, label-free proteins downs to 10 picomolar [45ï47], 

DNA down to 1-10 fM [48ï50]. The SiNW FET is also used for drug testing [46] and cell 

measurements [51ï53]. 

There are two approaches in fabricating SiNW: bottom-up and top-down. SiNW employing the 

bottom-up method is typically grown with a vapor-liquid-solid mechanism with metal nanoclusters 

as catalysts [54]. The nanowire has a diameter from several nanometers to 100 nm while 

maintaining high surface quality. However, this approach experiences two major drawbacks: it is 

difficult to integrate a high-density sensor array because of the complexity in alignment and 

contacting the grown nanowires [55]. And the diameter of nanowire has large variance that leads 

to differences in electrical characteristics [56]. The top-down approach utilizes conventional micro-

fabrication processes on wafer scale to create a nanowire-like structure on a thin silicon-on-

insulator (SOI) wafer. SiNW structure is defined in the active silicon layer by electron beam 
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lithography [57], deep UV (ultraviolet) lithography [48,58] or nanoimprint lithography [59,60]. 

Subsequently, the final SiNW size is determined by etching processes: wet etching [57,61] or dry 

etching reactive-ion etching (RIE) [62,63] or combinations of them. SiNW FET sensors in this 

work are 28×2 array chips that are fabricated by combining high throughput nanoimprint 

lithography and wet tetramethylammonium hydroxide (TMAH) etching. It showed good electric 

performances and improved sensitivity of sensors. The fabrication processes and characterization 

of the SiNW FETs were described in detail in another earlier work [64]. 

1.3  Challenges and Open Issues 

Even though SiNWs offer several advantages compared to standard ISFETs, they share the same 

detection mechanism: the electrical field of charged molecules binding to the surface modulates 

the drain-source current or characteristics of the sensors. In liquid, near a (for example) negatively 

charged species there is an accumulation of counterions (ions of opposite charge) and a depletion 

of coions because of electrostatic interactions [65]. At a certain length from the surface (called the 

Debye length), the counterions will balance the electrical field of the charged molecules. Therefore, 

FET sensors can only detect the charge inside the Debye length from the chip surface. For aqueous 

solution, this length depends on the ionic strength of the measurement solution by the following 

equation [66]: 

 
ʇ

ʀʀË4

ÅВÃ:
 (1) 

where Ů is relative dielectric permittivity of the solvent (in most of the case is the water: ~ 80 at t 

= 20oC, ~78 at t = 25oC); Ů0 is the vacuum permittivity; k is the Boltzmann constant; T is Kelvin 

temperature; e is the elementary charge; ci the ion concentration; Zi is the valence of the ith ion.  

Using above equation, the dependence of Debye length on the concentration of measurement 

solutions can be plotted as in Figure 1-2. In a moderate buffer solution (biological condition), this 

length is on the order of 1 nm, meaning beyond this distance from the chip surface, no electronic 

charge can be detectable. Therefore, detecting large molecules such as longer DNA sequences or 

protein in blood samples is not possible with FET devices. In other words, developing these devices 

for point-of-care applications in the potentiometric readout mode is far from attainable. The Debye 

screening effect was reported for both ISFET [67,68] and SiNW FET [69ï71] sensors in the 

literature.  

A different approach is to employ the powerful technique of electrochemical impedance 

spectroscopy with FET devices. The idea is that when there are bindings of analytes to receptors 

immobilized on the chip surface, not only the drain-source current of FET devices changes but also 

the whole impedance of the system including the nanowire surface is also modified. The 

experimental approaches of the frequency response measurement in ISFET-based biosensor 

applications were described in Refs. [72ï75] and showed a stable operation of the sensor against 
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many side-parameters such as temperature drift, sensor drift, or pH value variations of the solution 

[76]. This detection method depends on the impedance alteration; therefore, it has the potential to 

implement measurements in a direct blood sample that is not achievable with a potentiometric 

approach. Even though reported experimentally successful, the understanding of the detection 

mechanism and the effects of side parameters (such as the drain, source contact line capacitances, 

and solutionôs concentration) are not clear. 

 

Figure 1-2 Dependence of Debye length on measurement solution concentration 

The other main problem that inhibits the development of FET-based array sensors is the reference 

electrode. As mentioned before, having a well-defined reference electrode in measurement 

solutions is necessary in all potentiometric measurements. To obtain a micro system, it is 

recommended that the reference electrode has a comparable dimension to the transistor. The main 

problem here is the miniaturization of the electrode [77]. Even though there have been many efforts 

to miniaturize reference electrode [78ï81], no way has been found to fabricate ñmicro-reference 

electrodesò in large numbers that fulfill basic requirements: stability , reproducibility , and 

reversibility. 

An FET-based biosensor also has three main components like any other biosensor (Figure 1-1). To 

use the devices reliably, the readout part is equally important. The binding of a small number of 

molecules to the chip surface normally generates little potential signal (range of only a few mV). 

To obtain an adequate signal-to-noise ratio (SNR), it is crucial to keep the noise as low as possible 

to distinguish the signal from noise. Most of the time, such devices are measured by a high accuracy 
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semiconductor parameter analyzer or dedicated system [82ï84]. These are either big and expensive 

or lack the necessary accuracy, portability, and multiplicity. 

Besides many efforts to develop chemical processes and biological procedures for surface 

modification and specific assay developments (not mentioned here), this section described two 

main challenges and an open issue that constrains the development of an FET-based point-of-care 

handheld biosensor: 

¶ The measurement of static charges in a liquid environment is limited by the Debye length, 

which depends on the ionic strength of the solution. This prevents the detection of large 

molecules in blood samples and therefore inhibits the creation of point-of-care devices. 

¶ A reference electrode is necessary in all potentiometric measurements. A method to 

fabricate a ñmicro-reference electrodeò in large numbers that fulfill basic requirements ï 

stable, reproducible, and reversible ï is currently not available.  

¶ A detailed work on the development of a readout system, especially a portable/handheld 

one, is missing in the literature. 

1.4  Aims of the Thesis 

This work is motivated by the aim of bringing an affordable system to everybody that helps them 

to monitor certain health parameters without involvement of centralized laboratories. To realize 

this with an FET-based biosensor, the two challenges and one open issue mentioned above need to 

be solved. In this work, a macroscopic commercial reference electrode will be used. The present 

approach is to: 

¶ Contribute to understanding the mechanism and working principle of impedance 

spectroscopy measurements with FET devices. 

¶ Create a readout system that can implement both potentiometric and impedimetric 

measurements with an array of FET sensors for comparison the Debye screening effect on 

both methods. 

¶ Create a high accuracy, portable/handheld readout device. 

1.5  Organization of the Thesis 

The format of this thesis is as follows: 

¶ Chapter 1 introduces the general concepts and terminologies of a biosensor. The idea of 

label-free detection with FET devices is discussed. Then the limitation of potentiometric 

detection and the motivation of the work toward the impedimetric detection and the goals 

of the thesis are described. 
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¶ Chapter 2 describes the background of the impedance spectroscopy method and discusses 

the state of the art of impedimetric measurement with ISFETs. 

¶ Chapter 3 discusses the theoretical background of field-effect-transistor based biosensors. 

The working principle of ISFET as well as SiNW FET, together with two measurement 

approaches: potentiometric and impedimetric will be explained.  

¶ Chapter 4 explains transducer fabrication. FET-sensor chips encapsulation and electric 

characterization are also described. 

¶ Chapter 5 focuses on measurement setups. Two different readout systems (32-channel and 

4-channel handheld) are designed and developed. Measurements with the developed 

systems and a standard parameter analyzer are compared. The noise power spectrum and 

signal to noise ratio will be evaluated. 

¶ Chapter 6 deals with different biosensor applications. It will be started with pH sensing and 

then DNA measurements, and finally a proof of concept of impedimetric measurement with 

the setup for different buffer concentrations is implemented. 

¶ Chapter 7 investigates the simulation for SiNW FETs. At first the characteristic 

measurements of SiNW FET are simulated by both level2 FET and level7 (BSIM 3v3) for 

comparison. Later, this model is used to examine factors that affect the impedimetric 

measurements with SiNW FETs. 

¶ Chapter 8 conclusions are provided, and possible further developments of SiNW FET based 

biosensors are proposed. 

¶ The Appendix contains a more detailed description of the fabrication process for ISFET 

and SiNW FET devices, and a PSPICE source-code for the simulation. 
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2. State-of-the-Art of Impedance Spectroscopy with FET Devices 

2.1  Electrochemical Impedance Spectroscopy-Background 

Electrochemical Impedance Spectroscopy (EIS) is a powerful technique for the analysis of 

interfacial property changes of modified electrodes upon biorecognition events happening at the 

surface [85]. The advantage of EIS is that, with a single experimental procedure covering enough 

frequencies, the influence of the governing physical and chemical phenomena can be distinguished 

and isolated at a given applied potential [86]. Impedance measurements supply detailed 

information on capacitance/resistance variation taking place at sensorsô surfaces. Therefore, it has 

long been used to characterize biomaterial films associated with electronic elements [87ï89]. 

EIS can be classified as Faradaic or non-Faradaic impedance spectroscopy based on the magnitude 

of a DC current flowing through the interface [90]. If there is no DC current, the frequency scanning 

is referred to as non-Faradaic impedance spectroscopy. In this case, the measurement results in 

capacitive sensing and the capacitance of the interface plays an important role in determining the 

impedance response. If there is a DC current flowing through the interface, the measurement is 

referred to as Faradaic impedance spectroscopy. It allows analysis of kinetics and the mechanism 

of bioelectrocatalytic reaction, providing information for the development of amperometric 

biosensors and biofuel cells [85]. 

Fundamental purpose of EIS is to apply a small amplitude sinusoidal excitation signal to an 

electrochemical cell and to measure the resulting response. Figure 2-1 shows a non-linear I-V curve 

of a theoretical electrochemical system. A small amplitude wave ï ȹVsin(ɤt) ï is applied to the 

working polarization voltage, V. This induces a current response of ȹIsin(ɤt+ɣ) superimposed on 

the DC current, I. The Taylor series expansion is as follows: 
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If the magnitude of the sinusoidal amplitude signal ȹV is small enough, the higher order terms in 

equation (2) can be neglected. The impedance of the system can then be calculated using Ohmôs 

law: 
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The impedance spectrum of the system can be obtained by varying the frequency of the applied 

signal. Typically, a frequency range of 0.1 Hz ï 100 kHz is scanned in the measurement with an 

electrochemical system. There are two ways of data representation: the real part of impedance 

versus the imaginary part (Nyquist Plot); the magnitude of impedance and the phase shifts against 

frequency in two different plots (Bode Plot). 
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Impedance spectroscopy can be implemented in the potentiostatic or galvanostatic mode [91]. In 

the potentiostatic mode, experiments are implemented at a fixed DC voltage. A stimulation 

sinusoidal voltage is superimposed on the DC potential and applied to the system. The response 

current is measured to calculate the impedance of the system. On the other hand, in the 

galvanostatic mode, experiments are conducted at a fixed DC current. A stimulation sinusoidal 

current is superimposed on the DC current and applied to the system. The response voltage is 

measured to calculate the impedance of the system. Normally, impedance spectroscopy is done 

under the potentiostatic mode. In some cases, e.g. battery research, impedance experiments can be 

implemented in the galvanostatic mode. 

 

Figure 2-1 Principle of EIS measurement (adapted from [86]) 

In order to provide impedance measurement the system under analysis needs to satisfy the 

following conditions [92]: 

¶ Linearity: this condition is fulfilled when the applied stimulation sinusoidal signal is small 

enough such that the selected state of the system is unchanged.  

¶ Steady state: the measurement should be independent from the moment of the 

measurement. This applies to all frequencies of interest. 

¶ Finiteness: the real and imaginary parts of the impedance should have finite values at all 

frequencies of interest. 

¶ No memory properties: the measurement should be independent from the sequence of 

measurements. 

A typical setup to measure impedance spectrum consists of a cell (the system under interest), a 

potentiostat/galvanostat, and a frequency response analyzer (FRA). The FRA stimulates the cell 

with a signal and measures the response from potentiostat/galvanostat to calculate the impedance 

at the frequency of the applied signal. 
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To interpret the experimental data, it is common to use equivalent circuit models. These models 

normally consist of well-known passive elements such as: resistor, capacitor, inductor, constant 

phase element and Warburg impedance (Table 2-1). These elements can be connected in series 

and/or parallel to fit the best the impedance spectrum. 

Circuit Element Impedance 

R, Resistance R 

C, capacitance 
:

ρ

Êʖ#
 

L, Inductance ὤ Ὦὒ 

CPE, Constant Phase Element: 9 is the admittance 

of an ideal capacitance and  is an empirical 

constant, ranging from 0 to 1. 

:
ρ

9 Êʖ
 

W, Warburg impedance under the assumption of 

semi-infinite diffusion layer: 9 is the diffusion 

admittance 

:
ρ

9 Êʖ
 

W, Warburg impedance under the assumption of a 

finite diffusion layer thickness: 9 the diffusion 

admittance,  is the diffusion layer thickness and 

D is the diffusion coefficient 

:
ρ

9
ÔÁÎÈ" ὮȠ†  

ὄ


ЍὈ
 

Table 2-1 Summary of equivalent circuit elements (adapted from [93]) 

The main advantages of EIS can be described as follows [90,94]: 

¶ Simple and high sensitivity: The impedance spectroscopy is becoming a popular analytical 

tool in biosensor research because it involves a relatively simple electrical measurement 

whose results can be used to investigate properties of sensing membranes. It is highly 

sensitive to the bioevents happening close to the sensor surface. Utilizing short self-

assembly-monolayer for immobilization and low buffer strength solutions can improve 

sensitivity. 

¶ Label-free: the EIS does not require reporter molecules because it depends on the inherent 

properties of molecules. It is therefore suitable for sensing proteins which are difficult to 

label. 

¶ Real-time detection: a common approach that at first experiments are implemented with ex 

situ detection, that the whole frequency spectrum is obtained. However, once a specific 

frequency range is found where the biorecognition events are clearly distinguished, the 

detection can be done at a chosen frequency and the impedance can be measured with 

biomolecular interactions as a function of time. 
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¶ Ease of integration: the EIS is fully electronic in nature, therefore it has great chance to 

facilitate handheld point of care applications by using standard electronic integration 

circuits. 

Though enjoying many advantages compared to conventional label detections and other label-free 

methods, EIS has its disadvantages, such as: 

¶ Blocking and surface cleaning: the short-immobilized monolayer normally has low surface 

coverage, which permits non-specific attachment. In many cases, it requires a blocking step 

to reduce detection errors, especially if the sample contains a large percentage of interfering 

molecules. In addition, the cleaning procedure also needs to be carefully monitored to 

minimize the cross-talk between channels. 

¶ One of the disadvantages of EIS is primarily related to possible ambiguities in results 

interpretation. Which specific equivalent circuit should be used if one is necessary? An 

equivalent circuit containing too many circuit elements can often be rearranged in different 

ways and still result in the same impedance spectra. 

Through this section, it can be seen that EIS is highly sensitive to bio recognition events occurring 

close to the sensor surface, and can be used as label-free, point-of-care array platform. Despite its 

shortcomings, EIS is still a very promising alternative to some commercially label-free detection 

systems such as SPR and QCM. 

2.2  Review of Impedance Spectroscopy Measurements with FET Devices 

Schasfoort et al, [95,96] proposed the impedance spectra measurement with an ISFET to detect the 

charge redistribution of an (human serum albumin) HSA-antiHSA complex (a precipitate) formed 

on top of the sensor. The measurement setup is described in Figure 2-2. A function generator 

applied a 20 mV (peak-peak) sinusoidal signal to the calomel reference electrode (a reference 

electrode that is based on the reaction between mercury Hg and mercury chloride Hg2Cl2). To 

reduce the impedance of the reference electrode at all frequencies, a Pt wire in series with a 1 µF 

capacitor was connected in parallel to the electrode. The drain-source current was converted to the 

voltage by an I-V converter. Authors stated that only the magnitude of the transfer function is 

sufficient to characterize the existence of the antigen-antibody complex; the phase shift does not 

provide additional information. It was observed that the cut-off frequency of the impedance 

spectrum of an ISFET with the complex was noticeably higher than that of the bare ISFET. Noting 

the similar effect in measurements with different buffer concentrations, this work suggested that 

the ions present in the immunocomplex layer diffuse out of the layer after immersing the sensor 

into the electrolyte. Since the layer closest to the surface of the gate area contributes the largest 

part of the total resistance from the reference electrode to the chipôs surface, this resistor is 

influenced heavily by the diffusion of ions out of the complex. As the results demonstrated, after 

dipping the ISFET into the solution the cut-off frequency decreased as a function of time. Once 
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this diffusion stopped, the total resistance of ISFET with the immunocomplex was still significantly 

higher than that of the bare ISFET, therefore the cut-off frequency of the impedance spectrum of a 

ISFET with the complex was higher than that of the bare ISFET. The papers claimed that the 

capacitive effect of the protein can be neglected. Kruise et al., [97] further worked on this question 

with experiments with cross-linked lysozyme. He learned that the membrane resistance is inversely 

proportional to the fixed charge density. 

 

Figure 2-2 Block diagram of AC measurement (adapted from [95]) 

Antonisse et al., [72] utilized the impedance spectroscopy to characterize an ion selective ISFET 

(CHEMFET) and the influence of polymer membranes on ISFET (MEMFET), respectively. In 

these studies, the ISFET with adhered membrane was depicted by an equivalent electronic circuit, 

as in Figure 2-3. In this model, the membrane impedance is modeled as a sum of a membrane bulk 

and an oxide-liquid interface impedance. The membrane bulk impedance is represented by a 

resistor (Rmem) and a capacitor (Cmem) in parallel. The oxide-liquid interface part is described by 

the double-layer capacitance (CDL), the resistance of the charge transfer at the interface (RCT), and 

a contribution from the diffusion of ions, which are represented by a Warburg element (W). The 

interfacial effect on the membrane is generally detectable at low frequencies. However, according 

to the authors, the rapid exchange of the ions at the interface results in a charge transfer resistance, 

which is too small to be observed. The impedance contribution of the ISFET to the whole sensor 

is modeled by the silicon-electrode resistance (RSi) in series with a space-charge capacitance (CSC), 

and the oxide layer capacitance (Cox). The space-charge capacitance is negligible compared to the 

oxide layer capacitance when the ISFET is working in inversion mode. Also, the electrode 

resistance and the resistance of the electrolyte solution (Rsol) are small (100 ɋ or less) compared 

with the membrane resistance (~105 ɋ) and can also be neglected. The equivalent circuit therefore 

can be simplified as in Figure 2-4. 
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Figure 2-3 Equivalent circuit of a membrane-coated ISFET (MEMFET) (adapted from [72]) 

 

Figure 2-4 Simplified equivalent circuit of a membrane-coated ISFET 

Utilizing the measurement setup in Figure 2-5, the drain-source current variation (iD) can be 

measured as a function of sinusoidal signal applied at the gate electrode (vGS). The voltage after 

the transimpedance amplifier vout is calculated from iDS, vGS, and gm as given by equation (4) 

 

Figure 2-5 Measurement setup for ISFET transconductance measurement (adapted from [72]) 

 
Ö 2É 2ÇÖ  (4) 

The applied gate voltage vGS is divided over the membrane and the oxide when there is a biological 

layer deposited on top of the gate oxide of the ISFET. The relationship between the effective gate 

voltage and the applied voltage can be described by a transfer function H(jɤ). From the simplified 

equivalent circuit in Figure 2-4, the transfer function can be defined as follows: 

 
(Êʖ

ρ Êʖ2 #

ρ Êʖ2 # #
 (5) 

The output voltage after the amplifier stage: 
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Figure 2-6 Theoretical transfer function |H(jɤ)|, reprinted with permission from [72]. Copyright 

2000 American Chemical Society 

The relation between the transfer function and the frequency is illustrated in Figure 2-6. The time 

constants corresponding to the pole and zero points can be calculated in equation (7) and equation 

(8). If the capacitance of the surface oxide is known, by obtaining these two constants, the 

evaluation of membrane properties through 2  and #  is possible.  

 
ʐ 2 # #  (7) 

 
ʐ 2 #  (8) 

Kharitonov et al., [73] employed the theory from Antonisse et al., to study the thickness of layered 

protein assemblies on the gate interface. In addition, authors stated that one crucial prerequisite 

needs to be satisfied to use the impedance spectroscopy with the ISFET sensor. That is, the protein 

layer(s) should be significantly thinner compared to the thickness of the oxide-layer or the 

membrane associated with the gate surface. The work reported the characterization of layered 

assemblies consisting of glucose oxidase and of biotin-cross-linked avidin. Additionally, Zayats et 

al., [98] compared the thickness measurement on ISFET with complementary surface plasmon 

resonance and found similar film thicknesses of the biomaterial and comparable detection limits. 

In this work, a dinitrophenyl (DNP) antigen layer is immobilized as a receptor for the sensing of 

anti-dinitrophenyl antibody (anti-DNP-Ab). The detection sensitivity of anti-DNP-Ab corresponds 

to 0.1 µgmL-1. Based on the impedance spectrum of the measurements, authors claimed that the 

association of the anti-DNP-Ab to the anti-antibody to the functional interface mainly alters the 

capacitance of the membrane. This work also described the cholera toxin (CT) sensing 



2. State-of-the-Art of Impedance Spectroscopy with FET Devices 

 

16 

measurement. The binding of the CT and anti-CT, which is immobilized on the chip surface, was 

monitored by the impedance spectroscopy. The detection limit for sensing CT was 10 fM. 

Ingebrandt et al., [99] proposed a differential impedance readout (also was named AC readout to 

distinguish from the potential (DC) readout method) on FET microarrays for the detection of DNA 

hybridization (a short description of a DNA structure and DNA-DNA hybridization can be found 

in the section 6.2). The work also described the comparison between the AC and DC measurement 

methods in terms of selectivity and reliability using the same FET devices. The DC measurement 

method can achieve a selectivity of only two mismatches in 20 base pair (bp) sequences, although 

the target DNA concentration was very high (3 µM in a standard Tris-EDTA (TE) buffer solution). 

The ionic strength of the buffer solution must be kept low during the potentiometric detection of 

DNA hybridization to avoid charge screening. This leads to a long hybridization time, from 10 

minutes to hours. Practically, the DC detection is easily varied by side effects such as sensor drift, 

temperature drift, changes in electrolyte composition, pH value, influence of the reference 

electrode, etc. The work claimed that the differential impedance measurement method provides 

stable operation of the sensor against these parameters. 

Figure 2-7 depicts results of a DNA hybridization experiment with impedimetric detection. After 

hybridization, the time constants of the impedance spectrum measurements change relied upon the 

probability of the target DNA to bind to the receptor layer on the transistor gate. The perfect match 

(PM) channel showed the largest change. The differences between fully mismatch (FMM), 1 

mismatch (1MM) and perfect match (PM) are clearly discriminated. The selectivity of the transfer 

function method could resolve the detection of single polymorphisms (SNPs), which is superior 

compared to the DC in situ readout. Authors claimed that the differential transfer function method 

has three advantages over the fluorescence techniques: first, it is label-free detection; second, it 

reduces unspecific binding if these bindings occur at different spots; and third, this detection 

method is not modified by any background signal as is the case for the fluorescence method. Author 

explained that as the binding of the target DNA to the probe DNA happened, the resulting double 

stranded DNA led to difficulty with protonation and deprotonation processes. As a result, the 

resistance of the membrane increased. Consequently, this led to higher time constant ʐ. 

Additionally, the double stranded DNA will be denser compared to the single stranded DNA that 

causes the increase of the membrane capacitance, which changes the time constant ʐ. In other 

words, the authors stated that the membrane formed by the complex of the single stranded probe 

DNA and the target DNA induced not only a change in the membrane resistance, but also in the 

membrane capacitance. 
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Figure 2-7 Impedimetric ex situ detection of the hybridization by readout of the transfer function 

for each channel. After immobilization of the different probe DNA sequences, the time constants 

for the low pass of the three channels were almost identical. After hybridization, the differences 

between FMM, 1 MM and PM can be clearly distinguished. Reprinted from [99], Copyright 

(2007), with permission from Elsevier. 

Further, Susloparova et al., [100] described the utilization of impedance spectroscopy with ISFET 

to study the adhesion status of human embryonic kidney (HEK293) and human lung 

adenocarcinoma epithelial (H441) cancer cells at a single cell level. Real-time impedance 

measurement at 200 kHz resulted in 20% change in the amplitude of the impedance spectra as a 

result of the introduction of a well-known chemotherapeutic drug, topotecan hydro-chloride, to the 

cells. The experimental results were interpreted with an equivalent electronic circuit to evaluate 

the influence of the system parameters. The authors claimed that the developed method could be 

employed to analyze the specificity and efficiency of novel anti-cancer drugs in cancer therapy 

research on a single cell level in parallelized measurements. Similarly, Law et al., [101] reported 

the monitoring of human T cells (human CD8+ T) migration on a FET-based sensor using the same 

method. The real-time impedance measurement at a fixed frequency was used to trace individually 

migrating T cells. The authors were very confident that the system can be adapted to other cellular 
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models such as migrating cells during wound healing or single neuron migrations during brain 

development. 

In summary, since the first introduction of the impedance spectroscopy with an ISFET in 1989, 

there have been several publications that described different applications with this method: from 

DNA sequencing to immunosensor and cell adhesion measurements. It was claimed that this 

method is superior compared to the potentiometric detection method and can be more immune to 

some side effects that compromise both the potentiometric measurement and fluorescence method. 

To interpret the molecular detection experimental results, it is commonly assumed that the complex 

of receptors and target molecules forms an ion permeable membrane on the gate surface of ISFETs. 

This membrane will have either resistive or capacitive, or both effects, on the impedance spectra 

measurement. All the impedance spectra presented was only to describe the sensor itself. The 

coupling of sensors and the readout system and effect of other parasitic parameters such as drain, 

source capacitances were left out of consideration in many of the previous works. 
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3. Theoretical Considerations 

3.1  From MOSFET to ISFET and SiNW 

MOSFET 

The metal oxide semiconductor field-effect transistor (MOSFET) is the most widely used 

electronic device, especially in the design of integrated circuits (ICs). The enhancement-type 

MOSFET is the key element in multiple applications from signal amplification to digital logic and 

memory [102,103]. The physical structure of a p-type MOSFET is shown in Figure 3-1. It includes 

two highly p-doped regions (p+ source and p+ drain) in an n-type semiconductor substrate and 

therefore fits the definition of a pnp structure. A thin layer of silicon dioxide (SiO2) of thickness 

tox (typically 1 nm to 10 nm) is grown on top of the substrate between the source and drain regions, 

which functions as an excellent electrical insulator. Metal is deposited on oxide as well as on the 

source, drain regions, and the substrate (also known as the body). Therefore, MOSFET has four 

terminals: the gate terminal (G), the source terminal (S), the drain terminal (D) and the substrate or 

body terminal (B). In most MOSFET operations, the body terminal is connected to the source 

terminal and to the Ground (GND). Thus, the substrate terminal can be considered as having no 

effect on the deviceôs characteristics. Commonly, the MOSFET will be regarded as a three-terminal 

device: gate (G), drain (D) and source (S).  

 

Figure 3-1 Physical structure of the PMOS transistor with two operation modes (adapted from 

[102]), a) linear mode; b) saturation mode 

In the following, all statements refer to p-channel devices if not otherwise indicated, because they 

are the kind of device that were mainly used in the scope of this thesis. However, concepts can also 

apply to an n-type transistor by analogy.  

The voltage applied to the Gate will control the current flows between the Source and Drain (or the 

conductance of the transistor). A negative voltage on the Gate attracts more holes into the region 

between oxide and semiconductor. Once this voltage magnitude is greater than the magnitude of 
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the threshold voltage, a p channel is created as in Figure 3-1. The threshold voltage is the most 

important parameter  and is defined as [103,104]: 

 
6 ɮ

1 1 1

#
 ςɰ  (9) 

Where ɮ  is the work-function difference between the gate material (metal/polysilicon) and 

semiconductor; 1  represents the sum of charges in the oxide; 1  is the charge at the oxide-

semiconductor interface; 1  refers to the silicon depletion charge, and ςɰ  is the sum of voltages 

across the semiconductor. 

It can be imagined that the size and number of charge carries is proportional to the excess gate 

voltage (VGS-VTH). A negative voltage VDS will induce a current flowing from the Source to the 

Drain terminal. There are two different modes of operation:  

¶ The linear mode: a small value of magnitude voltage of VDS (|VDS| < |VGS - VTH|) is applied 

between the Drain and Source terminals. This is called the linear mode because the 

MOSFET operates as a linear resistance whose value is controlled by the Gate-Source 

voltage. The IDS-VDS relationship can be derived in the following equation: 
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with IDS being the electrical current between the Drain and Source electrodes, ʈ0 the 

mobility of the hole carriers, #ÏØ the capacitance per unit gate area, W the channel width, 

and L the channel length. This is nonlinear relationship, however for even smaller value of 

VDS (VDS << 2(VGS ï VTH)), the equation (10) can be rewritten: 
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For a given voltage of VGS, the IDS-VDS relationship is linear (that is why it is called the 

linear mode). 

¶ The saturation mode: at a higher magnitude of VDS (|VDS| > |VOV| = |VGS ï VTH|), the channel 

reaches the term ñchannel pinch-offò at the drain (Figure 3-1 b). Increasing the magnitude 

of |VDS| above the |VOV| has no effect on the Drain-Source current; this current remains 

almost constant. This saturated current can be obtained by replacing VDS = VOV in the 

equation (10): 
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In the following sections, working points of ISFET/SiNW FET sensors in real-time measurements 

(IDS vs time) will be always in the linear mode. But during the characteristic (I-V curve) 

experiments there are some time they will go to the saturation mode. However, the lengths of 
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ISFET/SiNW are above 5 µm. Therefore, the channel-length modulation phenomenon can be 

neglected in this work. 

ISFET 

 

Figure 3-2 Sketch of an ISFET configuration 

Figure 3-2 illustrates the structure of an ion-sensitive field-effect transistor (ISFET). The ISFET 

discovered by Bergveld and others [27] is basically a MOSFET where the metal (or polysilicon) 

gate is replaced by a liquid solution and the channel conductance is controlled by the voltage of a 

reference electrode immersed in the analytic solution. To avoid the leakage currents between the 

Gate electrode through the liquid to the Drain and Source terminals, thick layers of insulator cover 

the contact lines of these electrodes. The gate oxide in direct contact with the solution has the 

hydroxyl groups at the surface that can take or give away protons. Therefore, the simplest 

application of ISFETs is a pH sensor. Moreover, different chemical processes induce sensing layers 

on the top of the gate dielectric, which enable the ISFET to detect chemical or biological species. 

The basic working principle of an ISFET is that the binding and unbinding of ion molecules in the 

analytic solution to sensing layer alter the surface potential of the layer and thus modify the 

threshold voltage of the device. The VTH equation of a MOSFET now can be rewritten for an ISFET 

as [105]: 
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with the potential of the reference electrode to vacuum % . In the liquid environment, this 

potential is defined by the surface dipole potential of the solution ʔ ; ɰ  is the working function 

of the semiconductor and ɰ  is the surface potential which depends on the chemical composition 

of the electrolyte and the gate surface material. The potential drop from the reference electrode to 

the transducer is depicted in Figure 3-3. It has been shown that having an electrochemical reference 
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electrode immersed in the electrolyte is crucial in maintaining the working reliability of ISFETs 

[64]. 

In the ideal case, only ɰ  is the varying parameter in equation (13) upon changes in the electrolyte 

composition. Thus, Ўὠ   Ўɰ . The only question left is how ɰ  is related to the electrolyte 

composition. In the simplest application, pH sensing, this relation is described by the double layers 

(Gouy-Chapmann-Stern) theory [106ï110] and the site-binding mode [111], which will be 

discussed in detail in the next section. 

 

Figure 3-3 Potential drops along the ISFET structure with liquid gate (adapted from [112]) 

 

The transconductance (gm) of an ISFET is the characteristic that reflects the change in the Drain-

Source current upon the variation of the Gate-Source voltage. It is another important criterion of 

an ISFET device because it hints at how sensitive the sensor is. In the real-time measurement mode, 

the working point where the gm is at maximum is selected to monitor the variation of the IDS upon 

the binding of molecules of interest to the sensing layer of ISFET devices. Figure 3-4 depicts an 

example of transfer characteristics of an ISFET and its transconductance value. Having the 

relationship between IDS-VGS in equation (11) and (12), the transconductance can be determined 

by taking the derivative of those equations: 
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Figure 3-4 Transfer characteristic of an ISFET and the transconductance value 

SiNW FET 

It is important to understand the working principle of a Silicon nanowire (SiNW) based sensor to 

evaluate its potential as well as to overcome its constraints. A SiNW-based sensor fundamentally 

shares the same working principle as the conventional ISFET in the way that it transfers the change 

of the surface potential on the nanowire to the wire conductance variation. However, there are also 

differences. SiNWs were fabricated on Silicon on insulator wafers (SOI) and an oxide layer isolates 
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the whole channel from the substrate. SiNW FET is smaller and so are its transconductance values. 

A SiNW FET structure includes a low p-doped nanowire between two highly p-doped silicon 

regions functioning as the source and drain contact lines (Figure 3-5). Differing from planar ISFET, 

SiNW FET has a multigate (or multiple-gate) structure [113] (shown in the Figure 3-5b) and the 

wire itself is the conductance channel [114]. The device therefore has a much higher surface-to-

volume ratio compared to conventional planar ISFET. In addition, because the size of SiNWs is 

comparable with the size of biomolecules, a small total number of biomolecules attached to the 

surface of the nanowire will induce a detectable variation of the deviceôs conductance. Thus, SiNW 

FET has higher sensitivity compared to micro-sized ISFET devices. The reported sensitivity of a 

SiNW FET sensor varies from nanomolar to femtomolar of analyte concentration [115,116]. 

Because of its significantly high surface-to-volume ratio and its high sensitivity detection 

capability, the detection mechanism of SiNW FET based sensors is still under discussion. However, 

many theoretical considerations for ISFET are also relevant to SiNW FET cases. 

 

Figure 3-5 a) Structure of a SiNW FET based sensor; b) Cross section of a single SiNW 

3.2  pH Sensing 

Field-effect transistor sensors, because of their real-time readout capability, are well-suited to pH 

sensing, which is fast and reversible. Applications of pH sensing include metabolic studies on large 

and small number of cells [18]. It is generally considered that the dominating surface charging 

mechanism of pH sensing with FET devices is the protonation and deprotonation of the hydroxyl 

groups of the silicon oxide surface (SiOH). Therefore, the surface potential and hence the threshold 

voltage VTH of the sensor are modulated by the pH of the measurement solution [30,111,117,118] 
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which was well described by the Site-binding theory. The following equations 15 ï 38 will  

investigate the dependence of surface potential ɰ  at the electrolyte-insulator interface upon pH of 

the bulk solution following [30,118]. Among those the equations 21-26 and 35-37 were derived 

from this work for better understanding the final conclusion of the dependence. The assumption of 

the site-binding theory is that there are discrete sites located on the chipôs surface which are 

considered as amphoteric binding sites (can be both proton donor and acceptor) Figure 3-6 : 

 3É/( ᵵ3É/(  with equilibrium constant +   (15) 

 3É/((  ᵵ3É/(  with equilibrium constant +   (16) 

Where Ka and Kb are dimensionless equilibrium constants and [H+]s is the concentration of H+ ion 

on the chip surface, which is related to bulk [H+] by the Boltzmann equation: 
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q is electron charge, k is Boltzmann constant, T is Kelvin temperature. 

 

Figure 3-6 Hydroxyl group on the oxide surface can function as amphoteric binding sites (can be 

both proton donor and acceptor) 

Replacing [H+]s from equation (15) and (16) to (17): 
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Where Ù  

A variable is defined as:  Ø  Ą 3É/(  Ø 3É/  

Two other equations can describe the surface species concentration: 

Number of surface sites: 

 . 3É/( 3É/ 3É/(  (19) 

And the surface charge density: 

 ʎ Ñ 3É/( 3É/  (20) 

To calculate Ø the following equations can be extracted: 
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Multiple (15) and (16):  
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Replacing (21), (22) and (23) to equation (19): 
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The parameters ᶿ  is defined as: ᶿ ; ɿ ς++  

Then (24) can be rewritten as follows: 
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Solving the equation (25), the value of ὼ can be obtained: 
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The concentration of (  in (18) can be described as follows: 



3. Theoretical Considerations 

 

27 

 

(
+

+
ÅØÐÙ

ᶿ
ɿ

ρ
ᶿ
ɿ

ρ ɿ

ρ ᶿ
 

(27) 

It is assumed that ɿḺρ for inorganic insulators such as silicon dioxide. The pH value which is 

needed to neutralize the surface potential (no net surface charge) of a certain insulator material is 

called the point of zero charge Ð( . The value of Ð(  of silicon oxide has been reported 

between pH 1.5 to pH 3.7 [30]. The neutrality of surface charge leads to Ù π and θ π: 
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The parameter ג is proportional to the difference between the pH and the pHpzc: 
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Equations (27) and (29) give the basic relation between pH and the surface potential: 

 

ג Ù ÌÎ
ᶿ

ɿ
ρ

ᶿ

ɿ
ÌÎρ ᶿ

Ù ÓÉÎÈ
ᶿ

ɿ
ÌÎρ ᶿ  

(30) 

To achieve the relation of pH/ɰ  the model of Gouy-Chapman-Stern for an electrical double layer 

is used, in which ɰ  is the sum of potential of the diffusion and the Stern capacitance. 

The surface charges induce an electric field. This electric field brings counter ions to the surface 

[66]. The layer of surface charges and the counter ions is called ñelectrical double layerò which is 

modeled by the Gouy-Chapman and Stern theories. As its name suggests, the electrical double 

layer consists of two layers: the inner layer of counter ion absorbed on the oxide surface is called 

the Stern layer; the outer layer is formed by diffused counter ions from the inner layer to the bulk 

of the solution, which is called the Gouy-Chapman layer. A potential drop over these two layers is 

depicted in Figure 3-7. 

Calculation of Stern capacitance (CSt) uses the simple equation for a plate capacitor. The two plates 

are formed by the absorbed ions and the oxide surface. If Rion is the radius of the hydrated ions 

(ions at Outer Helmholtz plane: OHP), the radius is in the order of Rion/ 2 å 2 ¡. The Stern 

capacitance per unit area is defined as following: 
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where ʀ : the permittivity at the surface is reduced and typically of the order of ʀ  ~ 6é32 for 

water. 

 

 

Figure 3-7 Gouy-Chapman-Stern model of oxide-liquid interface and the potential drop over 

them 

Gouy-Chapman capacitance is calculated: 
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