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“Everyone is genius. But if you judge a fish on its ability to climb a tree, it will live

its whole life believing that it is stupid.”

Albert Einstein



ABSTRACT

Recent advances in hanotechnology offer a new platform for the label free detection of
biomolecules at ultra-low concentrations. Nano biosensors are emerging as a powerful
method of improving device performance whilst minimizing device size, cost and
fabrication times. Nanogap capacitive biosensors are an excellent approach for detecting
biomolecular interactions due to the ease of measurement, low cost equipment needed

and compatibility with multiplex formats.

This thesis describes research into the fabrication of a nanogap capacitive biosensor
and its detection results in label-free aptamer-based protein detection for proof of
concept. Over the last four decades many research groups have worked on fabrication
and applications of these type of biosensors, with different approaches, but there is much
scope for the improvement of sensitivity and reliability. Additionally, the potential of these

sensors for use in commercial markets and in everyday life has yet to be realized.

Initial work in the field was limited to high frequency (>100 kHz) measurements only,
since at low frequency there is significant electronic thermal noise (<V?>=4kgTR) from
the electrical double layer (EDL). This was a significant drawback since this noise
masked most of the important information from biomolecular interactions of interest. A
novel approach to remove this parasitic noise is to minimize the EDL impedance by
reducing the capacitor electrode separation to less than the EDL thickness. In the case
of aptamer functionalized electrodes, this is particularly advantageous since device
sensitivity is increased as the dielectric volume is better matched to the size of the
biomolecules and their binding to the electrode surface. This work has demonstrated

experimentally the concepts postulated theoretically.

In this work we have fabricated a large area (100 x 5 um x 5 um) vertically oriented

capacitive nanogap biosensor with a 40 nm electrode separation between two gold

electrodes. A silicon dioxide support layer separates the two electrodes and this is



partially etched (approximately 800 nm from both sides of each 5 pm x 5 um capacitor),

leaving an area of the gold electrodes available for thiol-aptamer functionalization.

AC impedance spectroscopy measurements were performed with the biosensor in the
presence of air, D.I. water, various ionic strength buffer solutions and aptamer/protein
pairs inside the nanogap. Applied frequencies were from 1Hz to 500 kHz at 20 mV AC
voltage with 0 DC. We obtained relative permittivity results as a function of frequency for
air (e=1) and DI water (¢~80) which compares very favorably with previous works done

by different research groups.

The sensitivity and response of the sensors to buffer solution (SSC buffer) with various
ionic strengths (0.1x SSC, 0.2x SSC, 0.5x SSC and 1x SSC) was studied in detall. It was
found that in the low frequency region (<1 kHz) the relative permittivity (capacitance) was
broadly constant, that means it is independent from the applied frequency in this range.
With increasing buffer concentration, the relative permittivity starts to increase (from

€=170 for 0.1x SSC to €=260 for 1x SSC).

The sensor performance was further investigated for aptamer-based protein detection,
human alpha thrombin aptamers and human alpha thrombin protein pairs were selected
for proof of concept. Aptamers were functionalized into the gold electrode surface with
the Self-Assembly-Monolayer (SAM) method and measurements were performed in the
presence of 0.5x SSC buffer solution (¢=180). Then the hybridization step was carried
out with 1 pM of human alpha thrombin protein followed by measurements in the
presence of the same buffer (e=130). The response of the sensors with different solutions
inside the nanogap was studied at room temperature (5 working devices were tested for
each step). The replacement of the buffer solution (€=250) with lower relative permittivity
biomolecules (aptamer €=180) and further binding proteins to immobilized aptamer
(e=130) was studied. To validate these results, a control experiment was carried out
using different aptamers, in this case which are not able to bind to human alpha thrombin

protein. It was found that the relative permittivity did not change after the hybridization



step compared to the aptamer functionalization step, which indicates that the sensors

performance is highly sensitive and reliable.

This work serves as a proof of concept for a novel hanogap based biosensor with the
potential to be used for many applications in environmental, food industry and medical
industry. The fabrication method has been shown to be reliable and consistent with the
possibility of being easily commercialized for mass production for use in laboratories for

the analysis of a wide range of samples.
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1.1. INTRODUCTION

The very general definition of a sensor is a device that can be used to identify the
presence or absence of an object %.This could be on the macro scale, such as an
automatic door sensor detecting a person walking into a building or on the microscopic
scale, where a sensor can detect the presence of a very small object such as a
biomolecule. Sensors are commonly used in a wide variety of technological applications
and have become an essential detecting tool in most areas of daily life. Examples of this
include: clinical applications (such as diagnostic and drug delivery), biological threat
detection, use in the food industry and environmental monitoring 2. Tablel.1 illustrates

commercial available biosensors for such application.

The main challenge faced by practitioners in the diagnosis and monitoring of cancer and
various diseases is the time intensive nature and cost of routine blood and urine tests
and other related diagnostic processes. Even routine tests require analytical laboratory
facilities, professional staff, high sample volumes and time. Analytical sensors have
many potential advantages which address these challenges such as low cost, fast
response times, high sensitivity and straightforward operation. These factors could allow

operation without the requirement of expensive laboratory equipment 4.

Diagnostic and drug delivery based on lab-on-chip (LOC) technology is a highly
promising area of research that brings a huge variety of opportunities to healthcare
professionals in terms of saving time and cost °. These LOC platforms are commonly
based on a technology called microfluidics, which is, simply put, the science and

engineering of fluid flow on the microscale 8,
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Table 1-1.Commerically available biosensors on the world market.modifed from ref 2.

Commerical Biosensors

|

B.anthracis,SEB,Ricin,Vaccinia,

E.tularensis,Coxiella burnetti ,
Brucella

Y.pestis,Venezuelan equuine ,

Encephalitis,V.cholera,Salmonella,
Listeria,E.Coli 0157 ,Authrax
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The use of sensors in society covers a broad spectrum of applications. The detection of
pathogens is one key area of use. Some pathogenic bacteria have high mortality and
transmission rates. Examples include influenza, HIV (Human Immunodeficiency Virus),
tuberculosis, malaria and Yersinia pestis, which significantly threaten public health .
These pathogens can also be classified as a biothreat and necessitate a fast response
and reliable detection to avoid transmission. Early detection of biothreat agents allows
rapid decision making leading to efficient mobilization of suitable and effective responses
during a biological emergency °. Existing identification and detection process can be
slow, expensive and require specialist laboratory facilities, whereas advanced
biosensing techniques allow highly sensitive detection with the added advantage of being

rapid, low cost and precise 2 1°,

Food is one of the essential daily needs for humans. It is also one of the primary
environments for pathogens like Escherichia coli, Salmonella spp., Campylobacter jejuni
and Listeria monocytogenes to develop, causing most of the foodborne diseases 1112 13,
The dairy industry requires high testing rates because, despite quality control,
refrigeration and pasteurization, it is still one of the main causes of foodborne illnesses

due to contaminants *15.

With an exponentially increasing population in recent decades, the use of chemicals in
industrial areas have also been massively increased. The release of many toxic
compounds into water, air and soil can cause many serious environmental problems
globally **17. The exposure of live biological cells to these toxic chemical compounds can
cause illness in humans, animals and plants. Hence, the monitoring, identification and
detection of these chemicals is very important for the safety and security of all living
things®®. Using biosensors, scientists have been able to perform instant monitoring and
detection of a large number of chemicals in various ecosystems which could have

otherwise caused a hazard and risk to our planet?®.
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Lab-On-Chip technology has huge potential as a tool for portable, real time and label-
free medical diagnostics and it can also be used for detecting foodborne pathogens in
an extremely short period of time and with very high sensitivity. Additionally,
environmental contaminants can be quickly detected and identified to reduce risk to the

environment and the living things within an ecosystem 4 2°,

This thesis will continue by explaining biosensors; the general definition and
categorization of the different types of biosensor based on the recognition element and
transducer being utilized. The final part of this chapter will cover the motivations,
research objective and scope of this work. In Chapter 2, the basic principles of
electrochemical impedance spectroscopy will be introduced in the first part of the
chapter. The second part of Chapter 2 will focus on hanogap capacitive sensors in the
literature (state-of-the-art) and the final part will cover identifying the demand for this type
of sensor and how this project will take steps towards nanogap capacitive biosensor for
label-free detection. Chapter 3 will focus on sensor design and fabrication and the visual
characterization of the sensor with optical microscopy, scanning electron microscopy
(SEM) and atomic force microscopy (AFM). This chapter also covers the details of
measurement setup, surface functionalization. Chapter 4 will present sensor
performance results in terms of sensitivity and reliability, as well as critical analysis on
these results. Finally, in Chapter 5, a brief summary of the project will be presented with
its key achievements and conclusion. The final part of this chapter will explain the future

work for this project.
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1.2. BIOSENSORS

Biosensors are powerful analytical tools with the potential to be used in the applications
mentioned in the previous section. As discussed, there are several properties which
make biosensors more favorable when compared to other lab-based detection
techniques: reliability, accuracy, cost effectiveness and, perhaps most importantly, they

are time saving and easy to use %% %,

A biosensor consists of three main components: the biological recognition element (with
samples from blood, urine, food, water or soil, for example), the transducer element
(electrochemical, optical, colorimetric, mass or magnetic) and detector (signal

amplification and processing) 2.

T Recognition Signal
blz:i;:ne .ﬂl_l\ [ | = Element B | Transducer
»o e ng
o’«$‘, § Signal
e “" oo ‘ Enzyme ‘ Electrochemical ‘ Detection
z 1@
Antibodies Optical
Environmental |
sample Aptamers ‘ Mechanical

Figure 1.1. Main parts of a system to be a called " biosensor”. Here the start point is the sample, from which recognition
elements (DNA, enzyme, antibody or aptamer) are extracted. The signal transducer follows, which converts the biological
event (target molecule binding to recognition element) to a measurable signal at the end.

Biosensors in general can be categorized according to the type of biological recognition

element and immobilization technique or the type of transducers used.

16



1.2.1 .BIOSENSOR CATEGORIES - BIOLOGICAL RECOGNITION ELEMENTS

The biological recognition element controls the selectivity and specificity which allows
the biosensor to respond to a specific target with minimum interference from undesired
substances. The recognition elements include: enzymes, antibodies and aptamers. The
four main immobilization techniques for these elements include adsorption, covalent

binding, affinity bonding and entrapment.

IMMOBILIZATION TECHNIQUES

Immobilization in biosensors can be explained as the attachment of molecules (enzymes,
antibodies and aptamer for this case) to a surface such that there is restricted or
complete loss of molecule mobility. Depending on the approach, it may change the
molecules activity due to random orientation and structural deformation. It is crucial to
maintain the biological activity with no impact on conformation and function during

immobilization 2. Figure 1.2 shows the immobilization techniques 2.

The method for immobilization is strongly dependent on the immobilization surface,
molecule (analyte) properties and the purpose of the biological interaction. The four

common immobilization techniques will be explained in more detail below.

B
Glutaraldthydc
SAM
Enzyme Surface
(gﬂld,
glass, etc.)

D uv
Bmtl n

¢ 5w

Streptavidin

P Pul}mer ,. ’
N/ @

Figure 1.2 . Immobilization techniques A) absorption, B) covalent bonding, C) affinity bonding and D) entrapment 26
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Absorption is the simplest and easiest approach. It is also known as Physisorption (i.e.
physical adsorption). Biomolecules, such as proteins and enzymes, are adsorbed on the
surface via intermolecular interactions (for example electrostatic, van der Waals,

hydrogen bonding, hydrophobic) 2.

The formation of a bond layer comes about by introducing the prepared solution to the
immobilization surface, either by direct contact or the continuous flow of the solution.
This layer is most likely heterogeneous and randomly orientated, because each molecule
can create more than one contact in a variety of orientations. Potential disadvantages of
the adsorption technique are this random orientation and weak attachment. Moreover,
the intermolecular interaction in the adsorption mechanism is extremely dependent on
environmental conditions in the solution such as pH, ionic strength, temperature and

surface condition 2.

Covalent bonding is a more complicated technique and involves the formation of a
covalent bond between the protein and support surface. In this method, the
immobilization surface is activated by a reactive reagent. This surface will then react with
an amino acid on the outer area of a protein due to the formation of an irreversible linkage

with high and stable protein coverage ?’.

The covalent bonding method contains two groups of linker molecules: the first group
corresponds to the immobilization surface and forms a so-called self-assembled mono-
layer (SAM) and the second group forms a covalent bond with enzymes. There are many
advantages of utilizing this technique, such as high uniformity of the layer, precise control
of sample quantity and low possibility of denaturation. In comparison with adsorption,
this method requires complex and sophisticated preparation and extended fabrication

time. Additionally, the chemicals need to be as pure as possible.

Affinity bonding method is related to the naturally strong affinity of certain pairs of
biomolecules to one another. In contrast to adsorption and covalent bonding, the
interaction in affinity bonding produces stronger, highly specific and oriented

18



immobilization. Moreover, this method of immobilization is reversible using chemical or
heat treatment and pH change. This will allow re-use of the same surface. Affinity
bonding can also be used in conjunction with other technigques such as adsorption and
covalent binding. A bio-affinity reagent can be been used as an intermediate binding

species between the surface of interest and the target protein 27 28,

There are several known protein interactions such as Avidin-biotin, biotin-streptavidin
and a protein to immunoglobulins (G) (known as A/G proteins) which are based on affinity
bonding. Also, affinity captured ligand, DNA hybridization, antibody and aptamer are the
common biomolecules which show high affinity to target proteins 2. For example, both
biotin-Avidin and biotin-streptavidin proteins can be attached to a wide range of
substrates. Avidin and Streptavidin can be directly immobilized to the surface via
adsorption or covalent bonding. Biotin will then covalently bond to the enzyme and, when
the bonded enzyme comes into contact with the surface, a strong affinity based bond will

form 26. 25,

Nevertheless, the interactions in all the immobilization techniques described above will
occur through direct contact with solution. In the entrapment method, however, the
biomolecules are embedded into a three dimensional polymer matrix which is absorbent

to aqueous solution and thus able to retain a high amount of water 26,

An example of this technique is the use of hydrogels for enzyme immobilization.
Hydrogels are crosslinked polymers with a three-dimensional structure and high water
absorbency and provide an excellent environment for enzymes to carry out their
biological functions with less denaturation. They also create a protective environment for

entrapped enzymes preventing degeneration and non-specific adsorption 2°.

The enzyme is mixed with a monomer solution (hydrogel), followed by introducing the
mixture to the electrodes. When a constant current or cyclic voltage sweep is applied
between the working and counter electrode for a set period of time, the monomer
polymerizes on the electrode and entraps the enzyme.

19



ENZYME-BASED BIOSENSOR

Enzymes are proteins (except some RNA molecules which can act as enzymes) which
catalyze or accelerate chemical reactions. The activity of an enzyme mainly depends on
a cofactor (i.e. a small molecule), which attaches to enzyme and forms the enzyme

catalytic action.

Enzyme names can be categorized using the: “-ase” (for example Oxidase,

dehydrogenase, carboxylase, Glucose oxidase) or “in” (for example trypsin,

chymotrypsin, papain ) % 32,

Enzymes are important tools in biosensing because of their specificity, a theory first
proposed by the German chemist Emil Fischer in 1894. Fischer described the enzyme
and substrate interaction in his “key-lock” hypotheses whereby only the correct key
shape (substrate) will fit the appropriate lock (enzyme). A simplified representation of
this is shown in Figure 1.3. In 1958, Daniel Koshland extended Fischer’s hypothesis and

proposed the “induced-fit model” for enzyme and substrate binding.

Active site

Figure 1.3. lllustration of enzyme and substrate binding at active site showing the lock and key theory.
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The substrate binds to the enzyme in an area called the active site. The shape and
charge properties of active site allows enzyme to bind to a specific type of substrate

molecule, hence the specificity.

Enzymatic biosensors are analytical tools consisting of enzymes (as the biological
recognition element) and transducers (electrodes). In this type of device, the interaction
between the enzyme and the electrode results in a signal that is proportional to the
concentration of the target analyte. There are a variety of signals to detect, for example
temperature change, Redox (reduction-oxidation) reaction rate, proton concentration,
light generation and mass difference. This signal is then transformed into a measurable
response, such as a current, voltage, temperature difference or electrochemical
absorption of light. Finally, the signal can be amplified, where necessary, to fit the

detection purposes 2.

The first enzyme biosensor was reported by Clark et al., in 1962 33, This glucose
biosensor was used for the detection and measurement of diabetes mellitus and was
based on glucose oxidase (GOx enzyme) catalyzing the oxidation of glucose to hydrogen
peroxide and D-glucono-lactone. From this well studied chemical reaction, it is possible
to calculate the glucose concentration by screening the consumption of oxygen or
creation of hydrogen peroxide 3. In 1975, Clark’'s proposed research was
commercialized under the brand name 23A Glucose Analyzer by Yellow Springs
Instruments Company. This early enzyme biosensor was able to directly measure

glucose levels in human blood 3% 34,
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ANTIBODY-BASED BIOSENSOR

The immune system of a human body plays a vital defense role against all infective
diseases. Part of this defense mechanism is the production of antibodies (Ab) via an

immunological response in the presence of a foreign substance: an antigen (Ag).

The antibody is generally represented as a Y-shape molecule consisting of two heavy
and two light chains. The shorter light chain (light blue in the figure) interacts with the N-
terminus of heavy chains (Fc, dark blue in the figure) to form the two “arms” or antigen

binding (‘Fab’) domains, which are composed of both constant and variable regions *°.

A\
” %Q,
\ d\“%

e
o

FC —

Figure 1.4. General structure of an IgG antibody (~ 150kDa), showing the heavy and light chains, the Fab, Fc domains
and antigen binding sites.

The two arms in the Fab domain contain six variable amino acid loops, which are known
as the complementarity determining regions (CDRs) and are responsible for binding to

the antigen. The constant region is located at the bottom of Y-shape and is known as the
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Fc domain. This mediates the antibody’s interaction with macrophages and other cells

expressing Fc receptors 3 36,

The amino acids within the variable region vary from one antigen-specific antibody to
another (the region name comes from this), whereas the amino acids within the constant
region are very similar between one class of antibody and another. There are five classes

of antibody based on their heavy chains: IgA, IgG, IgM, IgD and IgE .

Antibody-based biosensors are known as immunosensors that are specifically able to
detect the binding of an antibody and an antigen at the transducer surface. In this type
of sensor, a measurable signal can be produced with the binding of an antibody and
antigen 3. Immunosensors can be divided into two main classes according to the type
of transducer: optical and electrochemical. Optical transducers have some
disadvantages when compared to electrochemical due to being less sensitive due to
labeling, large detection setup, associated health hazards and disposal problems % 4°,
On the other hand, electrochemical detection shares none of these disadvantages and

enables label-free, fast, simple and cost effective measurement 4% 4239,

- *-
4 W Antigen-antibody >>-
& A >- interaction >> Amperometric
o =
@ - e Potentiometric
L) =
@( ] : >>- Conductometric
- >
7 [ ) = >> Impedimetric
/ \ __]
Complex mixture Sensor surface Becistcalsiwal
such as serum with recognition eeineRlsiEna
and plasma element

Figure 1.5. Schematic presentation of an electrochemical immunosensors.

In the electrochemical technique, the antibodies act as bio-receptors and the antigen
acts as a target analyte. With antibody-antigen binding, the transducer generates a signal

which can be detected based on an amperometric, potentiometric, impedimetric or
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conductometric principal 43 44.Figure 1.5. illustrates the process of the binding interaction

in electrochemical immunosensors.

APTAMER-BASED BIOSENSOR

The word aptamer is derived from the Latin word ‘aptus-‘ (meaning it’) and Greek word
“meros’ (meaning ‘part’). Aptamers are single-stranded DNA or RNA molecules with
high affinity to proteins, organic or inorganic substrates and other macromolecular

compounds.

Nucleic acid pool

O D
O A A Target

Amplified molecules Target binding
with pool

A seLex oY
Oo A

Unbound

molecule
Separation O D
00

Figure 1.6.Schematic process of systematic evolution of ligands by the exponential enrichment (SELEX). A large nucleic
acid library is created and introduced to a target molecule. Unbound molecules are removed and the bound ones are

separated followed by the amplification of remaining molecules via polymerase chain reaction (PCR) “°.

Aptamers are generated for the specific-target fabricated from a randomized library of
molecules by a synthetic process known as systematic evolution of ligands by

exponential enrichment (SELEX) *°. This approach was first described in 1990 by three
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independent research groups; Ellington and Szoztak “¢, Tuerk and Gold #” and Robertson

and Joyce “,

The SELEX schematic process shown in Figure 1.6 is an iterative process based on in-
vitro selection and enzymatic amplification techniques that mimic a Darwinian-type
selection of relatively few, but optimized, structural motifs. The process of the selection
of target-specific aptamers is based on the repetition of three critical steps: (1) the
incubation of the nucleic acid pool and the target molecules, (2) separation of the bound
and unbounded molecules and (3) the amplification of the bound molecules via

polymerase chain reaction (PCR) “°.

In the first part of the SELEX procedure, the binding step takes place where the analyte
of interest is exposed to a chemically synthesized random DNA oligonucleotide library
containing 10 to 10'° different sequence motifs. The un-wanted and unbound
molecules are removed by separation and the bound ones are amplified for the next
round of selection. This process is repeated at least 12 times. After the 12" round, the

selected aptamers are cloned and sequenced for appropriate applications .

Aptamers have many advantages, such as the ability to fold upon binding, affinity,
selectivity and specificity of target binding interactions. These desirable factors make
aptamers more popular than natural biological recognition elements, such as antibodies
and enzymes, due to high stability in harsh experimental environments such as high
temperatures and high salinity. Most importantly, the interaction between aptamer and
target molecules can be reversed via intermolecular hybridization. Additionally, they can
be easily synthesized and developed to detect a variety of in-vitro targets, such as

proteins, peptides, drugs, small molecules, metal ions or even whole cells % 52,

Aptamer-based biosensors (also known as aptasensors) are based on capturing a
specific aptamer and target molecule binding event and converting it into a measurable

signal. There are varied detection methods for this type of sensor such as mechanical,
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optical and electrochemical. Among these, electrochemical techniques are the most

popular 52 5354,

1.2.2. BIOSENSOR CATEGORIES - TYPE OF TRANSDUCER

The transducer of a biosensor converts the biological binding interaction into a
measurable signal. This signal can be optical or electrical, depending on the physics and

chemistry of the change that occurs during the sensing event 2,

There are three main detection methods: 1) mechanical, 2) optical and 3)
electrochemical. Furthermore, these approaches can be divided into two main
categories: non-labeled and labeled. The non-labeled type (or label-free) method is
where direct measurement of the interaction between the target biomolecule, bio
recognition element and transducer surface is performed. However, in a labeled
approach, a specific label has to be assigned and attached to the target biomolecule and
the label itself will be detected *°. Table 1-2 shows the biosensors classification

according to the type of transducer.
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Table 1-2. Biosensor categories according to the type of transducer. Modified from 24,55, 56

Biosensors classification based
on the type of transducer
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MECHANICAL

Mechanical detection is based on monitoring the high-speed mass transformation arising
from the interaction between target molecule and the immobilized recognition element
species. This interaction followed by mechanical forces defines motility and adhesion,
leading to control mobility and affinity on micro and nanoscale. Mechanical transducers
are able to detect forces, motions and mass changes for a range of biomolecular

interactions > %7,

Mechanical transducers can be divided into three main technigues: surface acoustic

waves (SAW), quartz crystal microbalance (QCM) and cantilever (seeTable 1-2).

As implied by the name, a surface acoustic wave is a type of acoustic wave that
propagates along the surface of a material. These waves are generated by Interdigital
Transducers (IDTs), which are periodic comb-like metal structures deposited on a
piezoelectric material (electrodes). When a sinusoidal wave with a period identical to the
IDT period is present, vibration occurs underneath the IDT, which then generates an
acoustic wave perpendicular to the direction of the IDT. This wave propagates on the

surface of the piezoelectric material in both directions ®8

According to the acoustic wave guiding process, acoustic wave devices can be sub-
categorized into three groups: bulk acoustic wave (BAW), surface acoustic wave (SAW)
and acoustic plate mode (APM) devices. In BAW devices, the acoustic wave propagates
unguided through the volume of the substrate. For SAW devices the acoustic wave
propagates, either guided or unguided, along a single surface of the substrate and in

APM devices, the waves are guided by reflection from multiple surfaces °°.

Quartz Crystal Microbalance (QCM) based biosensors is a good example of BAW
devices 6% 6162 |n this type of biosensor, an AT-cut thin quartz disk (a disk cut from a
quartz mineral at an orientation of 35.25° to the optical axis) is sandwiched between two
metal electrodes (typically made from gold). Due to the piezoelectric nature of quartz

material, when an electric field is applied, a measurable deformation is produced



whereby both surfaces move in parallel but opposite directions, thus generating acoustic
waves which propagate through the bulk material through the crystal. The direction of
this acoustic wave is perpendicular to the surface and the wavelength is double the

thickness of the substrate 63 64,

Cantilever sensors are the last in this category, these can be operated in different modes
which return different information. Additionally, when used in combination with other

methods, this method can be used to record a specific set of coupled data °° ©°,

OPTICAL

The properties of electromagnetic radiation can be characterized as amplitude,
frequency (and consequently wavelength), phase, polarization state and time
dependency. In the field of optical spectroscopy, absorbance, transmittance and
reflectance of the material are the main measurable properties ¢’. Optical sensing is
non-destructive, long distance applicable and, most importantly, independent of
environmental conditions (for example in the presence of high voltages, chemicals or

biohazards) ©2.

In general, there are two detection methods used in optical biosensors: label-free and
labelled methods® . In labelled methods, either the target molecules or bio recognition
molecules are labeled with a tag. In this case changes in the optical
transmission/absorption/emission of light at the specific wavelength indicates the
presence of the target molecule and the interaction strength between the target and bio
recognition molecule °. This method is extremely sensitive, with potential detection
limits down to a single molecule, but the main disadvantage is the complex labeling
process which has the potential to interfere with the functionality of the target or bio

recognition molecules.

In the label-free method, the target molecules (or recognition element) do not require any
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alteration in any way and are detectable in their natural form. This approach is relatively

simple and low cost to operate.

As mentioned, for the sensing application using labeling methods, the process itself
demands additional time and cost and can alter the molecular interaction by blocking a
binding site leading to potentially undesirable results ’*. Also, many sensor compounds
are hydrophobic and are very sensitive to background binding (i.e. unwanted binding).
In comparison, label-free methods allow real time binding reaction detection that are

simply not possible with labelling methods.

The most desirable features of label-free 7> 73 and real time detection are:

1) Improvement of the measurement accuracy and sensitivity at the binding event by real

time binding monitoring.

2) Enabling monitoring of key biophysical parameters such as binding rate and affinity

constant.

3) Less reagent consumption, especially for applications related to low affinity

interactions, which demand high protein concentration for saturation.

Surface plasmon resonance (SPR) is one of a most popular label-free optical detection
methods 7. It is based on light energy (photon) transfer to free electrons on a metal
surface (commonly gold). Light can be coupled into the thin metallic surface using either
a prism or grating. The excited photons generate a charge density wave, a so-called
surface plasmon (SP), which propagates along the interface between metal surface and
a dielectric medium. The propagation of the plasmon in the metal surface produces an
electromagnetic field in the form of evanescent waves which exponentially decay within
100-200 nm of the surface. These waves are extremely sensitive to changes in the
dielectric constant of the relevant medium and due to this, SP waves are more sensitive

to local refractive index changes than traditional measurements techniques 7 7% 7375,
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ELECTROCHEMICAL

Electrochemical detection is based on the interaction between biological elements and
electrodes and generates a measurable electrical signal. As shown in Table 1-2, the
electrically measured signals can be Amperometric (current based), potentiometric

(potential difference based) or Impedimetric (impedance based) 75 7.

AMPEROMETRIC

The Amperometric detection method is based on applying a potential to a working
electrode against a reference electrode and measuring the resulting change in current.
In this technique, the current is generated via an electrochemical reduction or oxidation
at the working electrode and the change in the current can be directly monitored with a
constant potential applied between the working and reference electrodes. The current

is proportional to the concentration of the electroactive species in the solution 6,

There are either two or three electrode configurations in the electrochemical cell. The
three electrode system consists of: one working electrode made of chemically stable
solid and conductive material (such as platinum, gold or carbon), one reference electrode
(typically silver metal coated with a layer of silver chloride; Ag/AgCl) and one counter
electrode (platinum wire). In the process of current measurement, the reference
electrode is removed from the site of redox reaction in order to maintain a known and
stable reference potential. The benefit of this setup is that the charge generated from
electrolysis passes through the counter electrode instead of the reference electrode,

which protects the reference electrode from changing its half-cell potential.

In a two electrode system, there are only the working and counter electrodes and, if the
current density is low enough (micrometre scale), the counter electrode can carry the
charge with no adverse effects. Two electrodes are usually preferred for disposable
sensors because the long-term stability of the reference electrode is not required and

also the cost of this system is favourable compared to to those using three electrodes.
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Screen-printed electrodes (SPEs) have become very popular in the production of
electrochemical biosensors using three electrode systems due to the low cost, simplicity

and speed of mass production to apply the thick film technology required 78 7% 8,

Interdigitated array (IDA) electrodes are another example of amperometric
electrochemical transducers used in biosensors 6. IDAs consist of two pairs of working
electrodes with parallel strips of metal fingers which are separated by an insulating
material. One electrode array works as an anode for oxidation and the other acts as a
cathode for reduction. The redox cycling of the electroactive species which occurs when
different potentials are applied to the two electrodes causing oxidation-reduction cycling

is presented in Figure 1.7.

H,N O—OH = HN=X =0 + 2e" + 2H"*
R — (0)
26\ 0 o£ % 0J2e
N N 20 s
Cathode Anode Cathode

Figure 1.7. Interdigitated array (ADI) electrode for cycling of a redox active species. Alkaline phosphatase (ALP)

hydrolyzes O-phosphate from a P-Aminophenyl phosphate (PAP) under alkaline conditions 76.

There are many advantages of IDA based biosensors with redox cycling. The electrode

reaction is reversible and the detection limits are low because the current used
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contributes multiple times to the detection current, hence the signal-to-noise ratio is

improved.

POTENTIOMETRIC

Potentiometric sensors are based on monitoring of the potential difference of an
electrochemical cell in the absence of a current between the electrodes. The measured
potentiometric signals are usually produced by changes in pH, redox or ionic states
resulting from the interaction between biomolecules and the sensor surface.
Potentiometric biosensors can be categorised as three different types: ion-selective
electrodes (ISE), field effective transistor (FET) and light addressable potentiometric

(LAPS) &,

ISE immunoassay is based on a standard multilayer structure with a secondary enzyme
labelled antibody. The signal generation arises from the adsorption of target molecules
onto sensor surface and this interaction leads to a measurable change in the potential of

the system.

FET sensors are an alteration of the ISE format in which the electrode is replaced with
the FET transducer. These type of biosensors can be fabricated by coating the sensing
surface with a bio recognition biomolecule specific to the application of interest 876, A

FET biosensor is shown in Figure 1.8 consisting of a gold electrode and a FET transducer.
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Figure 1.8. The principle of an enzyme immunoassay by using a FET biosensor 81,

In this case, the biosensor was fabricated to operate inside a microplate including
immobilised specific antibody (Interleukin 1B) and the standard antibody/antigen
structure for capture of the target antigen. The secondary antibody is labelled with a
specific enzyme (AChE) and enzymatic catalysis of this enzyme occurs and generates
a thiol compound on the surface of gold electrode. The FET unit transduces this chemical

reaction into a potentiometric signal therefore allowing the detection of Interleukin 1.

Finally, LAP sensors are based on the measurement of surface potential optically, via
the photovoltaic effect. In this type of biosensor, a silicon sensor substrate is activated
by a modulated LED light source, generating a photocurrent with a characteristic current
and voltage profile. The LAP sensor works as an electrode which measures voltage per
time differentials resulting from a change in the pH of reaction medium, effectively

performing as a pH electrode.
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IMPEDIMETRIC

Impedimetric biosensors measure a change in impedance resulting from changes in
resistance or capacitance at the sensor surface due to a biomolecule interaction.
Impedance is defined as the ratio of an incremental change in voltage to the resulting
change in current. An AC test voltage or AC test current is applied while the other

parameters are measured 882,

Electrochemical impedance spectroscopy (EIS) is a technique used in impedimetric
sensors. The main advantage of EIS compared with amperometry or potentiometry is
that this method can be label-free which, as mentioned previously, simplifies the
preparation process . The basic principle and theory behind EIS is presented in

Chapter 2.
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1.3. MOTIVATIONS

Thrombin is a Na*-activated, allosteric serine protease, it is not present in blood under
normal conditions, after vascular injury, thrombin is rapidly generated from Inactive
prothrombin by a series of enzyme cleavages 8+ 8. During coagulation, the concentration
of thrombin may vary from pM to mM levels, the activated thrombin cleaves fibrinogen
into fibrin and clots are formed at the site of vascular injury to prevent bleeding. The
important roles of thrombin and inactivated prothrombin in physiological and pathological
coagulation, also involved in various diseases, such as Deep vein thrombosis (DVT),

Alzheimer and Parkinson 86:87. 88,

The main role of alpha thrombin is in coagulation but it is also causes contractions and
relaxations of vascular smooth muscle depending on the loci of blood vessels and
species 8. Inactive prothrombin is proteolytically converted to active alpha thrombin
which may be further hydrolyzed to beta and gamma thrombin®. Since the ability of beta
and gamma thrombin in blood clotting are much less than alpha thrombin, many
researches has been focused on alpha thrombin because of it is physiological

significance.

#  thrombin

-
>

3 .4 nm Aptamer Binding exosite

Figure 1.9. Alpha thrombin protein size and the binding site for aptamer. Modified from 90,

»
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Since detection and optimization of alpha thrombin is crucial for many applications
mentioned earlier, and aptamers are a very strong candidate to serve in this purposes
(see section 1.2.1) we will focus on aptamer binding to alpha thrombin in biosensing

techniques.

Figure 1.9 illustrates the physical size of alpha thrombin and the binding site for aptamer.
With using this concept, the detection of this biomolecules can be done by different
biosensing methods. This is because alpha thrombin aptamer and protein are known to
have highest binding affinity and specificity. In the literature, these pair is commonly used

as a proof-of concept procedure for sensor technology .

Table 1.3. Biosensors based on label-free and labelled (low detection limit) for aptamer-based human alpha thrombin

protein detection in the literature.

A Reagentless
Signal-On Electrochemical | Label-Free | 260nM 2005 | 9
Architecture

Nucleic Acid-
Functionalized Pt Optical Labelled | 0.1pM 2006 | 92
Nanoparticles

Aptamer-Capped
Nanocrystal Optical Label-Free | 182nM 2006 | 93
Quantum Dots

Bio bar code assay Electrochemical | Label-Free | 0.1ng/mL 2007 94

Impedimetric

Electrochemical | Label-Free | 100fM-100nM | 2009 95
Aptasensor

Nanogap Dielectric

Electrochemical | Label-Free | 1uM 2010 | %
Spectroscopy

G-quadruplex-based
DNAzyme as Optical Label-Free | 0.01-0.12nM 2011 | 97
sensing platform

Electrochemical Electrochemical | Label-Free | 2.5nM 2012 98
Proximity Assay

Turn-On Assay
Using Aptamer-
Functionalized Silver Optical Label-Free | 5nM-2uM 2012 | 99
Nanocluster DNA
Probes
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Aptamer Modified
Organic—Inorganic
Hybrid Silica

Optical

Label-Free

3.4nM

2012

100

On-Chip Synthesis of
RNA Aptamer

Optical

Label-Free

10fM

2012

101

Glucose oxidase-
functionalized
bioconjugate

Electrochemical

Label-Free

0.2pM

2012

102

Aptamer Hairpin
Switch and Nicking
Enzyme Assisted

Optical

Label-Free

100pM

2012

103

Neutralizer
displacement

Electrochemical

Label-Free

100pM

2012

104

Structure-Switching
Aptamers

Optical

Label-Free

1uM

2012

105

Solid phase binding-
induced DNA

Electrochemical

Label-Free

2aM

2013

106

Disposable Graphite
Electrodes

Electrochemical

Label-Free

19.02nM

2015

107

Carbon nanofibers
enriched screen
printed electrodes

Electrochemical

Label-Free

18.83nM

2015

108

Microplate assay

Optical

Labelled

10fM

2016

109

Silver nanopatrticles
Aptasensor

Optical

Labelled

20pM

2016

110

Target-induced
catalytic hairpin

Electrochemical

Label-Free

6pM

2017

111

Self-powered
triboelectric

Electrochemical

Label-Free

0.41nM

2017

112

Table 1.3. showing the available sensing techniques for aptamer-based alpha thrombin
detection, but to the best of our knowledge in the time of writing this thesis, there are

none commercially available biosensor for alpha thrombin detection.

In this project we used alpha thrombin aptamer modified with thiol linkers and human

alpha thrombin protein in the label-free detection platform based in electrochemical
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approach. The theoretical detection limit achieved was in femtoMol which is the lowest
limit according to table 2.2, this can be further improved to be used in clinical application
with low cost disposable nanogap biosensor. This was the initial idea to purpose this

project: the need for this type of label-free capacitive biosensing principle.

OBJECTIVES

The research objective of this project is to develop a highly sensitive and selective nano-
gap sensor for the label-free detection of human alpha-thrombin protein, using high
speed quantitative impedance based measurements. Our approach is the design and
fabrication of a novel vertically structured nano-gap capacitor consisting of two gold

electrodes separated by a 40nm gap of SiO; as an insulator.

The aim of the thesis is to detail the design, fabrication, electronic characterization and
optimization of sensor sensitivity, with the aim being to investigate its use in DNA and

biomolecule detection.

RESEARCH SCOPE

The scope of this project is as follows:

3

» Theoretical review of electrochemical impedance spectroscopy (EIS), Nanogap
fabrication methods, existing Nanogap bio-sensor devices and their advantages and

disadvantages

X3

%

Detail of fabrication steps and material and methods.

¢+ Optical and electronic characterization of the nano-gap capacitor using scanning
electron microscopy (SEM), atomic force microscopy (AFM) and impedance
measurements.

% Analysis of the results for the response of the device with: air, DI water and buffer

solution with various ionic concentrations.
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«+ Surface functionalization of 20-base pair Aptamer (ss-DNA), and hybridization of
sensor with human alpha thrombin protein. Conduction of control experiment for
testing sensor selectivity and sensitivity to nonspecific binding.

«» Discussion of results and future work.
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Chapter 2. ELECTROCHEMICAL IMPEDANCE
SPECTROSCOPY AND NANO-GAP CAPACITIVE SENSOR

PRINCIPLE AND BACKGROUND THEORY
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2.1. INTRODUCTION

Electrochemical impedance spectroscopy (EIS) is a technique used for analyzing
electrochemical systems. Applications can be both biological and non-biological (for
example material deposition, batteries and fuel cells). EIS is a non-destructive, steady-
state method enabling the monitoring of relaxation phenomena over a wide frequency
spectrum, typically in the range 10 to 10° Hz ** 114 with the advantage of obtaining
real-time and in situ measurements.

The technique was first postulated by Heaviside in the late 19" century and is based on
mathematical transforms in a two-dimensional complex number plane. He also
introduced the terminologies of impedance, admittance and conductance which were
then used to describe the term “operational impedance” as the complex ratio of the
voltage and current in an AC. This can be shown mathematically by the following

formula;

V(jo)

2U0)=1 )

(2.1)

where Z is the impedance, V is the voltage, | is the current, j is the imaginary component

and w is the frequency 15 116117,

The first use of EIS in biological applications was reported in 1925 for the estimation of
the overall impedance of biological cell 1. Nowadays, it has become one of the essential
techniques for bioanalysis and has, for example, been utilized to investigate the activity
of enzymes and target molecules *’.

The use of EIS for non-biological applications is also very important and has been the
center of attention for commercial applications over the last few decades. EIS for non-
biological applications was introduced by Menges and Schneider in 1973 where it was

used for the detection of corrosion on metallic surfaces.
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2.2. BASIC PRINCIPLE OF ELECTROCHEMICAL IMPEDANCE

SPECTROSCOPY

The very basic definition of electrical Resistance (R), unit ohm (), is the opposition force
to current flow. R is used to describe Direct Current (DC) circuits, where the current and
voltage are in same phase with each other. This opposition to current flow (R) is
frequency dependent with alternating current (AC) and in this case the term impedance
(2) is used, along with the angle between current and voltage vectors to describe the
phase difference. For a pure resistance, Z=R and 0=0°", whilst for a pure capacitance
6=90° and Z=-j/wC %117, Using a phasor diagram, (see Figure 2.1) an ideal resistance
has no phase difference between the applied voltage and current through the element,
whilst in a capacitor the voltage lags the current by 90° and in an inductor the voltage

leads the current by 90°.

Im Im Im
IResis |Cap | indu
¢
¢ » Re ¢ »Re » Re
For Resistor For Capacitor For Inductor
Voltage in phase Voltage lags Voltage leads
with current current by 90° current by 90°

Figure 2.1. Phasor diagram for resistor, capacitor and inductor in AC circuit.

In EIS spectroscopy a very low amplitude of sinusoidal AC voltage (typically 2-20 mV) is

applied to the system and the current response is measured. The frequency can be either

single frequency or over a particular range (for example, in the range 500 Hz-10 kHz).
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In impedance based biosensors, the applied AC voltage must be equal or less than 20
mV. The first reason for this is that the voltage and current relationship is often linear
only for small perturbations. In this condition the system is known as pseudo-linear and
the impedance can therefore be defined clearly 11¢ 82,

The second reason for using low AC voltage is to maintain the boundary layer created
between the electrode surface and the biomolecule. Since the covalent bound energies
are less than 3eV, &, for these structures, and the energy between the biomolecules and
the target species is even less, an applied voltage means applying an extra force to the

charged biomolecules.

2.2.1. ALTERNATING CURRENT (AC) CIRCUIT THEORY

The theoretical definition and calculation for EIS has been developed by many
researchers in the field. In this section, only the very fundamental definitions and
equations of AC circuit theory related to impedance spectroscopy are presented. The

reader is referred to other sources for more detailed information 16 118

The working principle of EIS is based on the response of a circuit to an AC current or
voltage as a function of frequency. For the case when the frequency is zero (DC voltage),

the resistance is defined as:

R =

\T/ (2.2)

Where, R is resistance, V is the DC voltage and | is the current. However, at hon-zero
frequency and when either an inductance and/or capacitance is present, the impedance
(2) is used to describe the response of the system. For electrochemical cells or
electrodes, the current response to a sinusoidal AC voltage will be a sinusoid with the

same frequency but shifted in phase *°.
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Figure 2.2. Sinusoidal AC voltage and current response with phase shift, ¢.

Sinusoidal AC voltage (see Figure 2.2.) can be defined as:
V(t) =V, sin(at) (2.3)

Where V () is the voltage at the time t, Vo is the amplitude of applied AC voltage and @
is the radial frequency. The relationship between radial frequency (radian/sec) and
frequency f (in Hz) is:

w = 2f (2.4)

The response current with phase shift (¢ ) with a different amplitude than |0 can be
written as:
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[(t) =1,sin(et + @) (2.5)

Where | is the current amplitude at time t, |0 is the current amplitude at the start and @

is the phase shift. The impedance Z for the relevant circuit is therefore:

Z_V(t)_ Vosin(et) 1
M) 1,sin(et+e) Y

(2.6)

Where Y is the complex conductance or admittance in Siemens (S). The impedance is
a complex value due to the fact that the current amplitude changes (see Figure 2.5.) and

shows a phase shift (¢ ) compared to the voltage-time function. Therefore, the Z value
can be described either as modulus |Z| and the phase shift @ , or by the real part Zz and

the imaginary part Z, of impedance.

VA

ZR

Figure 2.3. Graphical presentation of impedance, where Zg, is the real part of impedance and Z, is the imaginary part.
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The mathematical form for the diagram shown in in Figure 2.3. can be shown to be:
Z|=\Z5+Z] 2.7)
Or
Z=Z,+jZ, (2.8)

Where j = \/——1 |Z|is the absolute impedance, z, is the real part of impedance and z,

is the imaginary part. Once the impedance of an electrical circuit is obtained, it can be

used to determine the other parameters of a sensing system.
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2.2.2. ELECTRICAL DOUBLE LAYER

When a charged surface (i.e. electrode) is in contact with an electrolyte (i.e. sample
solution), the electrostatic charges on the solid surface will influence the distribution of
nearby ions in the electrolyte solution. lons of opposite charges to that of the surface are
attracted towards the surface, while ions of like charges are repelled from the surface;
thus, an electric field is established. The charges on the solid surface and the balancing
charges in the liquid is called the "electric double layer" (EDL). The sign and magnitude

of the EDL field depend on the nature of the surface and the liquid%.
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Figure 2.4.Schematic presentation of Electrical Double Layer (EDL) structure, in presence of charged surface the ions off

opposite charge in sample solution accumulates near the electrode/electrolyte interface area.

Historically the first concept of electrical double layer in electrode/electrolyte interface
was introduced by Von Helmholtz in the 19" century 118 121122123 This was called
Helmholtz model in which under the influence of an external field the free ions in solution

can migrate to the electrode/electrolyte interface area and create a layer of absorbed
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ions and he called this layer Helmholtz layer(see Figure 2.5.a). He described the charge
separation at interfaces which indicated that the counter-charge in solution exists at the
surface. Therefore, a simple parallel-plate capacitor exists at the interface consisting of
charges with opposite polarities separated by a distance in the molecular order of
magnitude. This arrangement is often called electrical double layer(EDL), the term

‘double layer’ came from his early writings on this subject 18,
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Figure 2.5. Three models of EDL with the positively charged electrode surface. a) The Helmholtz model, b) the Gouy-

Chapman model and c) the Stern model, s is the potential at the electrode surface.

The simple parallel-plate capacitor which is able to store the charge density can be

defined as:

Where O is the charge density, ¢ is the dielectric constant of the medium, &, is the
permittivity of free space, d is the interplate distance and ¥ is the potential drop

between the plates 18,

The differential capacitance can therefore be written as:
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&
—=C, =0 2.10
0w d q (2.10)

The main problem with this model is the assumption that Cd is a constant, but it is known

that in real systems, Cd varies with potential and ion concentration which suggests that

either ¢ or d depend on these parameters!'®, Gouy and Chapman modified the
Helmholtz model to include consideration of the thermal motion of ions and introduced a
diffuse double layer (see Figure 2.5 b) 21122123 According to this model the potential
drop across the diffuse layer can be modelled as an exponentially decreasing as a

function of distance. The physical length of this exponential decay is given by Debye-

£,k T

Where g, _ is the relative permittivity of the medium, &;is the absolute permittivity of free

Hockel length (4,).

space, k, is Boltzmann’s constant1.381x1072*JK *, T (kelvin) is the temperature, e is

the elementary electronic charge 1.6021x10*°C and an is the concentration of free

ions. The results obtained by considering the ions near the electrode (charged surface)
as in an ideal solution and solving the truncated Poisson-Boltzmann equation. The

theoretical thickness of EDL can be calculated from equation 2.11.

Stern introduced an improved model which is the combination of Helmholtz model and
Gouy-Chapman model (see Figure 2.5.c) also known as Gouy-Chapman-Stern (GCS)
model. According to this model the EDL consists of two regions, the first region close to
electrode/electrolyte interface called Stern layer and the second region called the diffuse
layer 124, In the diffuse layer, the ions are mobile under the coupled influence of diffusion

and electrostatic forces, and the Gouy-Chapman model applies in this layer.
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In 1947, Grahame improved this model by eliminating a number of deficiencies. He
further dived the Stern layer into inner and outer Helmholtz planes and this was due to
the fact that in the Stern layer, specific (covalent) and non-specific adsorption of ions at
the same electrode surface lead to different closest distances from the charged surface.
Figure 2.6. presents a schematic structure of Helmholtz layers ,the inner Helmholtz plane
(IHP) consists of ions adsorbed by specific (covalent) forces and the outer Helmholtz
plane (OHP), or Stern layer, of ion adsorbed by non-specific (electrostatic) forces. IHP
and OHP are in series with the increase in concentration of ions the OHP increases

relative to this.
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Figure 2.6.A schematic of Helmholtz layers according to Grahame’ definition.in his definition the Stern Layer is divided in

to inner and outer Helmholtz layers.

The potential i starts to decrease at the interface (electrode/electrolyte) and, with the

formation of the IHP and OHP, the whole system very quickly (few tens of a microsecond)

acts as a EDL capacitor 122,
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Later in 1953 Parsons introduced the further definition for ions with finite size and in 1981
Kornyshev proposed a mean field theory, who obtained new results for the diffuse
double-layer capacitance . In his approach the limiting case is based on Gouy-
Chapman model for low ionic concentration, but this model was not satisfied for high

currents.

The concept of a bare electrode surrounded by ionic solution is similar to a double-plate

capacitor with the thickness equal to the Debye-Hickel length (1,)%. This represents

the characteristic thickness of the EDL, which can vary from < 1 nm at high ionic
concentration to a few micrometers at low ionic concentration 2%, This is represented by

1/x (the Debye-Huckel parameter) % and can be defined as:

(2.12)

Where, e is the elementary electronic charge 1.6021x10*°C , n° is the bulk ion
concentration, ¢ is the bulk dielectric constant, k, is Boltzmann’s constant
1.381x102°JK * and T (kelvin) is the temperature. As can be seen from Equation 2.12

by increasing the ionic concentration of bulk solution the double layer therefore EDL will

decrease.in part 2.3. of this chapter we will focus on this phenomena in more details.

2.2.3. EQUIVALENT CIRCUIT MODELS AND ELEMENTS FOR FARADAIC

AND NON-FARADAIC SCHEME

EIS is an excellent technique for investigating the mechanisms of electrochemical
systems. Specifically, with the help of this method, the impedance can be derived as a
function of kinetic parameters such as resistance, capacitance or inductance for any

related sensing system. In terms of the data analysis, the common approach is to fit the
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collected data to an equivalent circuit which then can be used to derive the physical

meaning of elements such as capacitors or resistors 12¢,

Fitting the data into an equivalent circuit is necessary for understanding the system, but
more importantly it is because most commercially available software packages for
impedance data fitting purposes (e.g. CASIDIE , PIRoDE and NOVA) are based on

equivalent circuit theory 127128,

In general, there are two types of equivalent circuit model for Faradaic and non-Faradaic
schemes which include circuit elements such as resistors, capacitors and other relative
components. Equivalent circuit model for both of these scheme illustrated in Figure 2.7.
Faradaic processes involve the repeated transfer of charge across an interface, typically
involving a redox reaction with the transfer of an electron either from or to a metal
electrode. This is achieved by coupling an AC signal with a DC bias. The general
principle for this method is to form an electrochemical cell 129 82 130 .131 The interaction

between the charged redox and the electrode surface generates a charge transfer
resistance (Rct), which increases when a binding event occurs at the electrode surface.

When the target molecule (for example, an antigen) binds to the surface of the electrode

(with immobilized antibodies) the redox couple is delayed causing an increase in R,
which leads to a decrease in capacitance 3. Rsol represents the resistance generated

in the solution and Z,, refers to the difficulty of mass transport of the redox species %°.

In contrast, non-Faradaic methods do not involve a redox reaction and have no Rct.

Electron transfer occurs across the solution interface and this is associated with a Ret for

electrons. In non-Faradaic methods, the detection can be achieved by measuring
changes in Cep. or the phase. The term ‘capacitive biosensor’ indicates a sensor based
on a non-Faradaic technique where the measurements can be done at a single

frequency .
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In general, based on the structure of the electrodes and the components, the Faradaic
scheme refers to a system where the surface of the electrodes are partially or wholly
covered by a non-insulating layer (in some systems the electrodes are partially covered

with insulator so the redox probe is able to catalyze). In this method, the main measured
parameter is the charge transfer resistance (Rct). Whereas in the non-Faradaic scheme,

the surface of electrode is completely covered by a dielectric layer and the device
behaves as an insulator. Also, there is no redox probe and the capacitive current is
measured under a small amplitude sinusoidal voltage signal at low frequencies (in the
range 10-1000 Hz) **2. Since the subject of this thesis is capacitive sensors in the nano
scale (i.e. in the non-Faradaic scheme), Section 2.3 of this chapter will focus on this

method of sensing.

. b) Non-Faradaic
a) Faradaic o Cickil
| |
Rsol Rsol I I
AN w = —/VV\ —
Ret Ret
Cotal CepL Cdev

Figure 2.7.Common equivalent circuit models for a) Faradaic based sensors and b) Non-Faradaic based sensors. Where
Rsoi IS the solution resistance, R is the charge transfer resistance, Cya is the total capacitance of the system which is the
total of Cepi(double layer capacitance) and Cge, is the physical capacitor used in sensor ,Z,, is Warburg impedance and

Re is the electron transfer resistance.

In the Figure 2.7 Rsol is the solution resistance coming from the finite conductance of the

ions in bulk solution. This resistance is independent of the frequency !/, and the

equivalent impedance element can be defined as:

ZRel - RsoI (2.13)
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The total capacitance of the system Ciotal iS a series combination of the double layer

capacitance (CepL) and the surface modification capacitance (Cdevice) %2. The

capacitance due to surface modification (which is the physical capacitor used as a
transducer in the sensor), depends on the thickness and dielectric constant 113 132133,

This capacitance is as follows:

(2.14)

Where ¢ the permittivity of the dielectric layer is, &, is the permittivity of free space
8.85419 pFm?, A is the electrodes area, and d is the insulator thickness. The total

capacitance (Ciotal) for the both models is:

Ctotal - Cdev + CEDL (2.15)

The impedance of the capacitance (ZC) in electrochemical systems can then be defined

as:

z.=—1 (2.16)

Theoretical modelling of EIS assumes that the capacitor under investigation is an ideal
capacitor with a homogenous surface, whereas in real systems this is not the case. The

term Constant Phase Element (CPE) can be used to address this lack of homogeneity

128 50 the capacitance Ciotal is usually modelled by a CPE instead of pure capacitance

8  The impedance of this element can therefore be defined as:

1

=— 2.17
CPE Y,(jo)’ (2.17)

Where j=\/—l, Yo is the admittance of an ideal capacitance, w =24f and n is

experimental constant which can be 0, 0.5 or 1. When n=1, the CPE shows a behavior

as a pure capacitor and for n=0 the CPE behaves as a pure resistance. For n=0.5 the
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CPE is equivalent to another element known as the Warburg element 128, According to

modelling, n for the Csurf is typically between 0.85 and 0.98 which brings about a sub-

90° phase shift to the system which can be equivalent to the frequency dependent

resistor in addition to a pure capacitor 8.

The Warburg element relates to the diffusion of ions in the solution, specifically in an
electrochemical reaction with a redox active site. The Warburg impedance Zw, which only

exists in Faradaic EIS, defines the delay arising from the diffusion of the electroactive
species (redox) to the electrode surface 8. The Warburg impedance can be determined

from:

1
Yo Jo

Z, = (2.18)

Where Y is the diffusion admittance. The Warburg impedance has the identical real and
imaginary contributions with a phase angle equal to 45° and is only applicable in low
frequencies 8 128,

Finally, the last parameter for the Faradaic EIS circuit model is the charge transfer
resistance (Rct). According to Equation 2.6, the resistance of the solution is independent
of the frequency. However, at higher frequencies Rct is the opposition force to electron

movement in the solution, which is a real quantity '’ and can be calculated using the

following equation:

Ry =—— (2.19)

Where R is the molar gas constant, T is the temperature, F is the Faraday constant, io
: o 0 :

is the exchange current density ( I, = FK"C), K? isthe electron transfer rate constant
and C is the concentration of the electroactive species (redox). For non-Faradaic

impedance sensors there are no-surface reactions (so io =0) and therefore, Rct —> 0
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and can be neglected 134, This resistance is indicative of two main effects: the energy
potential related to the oxidation and reduction events at electrode surface and the

energy barrier of the electroactive species reaching the electrode due to electrostatic
repulsion. Rct is the main indicator of affinity binding for Faradic EIS &2.
The equivalent circuit model for analyzing the impedance data for a Faradaic sensor is

shown in 2.8. In the presence of electroactive species this can be modified by the CPE

circuit element to replicate the real EIS system mechanism %,

Zw

W

Ret

Rsol

CPE

Figure 2.8. Schematic presentation of equivalent circuit model in presence of redox species. Where Ry is the solution

resistance, R is charge transfer resistance Z,, is Warburg impedance and CPE is Constant Phase Element.

In the equivalent circuit model for the non-Faradaic case (see Figure 2.8.a), the Ret is

the parasitic resistance of the substrate in which the electrodes are placed. Theoretically,

for an ideal capacitor with a good insulator, this resistance is infinite. In this model, the

main indication of affinity binding is Ctotal.
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Combining the basic theory given in the previous section of this thesis and having
introduced the equivalent circuit models in this section, the impedance expressions for
both Faradaic and non-Faradaic sensors can be determined as a function of frequency
Table 2.1. Showing the frequency dependence of each circuit element as well as phase

angle and impedance definition.

Table 2.2. Circuit symbols, impedance definition, frequency dependence and phase shifts for most circuit elements for

describing the equivalent circuit models.

Circuit element Impedance definition Phase angle | Frequency
dependence

Resistance
j\/\/C Z=R 0° No
Capacitance
. }_c _ 1 900 Yes
‘4 Zc= jwC

CPE
o E—C __ 1 0-90° Yes
_{ ZePE = Yoy

Warburg

impedance *7 W [C Zy = 1 450 Yes

Finally, an Ohm’s law-like relationship can be utilized to calculate the total impedance of
a Faradaic or non-Faradaic circuit model 7. As stated, all impedance components are
in series and therefore the sum of the impedance for each element gives the total

impedance of the electrochemical impedance based sensor and can be defined as:

Lot =L+, +2,+.. + 1, (2.20)

total

For analyzing the impedance spectra, the equivalent circuit models with the definition of
relevant elements is essential to validate the measurements for each system under
investigation. The number and type of circuit elements can also be used to distinguish

between the mechanisms of each impedance based sensor.
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2.2.4. DATA PRESENTATION

In EIS, the collection, analysis and interpretation of data from binding events is a crucial
step in the detection process. In many EIS based sensors, instead of studying the
equivalent circuit model and extracting the mathematical equations, it is more efficient to
run an experiment on the purposed circuit and analyze the resulting plot. This gives the
investigator a good overview of the real and imaginary impedance, as well as the phase

shift as a function of frequency 8 136,

With applying the desired frequency and voltage (or indeed, current), the electrical signal
analyzer unit of the measurement setup is used to show or record the responsive
parameters such as current (real and imaginary) or voltage (real and imaginary).
Additionally, the phase shift for each applied frequency can be determined. The total
impedance of the system (real and imaginary part) can therefore be computed as a
function of frequency. The data can be presented in different types of plot depending on
the characteristic of the electrochemical system. There are two important types of plot

used to present the data from real system; the Nyquist plot and the Bode plot *’.

The Nyquist plot (also known as complex-impedance-plane), shows the imaginary
impedance which refers to the capacitive and inductive behavior of the sensor, as a
function of the real impedance of the sensor 38, An example of this is shown in Figure

2..
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Figure 2.9. Example of a Nyquist plot with computer-generated data for different charge transfer resistance values (blue

2kQ , green 1 kQ, red 5000, black 100Q2). Here, Z" is the imaginary and Z' is the real part of the impedance. Blue stars

show the contribution of Warburg impedance (with a phase shift of 45°). Modified from 136, 138

In order to extract the system characteristics, the Nyquist plot is interpreted at both high

and low frequency. The x-axis of the plot shows the resistance of the system which is
the sum of Rsel (solution resistance) and Rct (charge transfer resistance). For high
frequency, the impedance of the system is completely due to the solution resistance

(Rsol). For the low frequency case (from the ® max z* to rightmost end of the semicircle),

the impedance value is calculated as Rsol + Rct.

In the middle of the semicircle (® max z*), when the frequency reaches the highest limit,

the relationship between the double layer capacitance, charge transfer resistance and
frequency can be used to define the time constant of the electrochemical reaction (z,., )
using the following equation:
1 1
Rct XCEDL =T =i =
21,

max

Trxn (2.20)

T,y indicates how fast the electrochemical reaction take place. It is important to

remember that if the total Rct XCEDL is known then the double layer capacitance (C .,

) can be calculated because the Rct for low frequency is also known.
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Using the Nyquist plot has many advantages in as much as it can give all the important
information about the electrode-electrolyte interface and the reaction. On the other hand,
this plot has some disadvantages. The frequency does not appear clearly in the plot
itself and to calculate the important parameters such as the double layer capacitance,
the frequency needs to be determined. The other issue regarding this plot is that since
the Nyquist plot presents the impedance of elements in series, the low impedance circuit

will not be clearly determinable because the larger impedance overrides the plot scaling.

The Bode plot shows the absolute impedance |Z| and the phase shift ¢ as a function

of frequency on a logarithmic scale. The Bode plot can provide more detailed information
about the frequency-dependent behavior of the electrochemical system. The phase shift
versus frequency plot is highly sensitive to system parameters and therefore can be used
to compare the experimental results with the theoretical equivalent circuit model of the
sensor. The absolute impedance versus frequency is significantly less sensitive to
system parameters, but the asymptotic values at low frequency define the DC value and

at high frequency equals the electrolyte resistance 136 137. 138,
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Figure 2.10. Example of Bode plot with computer-generated data for different charge transfer resistance values (blue

2kQ, green 1 kQ), red 500Q2 and black 100Q2). The blue stars show the contribution of Warburg impedance (with a phase

shift of 457). Modified from 136 138,

It can be clearly shown in Figure 2. that at high and low frequency, the impedance of the
system is resistive as no phase shift recorded, however at intermediate frequencies, it

can be capacitive with the phase shift of -90°.

The main disadvantage of using this plot is that, due to the solution resistance effects on
the impedance of the system, the use of phase shift plot can prove to be very confusing

when being used to estimate the characteristic frequencies.

The comparison of system element behavior in both the Faradaic and non-Faradaic
impedance sensors can be useful to understand the mechanism and characteristic of

each element. Figure 2.1 shows both Nyquist and Bode plots of such data.
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Figure 2.11. Example of Faradaic and non-Faradaic impedance data in a) Nyquist and b) Bode plot presentation.

Data presentation tools are a crucial part of the analysis for EIS based sensors and are
provided in most of software packages (such as LEVM, ZView and ZSimpWin) in order

to check the validity of experimental results.

2.2.5. ELECTRODE SIZE AND MATERIAL

There are many factors which depend on the electrode size in EIS based sensors such
as the sensitivity of the method, the cost of mass production and the ability to adapt to

different immobilization techniques. Therefore, it is vital to optimize the electrode size for
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impedance based sensors, due to the fact that the electrode size also has a great impact

on the measured impedance 82 139,

The electrode material for this type of sensor is commonly platinum, gold, forms of
carbon nanotubes (CNT’s 49), epoxy graphite, graphene or Teflon coated rods *.
These materials are very attractive from an experimental point of view, but are relatively
expensive for large scale applications. However, traditional photolithography and screen-
printing techniques offer more opportunities in terms of low-cost fabrication, mass

production and customizability.

In recent EIS based sensors, most of the fabrication techniques are centered on
interdigitated microelectrodes (IDuE), which consist of a series of parallel micro-band
electrodes separated by an insulation layer and connected together. This technique
introduces many advantages such as faster reaction kinetics (due to the high mass
transfer in ultra-small electrodes over a shorter time-scale), higher sensitivity, large
electrode aspect ratio (w/l) and increased signhal-to-noise ratio. IDuE structures are two-
electrode systems which do not require a third reference electrode for impedance
measurements (more detail of three electrode system can be found in Chapter 1).
Additionally, the space between the two electrodes is very small, which improves the
speed of oxidation and reduction cycles which, in turn, results in a higher efficiency of

data collection 141 142,143,
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Figure 2.12. An example of interdigitated microelectrodes (IDuE) 142,

The IDuUE approach improves the kinetic efficiency with higher sensitivity and selectivity
and can also reduce the experimental time scale ***. These advantages, along with
simple fabrication methods because all electrodes are patterned by photolithography or
screen printing with the same material, makes it favourable for the mass production of
disposable sensors. In the last 10 years, many EIS biosensors based on IDuE have been
reported for immunosensors, DNA sensors, affinity sensors using aptamer probes and

biosensors for bacterial cells and viruses 3.
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2.3. NANOGAP CAPACITIVE SENSOR

The aim of this thesis is to fabricate a novel EIS based nanogap capacitive sensor in the
non-Faradaic scheme. In this section, the theoretical structure of the nanogap capacitive
sensor will be introduced, followed by an overview and discussion of the literature and

current state of the art sensors of this type.

Electrical nanogap sensors have become powerful devices for detecting biomolecules in
small quantities. One of the most important advantages of this type of sensor is the
capability to directly transform (or transduce) binding events into measurable electrical
signals (label-free) such as resistance/impedance, capacitance/dielectric or field-effects.
This topic in EIS sensing has become an active area for many researchers and is

continually growing 145 146,

The geometry of the detection region can be categorized as: 1D nanogap (which refers
to point like gap junctions), 2D devices (which consist of coplanar electrodes) - where
the ratio between height and thickness of electrode is around the gap size - and 3D
nanogap (known as nano cavities) where the ratio between height and thickness of
electrode is greater that gap size. In the case of the 3D nanogap, the cavities result in
a significant area relative to the gap length 7. A simplified representation of the

geometries is shown in Figure 2.13.

Figure 2.13. Three main types of Nanogap fabrication with respect to the dimensions. Where in 1D nanogap the gap area
is only a single point like, in 2D nanogap the height and width of the electrode facilities the gap and in 3D the height ,

width and volume can be used.
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Generally the measurement techniques and application can be related to the geometry
of the devise. Typically 1D and 2D nanaogaps can be assessed with DC voltages for
resistivity measurements, whereas in the 3D nanogap, mostly AC measurement

methods can be done for analyzing complex impedance responses.

The key advantage of 1D and 2D nanogap is the opportunity for surface-bound
molecules to occupy a significant portion of the interelectrode spacing, therefore enabling
even a single molecule to be detected. 3D Nanogap sensors are considerably different
from 1D and 2D Nanogap devices. These devices contain a high volume relative to the

Nanogap width, which allows both surface-bound and free biomolecules to be screened.

3-D Nanogap devices based on EIS, can be divided into two main categories: planar and
vertical 1*°. Figure 2.14.illustrates both structure, in planar Nanogap sensors, the two
electrodes face each other horizontally and in some cases a nanopatrticle can be used
for labelling or enhancement of the biomolecules which is positioned in the Nanogap
area. The vertical Nanogap devices have a sandwich structure in which the electrodes
are on top of each other with an insulator layer in between. The structure of these devices

can contain two or three terminals.

a) b)
electrode g5, spacing__ gap
material <« glectrode

gate

$gap

Figure 2.14. Schematic representation of 3D nanogap. Where a) is planar structure , b) two terminal vertical and c) three
terminal vertical structure .in the vertical structure, there is spacing layer which separates the top and bottom electrodes

and will be etched partially to obtain the gap.
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As can be seen in 2.14.b, the two electrodes are separated by an insulator spacer in the
middle layer. With the use of selective etching, the desired area of insulator can be

removed to immobilize the biomolecules.

In the three terminal structure (Figure 2.13.c), a common field effective transistor (FET)
structure can be seen, where current flows between the source and drain electrodes
when the applied voltage to the gate electrode exceeds a threshold voltage (V+). The
capacitance between the gate electrode and the Nanochannel determines the V+ and
consequently this can be controlled through a change in dielectric material of the gate.
When biomolecules sit in the Nanogap, the capacitance between the gate and Nanogap
(compared to the air in gap) increases followed by a negative shift in Vr. Therefore, by

determining the changes in V1, specific binding can be detected.

32 nm:thick Au

I 500 nm
el

Source 2:5,. " Drain

d) Deposition
’j},l angle

scanning area

FIB milling
4.6 nm

P 50 nm

Figure 2.15. Examples of 1D Nano-gap devices with different fabrication techniques. a) SEM image of a gated mechanical

break junction, b) SEM image of Nano-gap fabricated by electromigration (electrodes are fabricated with Electron Beam
Lithography(EBL), c) device for molecular detection fabricated by Focused lon Beam (FIB), d) fabrication method for
oblique angle deposition technique in order to make Nano-gap electrodes with photoresist as a mask, e) gold antenna
with 4nm separation done by FIB lithography, f) fabrication method involving FIB milling, g) SEM image of Nano-gap
electrode fabricated by chemical deposition and h) SEM image of a single grain boundary junction obtained via a thermal

process. Modified from 148
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Several available 1D nanogap structures in the literature are shown in figure 2.15. Since
the gap size is very small and the application of these devices is mainly based on

monitoring and detection of a single molecule or DNA a precise gap size needed.

With improvements in nanofabrication techniques, new strategies have been developed
in the detection and discrimination of single-molecules. At the time of writing, available
techniques for fabrication of electrical Nanogap devices are as follows: mechanical break
junctions, electromigration, focused ion beam (FIB) related techniques (electron beam
lithography, electron beam induced deposition, electron beam induced sputtering and
migration), FIB miling and deposition, nanostructured mask and oblique angle
deposition, chemical deposition techniques, scanning probe lithography, synthesis and
assembly of metal nanorods, carbon material-based (carbon nanotubes, CNTSs),

nanogap electrodes and the combination of sacrificial layers and selective etching ¢

148, 149

Figure 2.16. Presents different nanogap biosensor structure in planar and vertical format
with different fabrication techniques and electrode materials. Nevertheless, there are a
number of disadvantages for 1D and 2D structures. For example, there can be difficulty
in ensuring specificity in the measurements, hence they need proper pre-treatment steps
before introducing the target biomolecules in order to determine presence or absence of
specific biomolecules. The fabrication of these nanogap is an expensive and slow
throughput process, with the added demand of advanced high-resolution
Nanolithography techniques such as electron- or ion-beam lithography (EBL, IBL),
focused ion beam (FIB) milling, scanning tunneling or atomic force microscopy or

nanoimprint lithography.
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Figure 2.16.Examples of 2D planar and 3D vertical nano-gap devices with different electrode material. a) Scheme of
nanogap biosensor with the gold pads for connecting the source meter unit separated by a bridge covered with 45 nm of

148

SiO,™*°.b) Nanaogap using two Ti electrodes or Ti/Au electrodes .c) Nanogap using polysilicon as electrodes. d) A

DNA detector with a nanogap inside a nanofluidic channel with top-view SEM image of a nanogap detector including a
fluidic channel. e) A nanogap biosensor consists of a heavily doped single crystal silicon electrode and a polysilicon
electrode vertically separated by a fixed distance of 20-300 nm, defined by a small silicon dioxide spacer. f) SEM image

of the cross section of a completed nanogap device mesa edge, as prepared by focused ion beam (FIB) milling 5%,

In terms of fabrication methods and applications, 3D nanogap devices are mainly
different from 1D and 2D nanogaps. Since nanocavity in this structures can facilitate both
surface bound molecules and free molecules, the whole system can be used for deep
understanding the molecules behavior in narrow gap where the size of nanogap is
compatible with the molecule size itself. AC measurements techniques such as dielectric

or impedance spectroscopy, which provides important information about binding
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efficiency of biomolecules or hydrodynamic radius of proteins, can be applied to these
structures in a very simple approach '*7 .in the next part of this chapter benefits of

nanogap for impedance spectroscopy will be discussed in more detail.

The main disadvantage of 3D nanogap structures are complex fabrication, difficulty in
coupling to external equipment without introducing parasitic component and the need for

reference electrodes on the devices itself 147 - 148,

2.3.1. BENEFITS OF A NANOGAP STRUCTURE FOR IMPEDANCE

SPECTROSCOPY

One type of impedance spectroscopy (IS) is a dielectric spectroscopy(DS), in which the
dielectric properties of a medium can be measured as a function of frequency®2.DS is
based on interaction of an external field with the electric dipole moment of the
sample.one major advantage of this method is to provide excellent platform for label-free

detection of biomolecular structure and binding events.

The dielectric properties of a biomolecule depend on three factors: electron transfer,
atomic bonding and large-scale molecular structure (molecular motion). The
characteristic time scale varies from 1012 seconds for electron transfer, 10-° seconds for
atomic bonds to 10 seconds for molecular structure. When a sinusoidal AC voltage
excites these biomolecules, they respond differently depending on the frequency of the
excitation. Most of the molecular motions, such as the target binding to the immobilized
probe, occur in the low frequency response regime due to the fact that, at low frequency,
the perturbations occur in the biomolecules themselves and the ionic environment

surrounding them are more stressed.

The dielectric response of different biomolecules, especially DNA, has been studied in
great detail since 1963 by many research groups.153 154 155, 1%, 157,158, 159 According to

these works, the dielectric relaxation of nucleic acid solutions can occur in three different
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frequency regions:a (a few kHz or less),  (from approximately 1MHz to 1GHz), and y
(abovelGHz). Within these frequency regions, o relaxation has a large dielectric
contribution. This is due to the migration of counter ions over the charged nucleic acid
sequences results in electrode polarization(EP) which leads to the formation of electrical
double layer (EDL see part 2.2.2) at this close distance to electrodes!®®. Nevertheless,
the associated capacitance and complex impedance arising from this polarization is so
large that shadows the measured capacitance at low frequency (<1 kHz) which may also
hide the dielectric property changes coming from target binding to the immobilized
probe’?3 161 The main two problems in this case are: 1) strong polarization in the vicinity
of the electrodes can cause a large impedance which can be dominant over the
impedance change related to biomolecule interaction and 2) the parasitic effect from the
buffer solution due to high ionic electrical conductivity can also mask the dielectric

relaxations of biomolecules of interest.

—

The measured characteristic of material

Dielectric Permittivity(g)

The true characteristic of material
—

Frequency(Hz)

Figure 2.17. A schematic representation of electrode polarization (EP) effect in a measured signal.it is clear that at low

frequency the dielectric properties of material is shadowed by EP effect.
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To stress electrode polarization effect of the measured dielectric permittivity
experimentally, Mannoor et al.®® used an interdigitated capacitive sensor (the electrode
separation is 100 um). The obtained results for various samples were much higher than

expected values in literature.
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Figure2.18. Relative permittivity as a function of frequency for air (a), distilled (DI) water (b), 0.05x SSC(c),0.1x
SSC(d),0.25x SSC ( e ) and 0.5xSS(f).the SSC(Salt Sodium Citrate) buffer used were the dilutions of 0.15M NacCl, 0.15M
sodium citrate to pH 6.8 .

In this experiment the dielectric spectra of air, DI water and various concentration of
buffer solutions studied over a frequency range of 10 Hz to 100 kHz with 0 Vpc bias and
20 mVac signals and the results shown in Figure 2.18. the dielectric permittivity values
are in order of x10° which is much higher than expected values available in literature(
& =1 and &p water — 80) 62163 This is clearly due to the electrode polarization effect

and it becomes more dominant in low frequency (<1 kHz) measurements %123 161,
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There were several different methods proposed to minimize electrode polarization effect
(EP). Fricke and Curtis'®4, introduced an approach with different electrode spacing. In
this method, the induced parasitic capacitance is assumed to be same for two different
spacing, which is not true when the polarization effect is large. Many other important
studies were carried out by Schwan for EP correction techniques 231%°, He was also the
first to proposed coating the electrode with platinum black. Four electrode measurement

was another suggestion to avoid EP, however it requires a complex measurements setup

166

One of the important approach to reduce this electrode polarization effect and allowing
low frequency measurements is to use of capacitive element with nanoscale electrode
separation. This approach can result in a significant overlap of the double layers of two
electrodes and provide the important advantage of having the volume of electrical double
layers occupy a major fraction of the dielectric sample volume and reducing the

contribution of the bulk solution impedance 96145 147, 161,167, 168

Since electrode polarization effect is a major source of error for measuring the
impedance of a biological samples in solution, Schwan %° analyzed the system and
represented it with an equivalent circuit model to isolate this polarization impedance
effect. The definition of polarization impedance commonly known as a series

arrangement of a resistor (polarization resistance, R, ) with a capacitor (polarization
capacitance, C, ).this choice of equivalent circuit is not suggested by any polarization

theory therefore is arbitrary. Polarization resistance and capacitance are functions of
frequency and can be used for electrodes with different separation distance. The other

element of equivalent circuit for the system is the actual biological sample impedance

which is a resistor (sample resistance, Rs) in parallel to a capacitor (sample capacitance,

Cs).Based on these circuit elements the equivalent circuit model for the system with two

charged electrodes in presence of sample solution for both micro and nanoscale

separation distance can be presented (see Figure 2.19.).
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Figure 2.19. Schematic diagram and equivalent circuits of macro scale electrode polarization (a) and (b) and nano scale
electrodes (where subscripts s and p represent the sample and electrode polarization).

As can be seen from Figure 2.19.a and 2.19.b, electrode polarization impedance in
macroscale is in series with the sample impedance, whereas in nanogap structure
(2.19.c and 2.19.d) due to the overlapping of double layers the polarization impedance

is in parallel with sample impedance!?> 145 147, 161, 152, 170, 162

For the micro-size electrode separation with the polarization and sample impedance in

series the total measured impedance (measured capacitance, Cm and measured

resistance, Rm ) is given by:
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1

C,=Cs+———
* w’R2C,

(2.21)

R. =R +R, +®*R2C2R, (2.22)

Where subscripts S and P represent the sample and electrode polarization and w is
applied frequency. In the case of low frequency measurements, which are of particular
importance in molecular conformational changes and DNA hybridization, equation 2.21

shows that the electrode polarization term dominates the measured capacitance value

(Cm) due to the second term on the right side of the equation. The measured total

resistance values (Rm) will also be distorted by the EP since Rp (EDL resistance) will

increase as the frequency decreases. Therefore, EP effect will make it extremely difficult

to measure the actual impedance of biological sample in macro scale setup.

In contrast, nanogap electrodes can minimize the EP effect regardless of applied
frequency. Figure 2.19. (c) and (d) presents the schematic diagram of the nanogap
electrode and equivalent circuit in nanogap measurements. In the nanoscale region,
where the characteristic sizes of electrode separations can be of order of the double
layer or smaller, the EDL from the electrode/solution interface overlaps inside the

Nanogap structure and this fills the entire Nano-gap space. The measured capacitance

(Cm) and resistance (Rm) can be calculated from:

Cp
=— 1C 2.23
" 1+@’C2RZ ° (2.23)

22
R
i:%Jri (2.24)
R, 1+w?CZRZ R,

m

In a simplified manner we can clearly see the difference between the parallel and series

connection. When the frequency goes to zero, C,,,~C, + Cs and R,,~R;. Therefore, in the

low frequency region, the measured resistance values are almost equal to the sample
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(solution) resistance values for the measured capacitance and it has the parasitic term
which is equal to the double layer capacitance. In large gap size (macro scale) with series
equivalent circuit model, the parasitic double layer effects are amplified in low frequency
(see Figure 2.19) even when the double layer capacitance values are small. In
comparison, the parasitic double layer effects in nanogap electrode will not be amplified

in low frequency region.

Also when the double layers overlaps, the potential drop across the electrodes
approaches a liner regime .Whereas in macro-size gap (see Figure 2.19. a), the actual
potential drop is only within electrical double layer (region close to electrode surface) and

the bulk solution has a zero potential.

The first theoretical model to evaluate the electrical potential distribution in an overlapped
electrical double layer region (See Figure 2.19.c) was introduced by Verwey!’! based on
Gouy-Chapman electrical double layer theory in 1935.for the simplicity of analysis the
Verwey-Overbeek model was developed later in 1948 172 | for an overlapped double layer

field between two infinitely large flat electrodes which have the same surface potential.

For infinitely large electrodes, the electrical double layer field between them is one
dimensional and under the additional assumption of a 1:1 electrolyte, the Poisson-

Boltzmann equation can be written by:

2 0
d V _ 2 sinh(2Y) (2.25)
dx £ k,T

Where X is the distance from the electrode surface,  is the electrical potential, & is
the relative permittivity of the bulk, k, is Boltzmann’s constant 1.381x10JK ™, T
(kelvin) is the temperature, e is the elementary electronic charge 1.6021x10*°C and
n° is the bulk ion concentration.

According to Verwey-Overbeek model the applied boundary condition for Poisson-

Boltzmann equation can be written by:
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vl =¥0 (2.26)

and

d_'/’:o

2.27
ol (2.27)

Where v, is the electrical potential at the surface, and 2b is the separation distance

between the electrodes. Assuming the y is small and E—l’/_/r(l, the right hand side of
b

Equation 2.25 can be simplified by using the approximation, sinhXx= X .This
simplification is referred to the Debye-Hickel approximation (see Equation 2.12).
Therefore Equation 2.25 can be written as:

d?y
dx?

=Ky (2.28)

Where x is defined in Equation 2.12 previously. Equation 2.28, together with the
boundary conditions, Equation 2.26. and 2.27 can be solved and the solution predicts
the potential distribution in the overlapped double layer region by:

cosh(x(b —x))
cosh(xb)

w(X) =v, (2.29)

This electrical potential distribution between the capacitive electrodes were simulated °
and are illustrated in Figure 2.20.Here the DL is the Debye length which can be

calculated from Equation 2.11 .
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Figure 2.20. Calculated potential distribution of overlapping double layers between capacitive electrodes when the position
of the second electrode is varied along the x axis with respect to the first electrode. Here the first electrode is fixed at the

position x=0 and the second electrode is moving away from the first electrode along the x axis .

According to the potential distribution shown in Figure 2.20, the position of second
electrode is at x=DL, x=2 DL, x=5 DL and x=10 DL, where DL=1/k (see Equation
2.11).hence the potential drop across the double layers is minimized when the separation
distance between the electrode approaches the width of EDL, this effect minimize the
contribution of the double layer impedance to the measured impedance. Therefore

eliminates the EP effect in low frequency dielectric spectrum.

This theoretical explanation is a very important point in biosensors, due to the fact that
the entire solution inside the biosensor should be subjected to the same conditions.
Clearly for the macroscale systems, biomolecules in the middle of the gap will behave
more differently from the biomolecules accumulating in the electrode surface or nearby

region. Having a uniform electric field inside a nanogap is a significant advantage for
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these type of biosensors, because all the biomolecules inside gap will face the same

electrical conditions.

2.3.2. CURRENT STATE OF THE ART USE OF NANO-GAP CAPACITORS

FOR LABEL-FREE DETECTION

In order to solve the issues relating to low frequency impedance measurements, a
concept nanogap capacitive sensor with an electrode separation of less than 100nm has
been developed. With this approach, the sensitivity of detection of the intermolecular
interaction can be enhanced. Reducing the gap size between the electrodes results in
the overlapping of the two EDL (one on each electrode) and decreases the potential drop

across the electrodes spacing. This facilitates low frequency measurements.

The first nanogap based capacitors were reported by Lee et al. in 2002 73, They
fabricated a vertical poly-Si/insulator/poly-Si capacitor with a gap size of 50nm between
two 70mm wide electrodes. The capacitance values were measured at frequencies

ranging from 75 kHz to 5MHz using 0 Vpc bias and 25mVac signals.

The recorded capacitance change after DNA hybridization was around 9%. The results
have also been verified using contact angle measurements and Fourier Transform
Infrared Spectroscopy (FTIS). This approach has a number of issues, one being that
with increasing DNA concentration after target binding to immobilized DNA, the
capacitance change with hybridization is also increased. Therefore, to achieve a
significant capacitance change, as well as higher sensitivity, the concentration of DNA
should be reduced. Additionally, the electrode area must be increased with the reduction

in gap size and operating at lower frequencies.

The other issue is that the electrode material (polysilicon) suffers from a parasitic

resistance, low conductivity and the limitation of the type of self-assembled monolayers
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(SAM) which are compatible with various biomolecules. To solve this issue, highly

conductive electrode materials should be used which are compatible with different SAMs.

The same group also developed nanogap biosensors for detecting changes in the
structure of water and ice %2 and conformational changes of proteins 1’°. This sensor
had another element consisting of a small polydimethylsiloxane (PDMS) reservoir
adhered to the device to place the sample onto the hanogap for measurements. Further
improvements to this sensor were achieved in 2005 and resulted in the fabrication of a
more enhanced nanogap capacitor with 60nm gap size, in which the doped silicon
substrate acted as the bottom electrode (electrode 1), the polysilicon layer as the top
electrode (electrode 1) and an oxide layer was thermally grown between the electrodes.
With selective etching of the oxide layer, the nanogap is created and for impedance
measurements the top and bottom electrode were connected to two gold pads (see

Figure 2.21) 167,

4 Nanogap (oxide)
Electrode S . e e ) B

: 5 ectrode II (silicon) |+
Gap cross section A-A

EIecIode I (polysilicon)

(©

Figure 2.21. Experimental setup for nanogap capacitive biosensor. (a) sketch of wires connected to the gold pads
connected to top and bottom electrodes, (b) SEM image of a nanogap fabricated with the same masks for tested nanogap,

(c) nanogap filled with electrolytes where x* (Debye length) is the EDL thickness and L is gap size®.
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For the experiment, the Vac was set to 30mV with zero Vpc and the measurements were
performed at frequencies from 1 MHz down to 1Hz, with a frequency spacing factor of
1.5. The measured permittivity as a function of frequency decreased with the ionic
strength increasing from 107 (k=960 nm) to 10“ M (k=30 nm). With increasing ionic
strength further to 103-102 the permittivity started to increase. This observation
confirmed the limit of capacitance change with ionic strength variation from 107 M (x°
12960 nm) to 102 M (k=3 nm) which was estimated to be 10“*M (k=30 nm). The
capacitance change between the nanogaps filled with DI water was 3.5 nF compared
with the results for nanogap filled with 200 nM DNA solution which was 4.1 nF, indicated

a 30% capacitance change.

The improvement of nanocapacitor based biosensors by the same research group
resulted in fabrication of a slightly different device with four different geometries for top
electrodes (see Figure 2.2 ¢) 2. Three ‘comb’ like geometries with a separation of 10
um (device A), 5um (device B) and 4um (device C) wide ‘fingers’ and ‘serpentine’
geometry with a single 10 um wide finger (device D). In this work, the interdigitated

nanocapacitors connected to the measurement setup via gold contact pads.
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Figure 2.22. Device geometry a) top-view optical image of the polysilicon top electrode containing a gold contact pad (left)
and cross sectional SEM image of 10 um-wide finger b) Schematic representation of material used in Nanogap capacitor
fabrication process and the measurements setup contact point to device c) illustration of four different device geometries,
Three “comb” like geometry with the separation of 10um (device A), 5um (device B) and 4um (device C) wide ‘fingers’

and ‘serpentine’ geometry with a single 10 um wide finger 152,

The principal aim of this work was to determine the sensitivity of a nanogap capacitor
with a change in the permittivity constant of the capacitor material. It was reported that
the permittivity changes were in the range of 2- 4.25 g, which is similar to the permittivity
of low hydration protein powders which range from 1 to 5 g. This approach could be
utilized for measuring the permittivity changes between different dehydrated organic

molecule samples.
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Another main parameter, the detection limit, was characterized in this work. This defines
the smallest change in sample permittivity which results in a detectable change in the
measured quantities of modular of impedance and phase change. Here the lowest
detection limit for impedance was below 2% of ¢ in the frequency region from 10%to 10°

Hz.

In 2010 Mannoor et al. worked on metal electrode nanogap capacitors in a planar
structure for aptamer-based protein detection 6. An Au/SiO/Au structure was fabricated
(see Figure 2.21) with a separation less than 50 nm via a SiO; sacrificial layer (the oxide
layer is removed completely at the final stage). Two gold electrodes were patterned onto

the substrate using a conventional lithographic technique.

Sub 50nm electrode separation

Figure 2.21. SEM image of the nanogap capacitor with <50nm gap separation%.

The dielectric spectra of the nanogap were studied over a frequency range of 10 Hz to
100 kHz with 0 Vpc bias and 20 mVac signals. The relative permittivity as a function of
the log frequency results in the presence of buffer solution was high (~250). By coating
the nanogap surface with SAM of specific aptamer this value decreased (~190) and

finally with SAM formation following by a-thrombin binding, the permittivity value

decreased further (~120). This indicated that replacement of water molecules (¢=80) by
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monolayer with lower dielectric permittivity had occurred. The binding of a-thrombin
protein to SAM further enhanced this effect. For testing the sensitivity of the sensor, the
nanogap was prepared with the same SAM but different target molecules which were
nonspecific and the permittivity change was ineligible. Also, in this work, it was shown
that the permittivity of DI water (¢=80) measured by this hanogap at low frequency was

equal to the theoretical value.

Since then, several academic papers detailing nanogap devices with different electrode
materials (polysilicon and gold) have been published based on resistivity and

conductivity measurements in the frequency range from 10 Hz to 100 kHz 174 175 176.177,

In most of these works, the fabrication technique was based on conventional lithography
combined with chemical and oxidation etching process, with two different masks, one for
the nanogap pattern and the second one for the pad electrode. The gap size was
optimized with increasing the oxidation time range from 5 min to 90 min. These fabricated
devices were tested for air, DI water and different buffer solution (PBS) but no

measurements were performed in the presence of immobilized biomolecules.

So far, in this thesis we have identified the need for a nanogap sensor based on
capacitance measurements at low frequency which can be used for real time and label-
free detection of different species. We have designed and fabricated a novel 3D vertical
nanogap capacitor with two gold electrodes separated by 40nm SiO. and finally, by

selective etching of oxidation layer, the nanocavity has been obtained.

The nanogap capacitive sensor has been fabricated at low cost using a simple and
straightforward fabrication method which can lead to mass production of label-free
biosensors for clinical applications in the near future. In the next chapter the fabrication
and experimental setup of the proposed nanogap sensors is introduced. This is followed
by the capacitance measurements for air, D.l.water, various ionic strength buffer

solutions and an aptamer-based human alpha thrombin protein in the results chapter.
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One of the most common and convincing methods for nanogap electrode fabrication is
to use selective etching of a sacrificial oxide layer deposited between two stacked planar
electrodes. The technique we have developed uses only traditional photolithography

techniques and is cost effective and straight forward to implement.
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Chapter 3. NANOGAP CAPACITIVE SENSOR DESIGN

AND FABRICATION
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3.1. SPUTTERING AND ETCHING OPTIMIZATIONS

In the previous chapter the advantages of Nanogap capacitive sensors was described in
detail. This chapter will detail the realization of the Nanogap capacitor developed in this
work. Initial optimization experiments carried out for the SiO, and Hydrofluoric Acid (HF)
etching which will be introduced in the first part of this chapter. The second part of this
chapter will focus on the novel design of the Nanogap capacitor, followed by a detailed

step-by-step account of the different fabrication processes used to construct the device.

3.1.1. SIO: Dielectric layer sputtering

The dielectric layer for separation of the two electrodes has a crucial role for the
fabrication of good devices in this project. This layer must have a very low current
leakage in order to electrically separate both electrodes and to reduce the effects of
parasitic resistance on the device. In this work, we deposited high quality SiO, using an

RF magnetron Sputtering technique.

Sputtering is a technique where an energetic Radio Frequency wave (~13.56MHz) runs
through an inert gas (Argon mixed with Oxygen) in a vacuum chamber which becomes
ionized. The target material (in this case a solid disk of SiO>) is bombarded by these high
energy ions, resulting in the sputtering off of atoms to give a fine spray which covers the

substrate.

88



Rf-generator =
|

| Matching network |

[
I
Substrate "&IWWW
0
0]
Vacuum pump system <— 0 / O <— Admission of
= —— working gas
Plasma
. €
Electricand magnetic O Target atoms
fieldsline O Ar
© Art
Cathode

Figure 3.1. Schematic diagram for RF magnetron sputtering system 178,

Figure 3.1. lllustrates the schematic diagram of sputtering system based on RF
deposition.in this system Argon used to bombard the source and in the presence of
electric and magnetic field the target atoms accelerates towards the substrate to cove
the desired area. The most important advantages of this technique can be listed as: 1) It
produces better film quality and step coverage compare to evaporation.2) helps in
deposition of wide variety of insulators, metals, alloys, composites etc. 3) this technique
Works well for insulating targets. 4) Charge-up effects are avoided and arcing is reduced
due to use of AC RF source of frequency 13.56 MHz. This is due to the fact that electric
field sign at every surface inside plasma chamber changes with RF. 5) RF sputtering can
operate at low pressures (1 to 15 mTorr) while sustaining plasma. Hence RF sputtering

offers higher efficiency. 6) This sputtering technique is used to sputter any type of film

178,179,180
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3.1.2. METAL-OXIDE-SEMICONDUCTOR (MOS) FABRICATION FOR SIO>
CHARACTERIZATION

In order to study the quality of sputtered SiO2, a series of Metal-Oxide-Semiconductor

(MOS) devices was fabricated. These devices were made in three different oxide
thicknesses: 20 nm, 40 nm and 60 nm and in two different temperatures: 100 °C and 300
°C. The metal contact pad sizes where three different hole size diameters: small (100

um), medium (200 um) and big (400 um).

Vi

+ Al
5102

Ve
p-type 5i substrate

VB

Figure 3.2. Schematic structure of MOS device. Where the gate material is aluminum and the VG is the applied voltage

to the gate and VB is the bias voltage which apples to the back of substrate.

The fabrication of these devices started with cleaning of a p-type silicon substrate. Prior
to the oxide layer deposition procedure, the substrates were ultrasonically cleaned in
acetone ((CHs).CO) for 10 minutes, followed by 10 minutes in isopropanol (CHz),CHOH

and rinsed thoroughly with DI water.

The clean substrate was placed in RF magnetron sputtering system and for the first set

of devices, the temperature of the substrate holder was adjusted to 100°C with a ratio of
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Argon/Oxygen of 1:3 inside the chamber. The oxide layer were of three different
thicknesses; 20 nm, 40 nm and 60 nm. For the second set of devices, all the parameters

were same except the temperature which was 300 °C.

A specific metal mask (mesh) with circular shape holes in three different diameters was
used to fabricate the metal contact pads (see Figure3.3). The mesh was placed in
physical contact with the SiO- layer and inserted into the thermal evaporator. A layer of
aluminum (Al) of around 240nm thickness was then deposited on the devices. In order
to have better bulk contact, the back of p-type Si substrate was physically scratched and

a thick layer of Al was deposited on the back of the devices.

Figure 3.3. Optical image of fabricated MOS devices with three different hole sizes; 400pm, 200pm and 100um.

As can be seen from Figure 3.3 the three different diameter size aluminum contact pads
are evaporated on top of SiO- layer. For each measurements different contact can be
selected.
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3.1.3. SUBSTRATE TEMPERATURE EXPERIMENTAL STUDY

In this part of experimental work, for studying the temperature effect on
sputtering/deposition time, the substrate holder of RF magnetron stutterer (home made
in hull university physics department , chamber from ION TECH Ltd.) were replaced with

a vacuum suitable heater unit (made in our lab).

Figure 3.4 .Picture of RF magnetron sputtering system used in this project. A: power supply for applying voltage to

substrate holder in deposition time, B: thermometer for reading a temperature at deposition time .C: RF power supply unit

and impedance matcher, D RF supporting system with an argon oxygen inlet, thickness monitor unit and vacuum chamber.

Figure 3.4. shows the RF sputtering system used in this project, this was include a RF
power unit , power supply for the heater inside chamber .The heater unit contains lines
of vacuum suitable resistor and with applying DC voltage from the power supply this

resister heats up to a desired temperature(see Figure 3.5).
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Figure 3.5.Substrate holder with a heater inside the chamber. Where the unit attached to the substrate holder and

thermocouple wires and vacuum wires attached to this unit with glue.

Systematic experiments were carried out to find the best voltage to temperature ratio,
with two set of experiments in atmospheric pressure and vacuum pressure (~2x10-
5mbar).DC voltage were set to three different values: 18.22 V, 21.89 V and 25.5 V and

the temperature were recorder every 2 minutes.

3.1.4. HF ETCHING EXPERIMENTAL STUDY

In this thesis for HF etching experimental study, we have started with 5 sample (one for
thickness characterization) the substrate were p-type Si. First a thick layer of SiO, (~250
nm) were sputtered into substrate at 300 °C,then in order to obtain the step that can be

used for before and after HF, a photoresist layer spin coated in top of SiO- layer, and
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standard photolithography carried out with chrome mask used for nanogap biosensor.

HF etching characterization were done in 4 different time: 30sec, 1min, 2min and 3 min.

4

Figure 3.6. Picture of 4 sample with a thick layer of SiO2 on top of Si substrate before lithography. Where the dark color

indicated the thick layer of oxide in substrate and the edges were used for surface profiling aid.

After this step the samples were patterned with photoresist, and taken into HF etching
lab, for health and safety reason staff members in microfabrication lab assisted us to

carry the etching activity.

The samples after the HF were ready to lift-off to remove the photoresist from the sides
of a window opened in SiO,, dektak surface profiler were used to characterize the

thickness.
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Since we were interested in high etch rate, in order to obtain 1um etch profile from each
side of nanogap capacitor, the 3 min HF time selected for more investigations. For the
second experimental study we start with two samples , the substrates were same as
previous experiment (p-type Si) , this time first the lithography pattern were fabricated in
Si substrate and then , the SiO, were sputtered on top of resist.at the final step both
samples were lift-off to remove the resist from substrate and obtain the sputtered SiO..
One sample were taken to the HF etching with same parameters with 3 min etch time

.Both samples were investigated with white light microscopy.
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3.2. NANOGAP CAPACITOR FABRICATION PROCESS

3.2.1. SENSOR STRUCTURE AND PHOTOMASK DESIGN

The principal of operation of the Nanogap capacitor developed in this thesis is to detect
changes in capacitance between two metal electrodes separated by a Nanogap when a
bio molecule enters and binds to the aptamer functionalized metal electrode surface. For
this purpose, a vertical 3D tri-layered stack with a central Nanogap layer was developed
(Figure 3.7). The two main deciding factors that determined the choice of this structure
were firstly, that a high degree of control of the Nanogap thickness can be achieved using
standard thin-film deposition and etching technology, and secondly that devices of this
type can be easily integrated with microfluidics technology, enabling the development of

a lab-on-chip capacitive sensor that would have wide applications.

Top electrode

& &
Nanogap &"-"_ SiO2 layer ‘5 =
~§§ 5;5 Biomolecules

Bottom electrode

Figure 3.7. Schematic presentation of Nanogap capacitor. Where the SiO, layer separates the top and bottom electrode
and will be etched to optimize the nanogap. The biomolecules of interest can be immobilized inside the gap and the
capacitive measurements can be achieved. The schematic structure of the biosensors illustrated in this chapter for the
layer thickness ratio and the edge of electrode are based on ideal condition and purely are for the presentation purpose.

For the real images of the biosensor at each step please see section 3.3.2 of this chapter.

In order to maximize the sensitivity of the device and to achieve a capacitance that is
large enough to be easily measured, the Nano-capacitor devices were designed to have

a structure in which a single device consisted of 100 Nano-capacitors in a parallel array.
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Figure3.7. shows a schematic of a single Nanogap capacitor. The gold electrodes are 5
um x 5 um and have a gap separation of 40 nm between the bottom and top electrode.
The SiO; is partially etched, approximately 1 um from each side, to permit solutions to
enter and modify the active dielectric sensing region. The un-etched SiO; region (width
3um) acts to provide structural stability to the top electrode layer. To maximize the
sensitivity of the device the aim is to minimize this area much as possible. Minimizing

this area is one of the key aims of future work in the project.

The equivalent circuit model of a device containing a solution (see Figure 3.8) can be
treated, in a simplistic manner, as three capacitors in parallel. Two of the capacitors
contain the active dielectric sensing region (i.e. the solution in this case) and the third
capacitor, containing the SiO; as the dielectric material, is for structural rigidity of the top
electrode. The SiO; region is mostly inactive (except for the surface regions) and its
contribution to the overall capacitance of the device remains unchanged. In our Nanogap
structure the electrodes are separated by a distance of the Debye length (for example
Debye length for DI water is around 960 nm*®’) and the effect of electrical double layer
disappears by overlapping. Therefore, electrical double layer can be neglected and the

overall structure can be treated with capacitance in parallel.
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Figure 3.8. a) Equivalent circuit model for whole device, b) Equivalent circuit model for the Nanogap sensor, the SiO,

dielectric layer is modelled with capacitor C, and the Nanogap is modelled with capacitors C, and Cs.
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The capacitors in Figure 3.8.b are in parallel and can be written as:

Ciow =C, +C, +C, (3.1)

total

Since C, and Cs will be filled with the same medium, the total capacitance will be:

Cgap = C2 + C3 (32)
g6 A
Cap = 2% ("T) (3.3)

Where &, is the relative permittivity of the solution which will be filling the gap,

£, =8.854x10"*Fm™is the absolute permittivity of free space, A is the area of the

electrode (here A is the area that is etched away and the target is to etch around 1um
on each side so the effective area on both sides will be ~ 1 um x 5 um) and d is the
distance between plates. C; is the capacitance of the oxide layer. Here we have used
SiO, to cover the space between top and bottom plate (electrodes) and the relative
capacitance can be written as:

_ Eoésio, A

Cl = CSio2 = d (3.4)

where A is the area of SiO; which remains un-etched (~3 um x 5 um) and &, is the

permittivity constant of SiO, which is 3.9 for the high quality and pinhole free oxide "
181 Each sensor contains 100 capacitors in parallel so the total capacitance of the device

can be calculated as 100 multiplied by the capacitance of a single capacitor.

PHOTOMASK DESIGN

The fabrication of the devices was carried out in the University of Hull Physics and
Engineering microelectronics cleanroom facilities. The fabrication method involved
standard photolithography methods to pattern and deposit the metal electrode. The

chrome photomask used for the photolithography was designed using AutoCAD
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software. The photoresist used was AZ5214E (Microchem), which is a negative image
reversal photoresist material, hence the designed mask contains the chrome area (dark

area) for the geometry of electrode and the transparent area.

a)

10cm
wog

10cm 3cm

Figure 3.9. Auto Cad design of the chrome photomask; a) top view of whole photomask 10cm x 10cm containing multiple
copies of the bottom and top electrode patterns, b) top view of one device with the effective size same as the UV fused
quartz substrate (25mm height x 25mm width x1mm thickness) used for the sensor fabrication. ¢) The center area for one
Nanogap capacitive sensor with 200um height x 95um width, including alignment marks around it in order to align the top
electrode in the center with 90° rotations. d) Top view of central area contains 10 lines of 5um electrodes (red area

represents the electrode geometry and white area is the separation between each line)

The optical image of a final devices after bottom electrode lithography, lift-off, oxide layer

sputtering and top electrode fabrication presented in Figure 3.10.

99



Figure 3.10. Optical image of top and bottom electrode, here after the formation of bottom electrode, following by SiO,

sputtering, for the top electrode the photomask has been rotated 90° clockwise or anticlockwise.

The initial observation from the optical image shows the color difference between bottom
and top electrode and this is due to the fact that the bottom electrode were covered with
40 nm of SiO.this layer will be partially etched in final step for the optimization of

nanogap.
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3.3.2 SENSOR FABRICATION

In general, the fabrication process from start to end involves four main steps .In the first
step, a layer of photoresist (1.3 ym) was patterned with standard photolithography for
the formation of first set of Au electrodes acing as the bottom electrode (Figure 3.11.A).
In the next step a very thin and uniform layer of SiO> (40 nm) was deposited using RF
sputtering technique, to form the nanometer spacer between the bottom and top
electrode (Figure 3.11B). A second layer of 100nm gold metallization was applied using
previous method for the top electrode (Figure 3.11.C). A sputtered thin oxide layer was
then partially etched with HF to define the separation between bottom and top electrode
(Figure 3.11.D). This technique allows the fabrication of capacitive structure with

electrode separation lower than the resolution limit of optical or e-beam lithography.

A) Lithography and lift-off bottom electrode C) Lithography and lift-off Top electrode

Substrate Substrate

B) Si02 sputtered layer D) Wet etch of SiOz in order to obtain the Nanogap

Nano—gapg

dgin; =40nm3

Figure 3.11. fabrication process, A) start with bottom electrode lithography, metal evaporation for the formation of bottom
electrode, B) SiO, sputtering C) top electrode lithography, metal evaporation for the formation of top electrode and finally
D) HF etching of sputtered SiO,.the schematic structures

In the following parts of this section materials and methods for each step will be explained

in details with relevant images.
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SUBSTRATE AND SURFACE PREPARATION

In this project, UV Grade polished Fused Silica Quartz substrate with dimensions of 25
mm x 25 mm x 1 mm thick, purchased from APEX Optical services was used as the
substrate material. Electrical resistivity for this type of substrate is more than 10?* Q.cm
and the dielectric constant is 3.78 (very close to the dielectric constant of SiO- with 3.8).
Fused silica quartz was used because of its high electrical resistivity. Initially, devices
were made on oxidized silicon wafers but they proved to have to high parasitic

capacitance, since the large gold electrode coupled with the underlying silicon.

Prior to the photolithography procedure the substrates were ultrasonically cleaned in
acetone ((CHs).CO) for 10 minutes, followed by 10 minutes in isopropanol (CHz),CHOH
and rinsed thoroughly with DI water. The cleaning step also includes final UV plasma

cleaning for another 5-10 minutes just prior to starting the fabrication.

PHOTOLITHOGRAPHY AND BOTTOM ELECTRODE FORMATION

For the formation of bottom electrode, the photolithography step was carried out
beforehand in order to transfer the electrode geometry to the substrate. The specific
electrode design on the photomask is shown in Figure 3.9 and was used for the image

reversal technique.

The photolithography process was carried out inside the 5000sgft class 100 cleanroom
facility at Hull University. The photoresist (AZ5214E) and Tl PRIME (adhesion promoter)
was purchased from Microchemicals GmbH. Image reversal (negative photolithography)
technique was used for the formation of both electrodes. Tl prime was used to improve
the adhesion of the photoresist to the quartz substrate and was spin coated at 3000 rpm
for 30 second on to substrate following by a 2 minute bake on a hotplate at 120 °C.
Following this step, the photoresist was spin coated at 3000 rpm for 30 sec following by

3 minute bake on a hotplate at 90 °C and then allowed to cool down for 5 minutes.
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Photomask

=[]
e

UV exposed photoresist

UV exposure

Figure 3.12. Photolithography process for transferring the electrode geometry on to substrate. Prior to the spin coating

the photoresist the Tl prime were used to promote the adhesion of photoresist to the glass substrate.

The UV light irradiation of the photoresists was achieved with a mask aligner (KarlSuss
MJB 3). The exposure time used was 4sec, followed by a post bake for 2 minutes on a
hotplate with temperature of 120 °C. The post bake step in this method is necessary for
improving the resolution and breaking the polymer links of photoresist. The sample was
then left to cool down for another 5 minutes and finally flood exposure without photomask
was performed for an extra 15 sec. After the UV exposure process, AZ726 MIF
(purchased from Microchemicals GmbH) was used to remove the un-exposed
photoresist leading to the formation of desired electrode pattern on the quartz substrate.
At every final step a post-bake was performed for 50 sec at 120 °C to harden the

photoresist before removing from the clean room.

At this stage the fabricated sample with photolithography patterns was investigated with
atomic force microscopy (AFM) to study surface topography in more detail. AFM is a
form of scanning probe microscopy, in which a sharp tip is systematically scanned across
a sample surface, producing a nanometer-resolution topographic map. The tip is

attached to a soft cantilever which deflects and quantifies the force. The cantilever
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deflection can be detected by a laser beam reflected from the free end of the cantilever

into a position sensitive photodiode 82 183,

. Cantilever | # Y
Photodiode movement X

&
¥
~

cantilever

Y Tip

Figure 3.13. Schematic presentation for Different parts of Atomic Force Microscopy. Where the laser beam focused on to

the edge of the cantilever with the tip attached to it and the reflected laser from tip will be focused on to photodiode which

will be converted to the image ,modified from &3,

For each point on the sample surface, the tip locally senses forces which are used for
cantilever deflection feedback for creating a high resolution image of sample surface.
AFM (Bruker Dimension Edge) was used to create image of obtained structure for each
step and, in order to achieve a high resolution image, the scanning area were chosen to

be a small.
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Figure 3.14. AFM analysis of the photoresist layer after the photolithography process. Top image presents the 3D image

of the pattern and the bottom image shows thickness profile of the photoresist layer, the resist thickness is ~ 1.3um.

samples are between 1.3p and 1.8um.

Figure 3.14 shows the 3D image of the photolithography pattern in one part of substrate
with 72.9 um x 90 um area (top image). The thickness and depth results in 2D version

will presented in bottom image. The confirmed thickness of the photoresist for different

Metal evaporation was achieved using either a multi-current Electron Beam Evaporator

(HHV Auto 500) or thermal evaporator (Edwards vacuum systems). The metal layer
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deposited was typically 10nm Chromium followed by 50 nm of gold. The thin layer of
Chromium is used for adhesion of gold to the glass substrate. This pair (Cr/Au) is been

used in other experimental work also and the results are highly satisfying 141:142.184

a)

Gold —»
Chromium —»

Photoresist —»

Tl Prime —»

Photolithography and metal evaporation

b)

Gold —»

Chromium — —

Lift-off

Figure 3.15. Cross sectional view for lithography, metal evaporation and lift-off steps. a) for high adhesion of photoresist
to substrate a thin layer of Tl Prime spin coated before photoresist coating, following by evaporation of thin layer of Cr

(10nm), Au (50nm).b) the formation of bottom electrode after lift-off.

After photolithography and metal evaporation, the un-wanted photoresist and metal layer
was removed using a “Lift-Off “procedure using TechniStrip P1316 (purchased from
Technic, France). The procedure involved leaving the device in the TechniStrip solution
for 2 hours followed by thorough rinsing in DI water and drying on a hotplate at 120 °C

for 10 minutes.
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VA

Figure 3.16. Optical image of bottom electrode after lift-off. The scale bar for this two image are both 5um, where the left

image is contains all 10 lines of bottom electrode and the right image zoomed on few of these lines.

After the fabrication, the devices were examined under an optical microscope, AFM
(Figure 3.16 and Figure 3.17) and electrically tested for continuity across the electrodes

and for the existence of an open-circuit between the two electrodes.
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Figure 3.17. AFM images bottom electrode after lift-off for two line of electrodes (top). Where the small part of the 10 lines
electrode were chosen (15.6um x 20pum). Bottom image shows thickness profile of the first electrode in 2D, the electrode

edges are very sharp and this indicates the negative lithography step is well worked for these electrode.

Figure 3.17 shows the 3D AFM image of the bottom electrode where, we zoom on a
small area to investigate the efficiency of gold coverage on glass substrate. After the
visual inspection the samples were tested for continuity of the electrode lines before
approaching the next stage. The 2D image (bottom) shows the thickness profile for this
layer which is confirmed to be between 60nm and 70nm. For this purpose an electronic
test setup (see Figure 3.18) were built and includes a power supply (Thurlby 30V-1A), a

multimeter (Thurlby Thandar) and 100 KQ resistor.
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NV /NVAL

100K Unknown

resistance X

1V

Figure 3.18. Setup for testing continuity and short-circuits between electrodes. Where a resistor with 100KQ is in parallel
connection with the voltmeter. The whole setup has 1V DC voltage and the unknown resistor is where we will place the

fabricated samples.

By placing the electrode in circuit (where unknown resistance is located) and recording
Vieaad for the bottom electrode, the continuity check can be performed. For faulty
electrodes (e.g. with broken lines) Vieag=0 and this indicates that the circuit is not close.
Whereas for a working electrode all these 10 lines are carrying the voltage across and

the Vieag=1 as expected.

SI102 SPUTTERING

Insulating the bottom electrode carried out using RF sputtering rig (custom made at Hull
University Physics department). In order to reduce pin holes and grow a high quality
oxide, the substrate holder is connected to a thermal heater that heats the samples up
to 300°C before sputtering takes place. For the optimization experiments please see part
3.1 of this chapter. When the chamber achieves a good vacuum pressure (~2.5 x10°
mbar), the sputtering process starts by adding Argon and Oxygen to the chamber (3:1
ratio Argon added till pressure at stabilizes at 9x10-*mbar and the Oxygen is then added
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until the pressure stabilizes at 1.2x10mbar. Finally, power (maximum 100W) is slowly

introduced to chamber and from this moment the plasma start to glow.
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Figure 3.19. AFM images for bottom electrode covered with SiO,. The top 3D image shows 4 lines of these 10 line
electrode, the middle 3D image is zoom on only one electrode to investigate the coverage of gold with silicon dioxide. The
bottom 2D image shows the thickness profile for the both layer with the around 100nm, which is the confirmation of 40nm
SiO; layer.
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Figure 3.19 (top and middle) shows the 3D images of the bottom electrode covered with
SiO2 with sputtering technique. RF sputtering technique is considered as one of the best
methods for preparing a thin film specially SiO; . This is due to the fact that it can
deposit films over large areas at rates comparable to evaporation method.as it is known
that in the evaporation techniques the source material needs to heat to high temperature
in which the material evaporates. This evaporant vapor then transfers to and impinges
on the surface of the substrate where it condenses and absorbed by the surface. This
process only occurs in one direction from source to substrate. Whereas in sputtering
method the atoms of source material are floating in vacuum and in presence of plasma,
magnetic and electric filed they can travel in any direction and place on the substrate.

This technique can provide a homogenous coverage for demanded surface.

The AFM images of bottom electrode before and after SiO» sputtering step (Figure 3.17
and 3.19) confirmed the coverage of bottom electrode and its side walls with insulating
material. Since the side coverage of bottom electrode with SiO; is one of the important
factors to avoid short-circuit between top and bottom electrodes. Nevertheless the total
thickness of the both bottom electrode and SiO- (see Figure 3.19 bottom) layer is around

100 nm which indicates the 40nm coverage of SiO; layer.

FABRICATION OF THE TOP ELECTRODE

In order to make the top electrode, the photolithography, metal evaporation and lift-off
processes was repeated with the same parameters, except the final thickness for gold
was 100 nm.For increasing the adhesion of gold layer to the SiO; a thin layer of
Chromium (10 nm) was deposited before the gold. A 100nm layer of gold was deposited
for the formation of the top electrode, here for promoting a good homogenous and more

rigid layer, the top electrode is thicker than bottom electrode.
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a)
Gold —»

Chromium —p mewes

Photoresist —»

Si02 —»
40nm
substrate
Photolithography and metal evaporation on top of SiOz layer
b)
Gold —»
Chromium —» E— s | s |
Si02 —»

substrate

Lift-off

Figure 3.20. Cross sectional view of second step photolithography, metal evaporation and lift-off. a) Schematic
presentation for multilayer steps, after oxide layer sputtering, second step of photolithography with a thin layer of Tl prime
and AZ5214E photoresist used, followed by metal evaporation (Cr/Au 10nm/100nm). b) Schematic representation of full

device after second lift-off process for formation of top electrode.

Figure 3.20 illustrates the photolithography and lift-off step after SiO, sputtering. The
second photolithography step in this part requires a highly skill experimental technique
to align the bottom electrode on top of the structure.as can be seen from 3.20.a. the
photoresist layer covers all the substrate and this includes the gap between electrode
lines and the only place available for the metallization is above the bottom electrode.

This photoresists layer will be removed at next step.
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In the final step for the formation of the complete structure is to fabricate the top electrode
with the metal evaporation technique. The thin layer of Chromium (10nm) deposition
carried out prior to gold layer deposition for promoting a good adhesion of gold to SiO;
layer. A lift-off process to remove all the unwanted photoresist was applied to obtain the
completed device. The fact that all devices in same batch might not be in same quality
and some might have a broken electrode, at this stage all fabricated devices tested for

continuity and short-circuit by using the pervious setup (see Figure 3.18).

Scanning electron microscopy (SEM) and AFM (see Figure 3.21, Figure 3.22 and Figure
3.23) was used to confirm a good fabrication process result. Below are images of

Nanogap capacitive biosensor before HF etching step.

Figure 3.21. SEM image of top and bottom electrode lines. The device coated with thin layer of carbon (~5 nm) to minimize

the charge effect, the electron beam voltage is 20 KV, probe current 50 pA, the substrate tilted at 45°.

Figure 3.21 shows the SEM image of the fabricated device before HF etching, the SEM
images for this project are done by technical staff in hull university .for minimizing the

charging effect on the surface the devices were coated with 5nm carbon. The samples
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were rotated during coating at about 1lrevolution per second. The coating was achieved

using thermally evaporated spec-pure graphite rods in a vacuum of <5 x 10-6 mBar. The

probe current is 50 pA, beam voltage is 20 KV and the substrate were tilted at the 45

degree.

Figure 3.22. SEM image for one Nanogap capacitor before HF etching (the red arrows indicates the both side that will be
etched to obtain the Nanogap). The device coated with thin layer of carbon (~5nm) to minimize the charge effect, the

electron beam voltage is 20 KV, probe current 50 pA, the substrate tilted at 45°.

Figure 3.22 illustrates the image of a single nanocapacitor, where the arrows (in red)
showing the HF sides in order to obtain the nanogap. The device were coated with 5nm
carbon, the probe current is 50 pA, electron beam voltage is 20 KV and the substrate

were tilted at the 45 degree.
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Figure 3.23. AFM images for full device before HF etching. The top image presents large area of the 10 line electrode and

bottom 2D image is for the thickness profile of complete structure with bottom electrode, SiO2 layer and top electrode.

The total thickness is around 200nm.

Figure 3.23 shows the total thickness of the complete structure (200 nm) which is the

confirmation of each individual thickness added together.
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NANO GAP FORMATION VIA HF ETCHING OF SIO2 LAYER

There are two main type of etch mechanism used to remove material for modern
micro/nano-electronic device manufacturing: physical and chemical. In physical etching
(also known as sputtering or dry etching), the momentum of particles hitting the surface
removes the material. In chemical etching, the final etch product for the removal process
is soluble in an etch solution or volatile at low pressure. The most well-known practice of
chemical etching is wet etching and common applications include the bulk etching of
silicon or compound semiconductors. Micromachining of microelectromechanical system

(MEMS) is one of the major areas which benefits from this technique 1.

Wet etching is a process based on chemical reactions which includes three main steps:
the reactive etching species existing in the etching solution needs to come into contact
with the surface, a reaction between the etching solution and target surface takes place
and, in the final step, the etch products are removed from the surface. The rate of
material removal by etching is known as the etch rate and is measured in nanometre per
minute (nm/min). Depending on the nature of etching process, the material removal can

occur in both horizontal and vertical directions.

VAN vARNE

Anisotropic

Figure.3.24. Comparison of isotropic and anisotropic etch process. Where in top the etching occurs at different direction

depending on the pattern whereas in the bottom the etching direction is one 187
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In the etching process, if the etching direction on both the vertical and horizontal plane
proceeds equally, it is known as isotropic. On the other hand, if the etch proceeds only
in the vertical direction (mainly dry etching such as plasma etching), it is known as
anisotropic. The advantage of wet etching (isotropic) is that the material removal rate is
faster than dry etching methods and the rate can be controlled by varying the

temperature or concentration of the active species 188,

Most 3D nanogap capacitive sensors are fabricated by deposition of a sacrificial layer
(oxide layer) with nanometre thickness, which is used to separate two conducting (metal
or semiconductor) electrodes. In the final step of fabrication, when this sacrificial layer
is removed or etched away, a nanocavity is created. The thickness of sacrificial layer can

be precisely controlled via controlling growth (or deposition) conditions 47,

The most challenging step for the fabrication of Nanogap capacitive sensor in this project
is etching the thin oxide layer using hydrofluoric acid (HF). Wet etching of SiO», with the
concentration of 10:1 (95 ml Di water mixed 5ml Hydrofluoric acid 49%) is used to form

Nanogap between top and bottom electrode.

For the HF experiments each batch were taken to the etching lab at the same time and
the room temperature were recorded and adjusted to keep it same at 22 °C. The
prepared HF bath were set to be in the close distance with washing sink , after the
required HF etching time the samples were taking out with the separate tweezers and
left in DI water for minimum 10 minutes prior to drying. The samples were dried with dust-
free wipes first and left in hotplate at 75 °C temperature for another 10 minutes to
evaporate the water from the exciting gap between electrodes. Nitrogen gun was avoided

since the high pressure of the gun could destroy the nanogap.
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Figure 3.25. Wet etching of SiO2 layer with HF, where in top sketch (a) HF attacks to oxide layer in both direction (vertical
and horizontal) in order to get isotropic etch profile. b) Nanogap formation.in ideal case each of these nanocapacitors
etched similarly.in order to investigate the amount of etched SiO,, capacitance measurements before and after HF

performed which will be presented in the results chapter.

Figure 2.25 illustrates the HF process where the HF diffuses through the structure in
isotropic approach and removes the oxide effectively. The amount of removed oxide is
depends on the concertation and the time. These parameters investigated in deep detalil

prior to etching the complete devices (see 3.1.4).

After the HF etching step in order to eliminate working devices from the faulty and
damaged devices, capacitance measurements at single frequency before and after etch
performed. These measurements also indicates the amount of oxide that etched away

which will be presented in results chapter. For the visual conformation of the nanogap
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working devices were examined with SEM in high resolution which a single

nanocapacitor can be examined.

Figure 3.26. SEM image for fabricated Nanogap capacitive sensor. The device coated with thin layer of carbon (~5nm) to

minimize the charge effect, the electron beam voltage is 20 KV, probe current 50 pA, the substrate tilted at 45°.

Figure 3.26 shows the final structure of a single nanocapacitor with the separation
distance of 40nm between top and bottom electrode. Since each device includes 100 of
these single nanocapacitors, the SEM imaging time was limited to few devices and the
presented image is the best among them, however, the most important verification step
carried out with capacitance measurements before and after HF etching. These data
used to calculate the actual etched distance experimentally which will be presented in

the results chapter.
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TOP WINDOW LITHOGRAPHY FOR INTRODUCING SOLUTION TO NANO-GAP

Localization of the sample solution to sensing area is one of the most important
challenges in biosensor design and fabrication process which has led to introduce the
microfluidics concept . In other words microfluidics is the art of manipulating the

sample solution inside sensors.

The exciting microfluidics components can be made of different material such as silicon,
glass and polymer ' . Each of these materials has its own advantages and limitations,
which can be studied in more details from other sources!®!'%2.the most important
challenges for these methods including material costs, low-cost fabrication, bonding of

the microfluidics part to the sensor and assembling technologies.

In this project at the very final stage of the fabrication all the devices were tested with
just air inside the nanogap and DI water. In order to introduce the DI water to the sensing
area, the micropipette used to put a droplet of DI water in the center of the device and
the capacitance measurements performed at this point .However after introducing DI
water droplet to the sensing area under the environmental condition and the nature of
the droplet it is start to spreading to the neighboring area %, In our case, this effect
created another parasitic capacitance between the wider part of the electrode arms and

the glass substrate.

In order to solves these problems a unique approach have been designed and fabricated
for allowing sample solution to enter the active sensing area of the device via
photolithography technique. This methods involves a simple step of photolithography
which could effectively reduce the cost of mass production and seal all parts of sensors

except the sensing area.

For this step a simple plastic photomask design with AutoCAD software and order from
Microlithography Service. In the designed mask a small protective window with

160umx160um created in the center which will aligned on top of these 100 nanocapacitor
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where the sample solution contacts with the sensor electrodes. The negative lithography

method considered for this approach which will cover the rest of the sensor surface.

Figure 3.27. Photo mask design for the small protective window. The mask is to use for negative image reversal, where
the small window in the center is 160pm x 160um is for introducing sample solution and the 4 square pads

(300mmx300mm) are for the measurements probe connection.

Figure 3.27 shows the negative image reversal mask design for the small protective
window (white color) which will be used to introduce the sample solution into active
sensing area. The black color presents the photoresist that covers the rest of the bottom
and top electrode and the 4 white boxes are the area without photoresist to make

electrical connection between electrode and capacitance measurement probes.
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The photolithography process for this step is similar to the previous lithography step
which described in earlier section of this part. The thickness of photoresist also confirmed
to be around 2 um.optical image of the final working device with the protective window

presented in Figure 2.28.

Figure 3.28. Top window lithography for final working device. The size of the window is 160pm x 160um and the area with

black dots is the area covered with photoresist to prevent the solution spearing to the electrodes.

For the capacitance measurements, a small volume of the sample (~20 yL) was
introduced to active sensing area using a pipette. After each measurement, the devices
were rinsed with an appropriate buffer solution, wiped with lint-free tissue and heated on

a hotplate at 60 °C for 1 minute.
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3.3. SENSOR SURFACE FUNCTIONALIZATION FOR APTAMER

AND HUMAN ALPHA THROMBIN PROTEIN

Alpha-Thrombin aptamer modified with thiol linkers (GGT TGG TTT GGT TGG
TTT/3ThioMC3-D) for specific binding experiments and Control-aptamer modified with
thiol linker (GTG TGT GTG TGT GTG TTT/3ThioMC3-D) for control experiments, were
both purchased from IDT Belgium. These Thiol-Modified Oligonucleotides (Aptamers)
were shipped in their oxidized form, with the sulfur atoms protected by an S=S bond

which requires a reduction step to remove the protecting group from the oligonucleotides.

The thiol-modified aptamer (12.4 OD) was reconstituted in 125 pl of DTT (Dithiothreitol)
in 100mM sodium phosphate buffer (pH 8.5) and incubated at room temperature for 1
hour. Half of the aptamer mixture was then brought to a volume of 1ml using sodium
phosphate buffer (pH 6.0) and then added to a NAP-10 columm (purchased from Sigma
Aldrich), that has been equilibrated using sodium phosphate buffer (pH 6.0). The
aptamer was eluted using 1 ml of sodium phosphate buffer (pH 6.0), collecting fractions
of 100 pl of volume. Fractions containing aptamer were identified by using a bio-

spectrometer (Eppendorf).

Before the immobilization procedure, the prepared aptamer with concentration of
74.6 pg/mL (fraction 6.0) was mixed with MCH (6-Mercaptol-1hexanol) with a 1:100 ratio
and sodium phosphate buffer (pH 7.0)!%. The devices were then incubated with this
solution for 16 hours at 4 °C. After this step, the devices were rinsed and washed with
buffer solution multiple times then backfilling with MCH (20 pl MCH in 120 pl sodium

phosphate buffer pH 7.0) for 50 minutes prior to starting the capacitance measurements.
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Figure 3.29. Schematic structure of one electrode after aptamer immobilization and back-filling with MCH (6-Mercaptol-
1lhexanol).The concentration of back-filling was 20 pyl MCH in 120 pl sodium phosphate buffer pH 7.0 and the duration of

the back-filling step was 50 minutes prior to starting the capacitance measurements.image modified from*°4,

Figure 3.29 illustrates the Alpha-Thrombin aptamer immobilization on the gold surface,
the binding between the aptamer and gold electrode provided with modified thiol linkers
(GGT TGG TTT GGT TGG TTT/3ThioMC3-D). The purpose of back-filling the surface
with MCH after immobilization was to create some space between each aptamer base
pair which will be used by protein to form the G-quadruplex conformation upon aptamer
and protein binding?®*. The devices were taken for capacitance measurements of

immobilized aptamer in the presence of buffer solution (0.5xSSC).

The protein solution was prepared with 1 ul of human a-Thrombin (HCT-0020 purchased
from Cambridge BioScience) in 199 pl of 0.5xSSC buffer. The same devices with SAM
were the incubated with this protein mixture for two hours at room temperature. Then
they were rinsed and washed with 0.5xSSC buffer solution multiple times and the

capacitance measurements performed in presence of the same buffer solution.
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Figure 3.30. Schematic structure of one electrode after aptamer and protein binding .The concentration of alpha thrombin
protein is 1pM in 199 pl of 0.5xSSC buffer. the duration of incubation of electrodes with thrombin protein is 2 hours prior
to starting the capacitance measurements and the measurements are performed in presence of 0.5x SSC buffer.image

modified from*%4,

Figure 3.30 shows the structure of aptamer after binding to thrombin protein with G-
quadruplex conformation. The measurements performed in presence of buffer solution
(0.5xSSC) and after each measurements the device were washed with same buffer
solution, dried with dust-free wipes and further dried in hotplate with 60 °C temperature.
This step were continued by storing the devices in humidity chamber for repeat the same
measurements in future , the provided data are based on 5 measurements from same

devices on 5 individual devices.
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3.4. SETUP FOR CAPACITANCE MEASUREMENT

Capacitance measurements for the fabricated Nanogap capacitive sensor were
performed in two different setups, one for the single frequency measurements at 1.013

kHz and one for the frequency sweep from 1 Hz to 500 kHz.

For the single frequency measurements a lock-in amplifier (SR830 Stanford Research
Systems) was connected to the probes inside a faraday cage (made in-house). With
making a contact between the tips of probe to the top and bottom electrode, AC current

and phase were recorded.

Figure 3.31. Capacitance measurement setup for single frequency measurements. The SR830 lock-in amplifier is on the

right of the image and the measurement probes inside a faraday cage are to the left.

The lock-in amplifier was set to 20 mV AC signal and, after contacting the probe end with
electrode, the resulting AC current and phase shift was recorded. The following equation

was applied to calculate the capacitance from current and frequency reading:
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Where | is the measured AC current, V is the excitation AC voltage (20 mV) and f is the

excitation frequency.
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Figure 3.32. SR830 lock-in amplider functional block diagram showing low-noise phase sensitive detection®®.

The excitation AC voltage signal amplitude was 20 mV, which is very low in comparison
to the I-V electrochemical spectroscopy where several volts are typically used to induce
chemical re-dox reactions. In our case, higher voltages can damage the biomolecules
structure and also the system might exhibit nonlinear behavior due to the high electric

field and generation of harmonics from excitation frequency.
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The second measurement setup performs frequency dependent capacitance
measurements and, although slower to perform, the information provided is more useful
since the data is collected over a range of frequencies. In this work, we performed

measurements in the range 1 Hz to 500 kHz.

Typically, the low frequency range is of interest due to the fact that this range is a more
sensitive regime (see chapter 2). At high frequencies, the dielectric essentially acts like
short-circuit. Most studies in the literature indicate that aptamer and protein bonding can

be monitored and detected at frequencies below 10 kHz%, 67,

The second measurement setup used to apply frequency dependent measurements
from 1 Hz to 500 kHz is shown in Figure 3-27. This setup includes: SI1260
impedance/gain-phase analyzer (solartron analytical) combined with the low current
1296 Dielectric interface (solartron analytical), probe stage with sharp tips to make

contact with top and bottom electrode and a computer program to collect the data.

't'fomputer )
to collect data

Probe stage to
mount the sample

Figure 3.33. Frequency dependent measurements setup. This setup includes: S| impedance gain-phase analyzer, probe

stage to mount the sample and a computer software for collecting data.
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The probe stage is positioned inside a Faraday cage to block any external noise from
environment. This stage has a vacuum assisted sample holder to mount the sample.
Two sharp needle tips (probes) are used for making electrical contact to the device

electrodes.

Microscope for fine alignments of probe tips

~~
o

-

Probe tips for making
electrical contact

Vacuum assisted
sample holder

.

| |

Figure 3.34. Probe station with vacuum assisted sample holder stage and sharp tips for making electrical contact with top

and bottom electrode.

For the samples are positioned in the center of stage and the vacuum under the stage

will keep the substrate firm during the measurements.
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3.5. SUMMARY OF TRIAL PROTOTYPES AND FABRICATION

METHODS

The dimensions and the distance between the electrodes of a biosensor determines the
sensitivity. Increasing the area of electrodes will increase the sensitivity; however, this
will lead to increase the area of the active sensing region. On the other hand, in
Biosensing applications with very low concentration of target molecules, this will
decrease the performance of the sensor because most of the sensing area will be blank
(not enough biomolecule to cover all the area). In fact, it is the advantage of Nanogap
based sensing to be able to maximize the capacitive changes while keeping the sensing
region (where target molecule are bound) minimal. Therefore, very low concentrations
of target protein can be detected in this method. Decreasing the electrode distance is
also possible for high sensitivity purposes; however, as the distance approaches several
nanometers, undercut filling of the liquid solution might be problematic as well as any
congestion in the undercut entry due to molecules (aptamer, protein, ions etc.) in the

target solution .

For the design of a sensor with Nano-meter gap size which can be used to analyze the
capacitive behavior of organic molecules or even biomolecules, the relative requirements
and constraints should be taken into account. The geometry of the interdigitated array
microelectrodes (IDAME) based Nanogap capacitor for this project was investigated in
the light of many essential factors which should be considered before the fabrication

step.

At the very first design we considered a single electrode; 1.97cm length and 5 ym width
inside a square window with dimension 1.4 cm height x 1.4 cm width where the top

electrode can be fabricated with rotating the mask 90° degree anticlockwise.
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Figure 3.35. AutoCAD design for the first mask .A) Mask layout on a 4"x4" chrome quartz and four devices with

1.4cmx1.4cm dimensions, B) Zoomed image of overlapping region for top and bottom electrode with 5pmx5um

dimensions.

This design adopted here used for positive lithography and lift-off, where the dark area
would be covered with photoresist and the area bordered with white line is for electrodes.
After a systematic fabrication step, all the lithography and lift-off steps were
characterized. The main drawback of this design arose from the lift-off step. The

fabricated bottom electrode with a 5 um width was not continuous all over the substrate

(electrode length ~1.97 cm).
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Figure 3.36. Bottom electrode formation after lift-off process. Where the continuity of the electrode is not same in all part

of electrode.
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The second mask design aimed to correct this problem by having a single 5 um width
electrode in overlapping area (central distance 55 um) and wider area on the outer sides

(max 1.6mm). In this design, there were four devices with two positive and two negative

lithography pattern.

N

Figure 3.37. AutoCAD design for the second mask. A) Mask layout on a 4"x4" chrome quartz and four devices (two

positive and two negative) with 1.5cmx1.5cm dimensions, B) Zoomed image of central part of electrode with 55um x 5um,

C) Zoomed image of overlapping region for top and bottom electrode with 5umx5um dimensions.
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The second design had advantages over the first design in terms of fabrication and lift-
off. The electrode size in the center was 5 um width x 55 um length, moving out towards
edge of each electrode, the shape getting wider and the maximum width on the edge of
the electrode (probe contact point) was 1.6 mm. The main challenge for this design was
the final full device structure was not strong enough and would break easily after top

electrode formation or the HF etching step.

Figure 3.38.Optical images of full device before HF etching. The top image shows the larger part of electrode which will

be used for probe contact and the bottom image is zoomed in higher resolution into the center.
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Figure 3.39.Optical image of full device after HF. where the top electrode is broken and lost the continuity in the central

area which.

The final mask design was subjectively assessed, according to previous fabrication
failures and had many advantages over previous designs. Since this design included 4
devices on the same substrate the number of possible working devices for the same

amount of fabrication work increased.

Also, since there were 10 lines of 5um electrodes in the sensing area, instead of 1 line,
devices even worked if one of the lines were broken. Another advantage of having 100
capacitor instead of one is to increase the total capacitance of the device, which can

improve the signal to noise ratio.
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Chapter 4. RESULTS AND DISCUSSION
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4.1. INTRODUCTION

In this chapter the results for all the experimental work will be presented in two separate
part. The first part of this chapter will focus on the optimization and characterization of
experimental results for the SiO; sputtering, Metal-Oxide-Semiconductor (MOS) devices,

substrate temperature and HF etching.

In the first part of this chapter, results for substrate temperature experiment will be
introduced for both vacuum and atmospheric pressure. Further on the results for C-V
(capacitance and voltage) and I-V (current-voltage) measurements of MOS devices will
be presented. Finally the HF etching step analysis will be introduced in both thickness

profile study and white light microscopy.

The second part of this chapter will introduce the capacitance and permittivity results for
air, DI water and buffer solution with various ionic strength. Results for alpha thrombin
aptamer functionalization and human alpha thrombin protein hybridization will be

presented.

The final part of this chapter contains a critical discussion of the results for both MOS
devices and the nanogap capacitive biosensor. This section will focus on sensitivity,
reliability, detection limit and compares results from this work with other appropriate

sensors in the literature.

137



4.2. OPTIMIZATION AND CHARACTERIZATION RESULTS

4.2.1. SUBSTRATE TEMPERATURE

The most important aspect of the fabrication of the nanogap sensor in this project was
to obtain a high quality oxide layer, which isolates the bottom and top electrode and is
partially etched to obtain the nanogap. The advantage of sputtering method over the
evaporation have been discussed earlier also the reader is directed to the many good
review studies in literature covering the RF sputtering of silicon dioxide and methods to
achieve a high dielectric constant and low leakage current for the thin layer 197:185198.199
However, in this project we specifically studied the substrate temperature effect on the

sputtering-deposition time.

Substrate heating during the sputtering of oxide layer has many advantages, such as:
increasing the film adhesive strength, density and resistivity, decreasing the overall
surface roughness and pinholes 29 201. 202 1t js important to analyze the temperature
effect for RF sputtered SiO, layer in order to achieve a pinhole free and low leakage

current thin oxide layer in nanogap sensor fabrication.

According to the experimental setup for RF magnetron sputtering system explained in
Figure 3.4 and Figure 3.5 the substrate heating element is connected to the external
power supply and with increasing the DC voltage the temperature will increase. The
results for the three different voltage amplitude are presented below for both vacuum

pressure and atmospheric environment.
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Figure 4.1. Temperature vs. Time for: a) 18.22V power applied to the substrate holder, for atmospheric pressure (red) and
under vacuum (blue), b) 21.89 V power applied to the substrate holder, for atmospheric pressure (red) and under vacuum

(blue), c) 25.5 V power applied to the substrate holder, for atmospheric pressure (red) and under vacuum (blue).

Figure 4.1 shows the results for applied voltage in three different amplitude, for the
atmosphere pressure by increasing the voltage the temperature increases within the first
15 minutes and becomes constant for the further time. Whereas for the vacuum case it

is taking a longer time (approximately 20 minutes) for the temperature to reach the
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constant region .From these results temperature vs. voltage slop presented in Figure

4.2.
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Figure 4.2.Slope for temperature vs. Voltage (data points extracted from maximum temperature reached at each voltage).

In order to heat up the substrate to 300 °C we applied the voltage of 20 V DC in the start

of the SiO; sputtering process. This preparation step takes place at the point when the

vacuum starts to reach 1x10° mBar.
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4.2.2. METAL-OXIDE-SEMICONDUCTOR (MOS) DEVICES

At this stage, we fabricated a MOS device in this projected, consisting of two sets of
devices made at low substrate temperature (100 °C) and high substrate temperature
(300 °C) during sputtering. On each set, three different oxide thicknesses were prepared
(20 nm, 40 nm and 60 nm) with the top aluminum contact being a 200 um diameter circle
shape. The current-voltage (I-V) measurements were in the range of -30 V to +30 V for
the 20 nm size MOS, -50 V to +50 V for the 40 nm MOS and -70 V to +70 V for the 60
nm devices. For the capacitance-voltage (C-V) measurements, the AC voltage was set

to 50 mV at a frequency of 1 MHz and DV voltage on the range -10 V to +10 V.
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Figure 4.3. I-V measurements for MOS devices sputtered at 100 °C temperature (top) and 300 °C temperature with 20nm, 40nm and 60nm SiO2 thickness.
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Each device was fabricated on a substrate of dimensions 2.5 cm x 2.5 cm, thus on each
substrate there are around 560 individual MOS devices with the 200 um diameter circle.
After each |-V measurement the probes were repositioned on a different structure,
because after applying a certain voltage the devices were no longer functional. Also The
second set of MOS devices were sputtered at a temperature of 300 °C but the
Argon/Oxygen ratio (3:1) inside chamber during deposition and the RF power (100 W)

was kept constant.
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Figure 4.4.C-V measurements for the MOs devices sputtered at 100 °C (top) and 300 °C (bottom) with 20 nm, 40 nm and 60 nm SiO2 layer.
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As can be seen from Figure 4.4 with increasing the thickness of the silicon oxide layer,
the capacitance decreases accordingly. The capacitance value in the accumulation
region (negative voltage) is at a maximum value and it is mostly flat. This then starts to
decrease over the depletion region and finally reaches a minimum value in the inversion

region.

From the maximum capacitance (Cmax) for each MOS device with different thickness, the
effective permittivity of silicon oxide layer can be calculated. These values can be plotted
as a graph for relative permittivity vs. thickness of SiO, for low and high temperature

fabricated MOS devices. This is shown in Figure 4.5.
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Figure 4.5. Calculated relative permittivity vs. oxide thickness for low (black line) and high (red line) temperature MOS

devices.

Figure 4.5 shows the permittivity calculation based on experimental data which indicates

by increasing the temperature during sputtering improves the permittivity directly.
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4.2.3. HYDROFLUORIC ACID (HF) ETCHING

Total thickness profile for the samples presented in Figure 3.6 for the SiO- layer and

added photoresist layer on top of these samples are presented below.
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Figure 4.6.Dektak surface profiler measurement for SiO2 sputtered on p-type-Si substrate (black and red, two reading)

and photoresists layer on top of SiO2 layer (pink and blue).

Figure 4.6 illustrates the thickness of photoresist spin coated on top of sputtered SiO»,

these samples are ready for HF etching experiment. Samples are etched for different

times: 30secound, 1 minute, 2 minute and 3 minutes. The thickness profile

measurements carried out with Dektak surface profiler.
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Figure 4.7 shows the HF etch rate for 4 different etch time, the amount of etched SiO2
in 30 second is around 20 nm, for 1 minute this amount is approximately 39 nm, 2
minutes etch time gives a total thickness difference of 84 nm and 3 minutes etch time

removes around 160 nm of SiO, .these results also plotted in HF etch rate graph in

below.
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Figure 4.8.Etch rate vs. time with 2% HF for SiO, sputtered in Si substrate. Where the etch rate increases by increasing

the time.

After HF optimization the 3 minutes etch time selected to investigate further since in the
nanogap capacitive sensor we need to etch 1 um from each side of the junction. In this
step the pattern (bottom electrode glass mask used for this experiment for creating the

step pattern) created with photolithography first, then a thick layer of (~235 nm) SiO;
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sputtered and the lift-off performed, the white light spectroscopy image of the created

pattern presented below.
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Figure 4.9.White light microscopy image of sample with SiO2 pattern in Si substrate after lift-off before HF (top), thickness

profile ~ 230nm ( bottom).these measurments perfomed in Dr.Chris Walton Laboratory with his assistance.
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Figure 4.9 shows the 3D image of the glass substrate with SiO, pattern after lift-off, here

the electrode pattern(orange color) is where the SiO; sputtered and the Si substrate is

surrounded (green color) .
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Figure 4.10. White light microscopy image of sample with SiO2 pattern in Si substrate after lift-off after HF (top), thickness

profile ~ 72 nm ( bottom).
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Figure 4.10 shows the 3D image of the same sample after HF, the effect of HF on SiO2
can be seen clearly and the thickness profile is around 72 nm(before HF 235nm — after
72 nm= 160 nm).After both experiment the reliability of HF etch experiment confirmed

and to achieve nearly 1 um etch rate the required time adjusted accordingly.

4.2.4. PERMITTIVITY CALCULATIONS

In the next part of this chapter the permittivity measurements for different buffer solution
and aptamer protein are presented. The actual measurements on each devices is based
on capacitance measurements in different frequency and then these data are converted
to the permittivity. Therefore the total effective permittivity for nanogap sensor (full

device) can be calculated with:

_ gogeﬁective A[otal
total — d

C (4.1)

Where g, =8.85x10*Fm™ is the permittivity of free space, ¢ is total effective

effective
permittivity (SiO»=3.9 and air=1) which is the permittivity of the oxide layer and the

medium between the two electrodes, A, is the total area and d is the distance

between two electrode (40 nm).In this design there are three different area of the sensors
to be considered after HF etching, one containing SiO2 and the other two air (where
different solution will be placed) and d is the distance between two electrodes (40nm).

Whereas before HF etch the total area is the sum of electrode area for 100 capacitor,

which is100 x (5mx 5m) = 250m?.

Before HF etching the theoretical capacitance value can be calculated from Equation 4.1
since the effective permittivity is only includes the SiO. layer. The capacitance for one

capacitor is:

_ 8.85x107"*Fm™ x3.9x 25m”®

C 2
40x107m

=21fF (4.2)
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so the total capacitance for one devices is:

C,., =100x21fF = 2.1pF (4.3)

total

The experimental values for total capacitance measurements before HF for 4 devices in

one substrate are presented in the table below.

Table 4.1.Capacitance measruments before HF etching in 4 individual device at sinlge frequency(1013Hz).

Device name Capacitance before HF

2.09pF

2.11pF
2.08pF

2.1pF

Capacitance measurement presented in Table 4.1 performed with single frequency
setup at 1013 Hz (see Figure 3.31). This values can be compared with the total
capacitance readings after HF to calculate the etched area. The experimental value for

the total area (A=5umx5um) and the thickness of SiO2 layer (d =40nm) can be

different from the theoretical value. Therefore, for each individual device the total

effective area after HF can be calculated.

After HF etching the total area for each device is changing and this is due to the fact that
some parts of SiO; is partially etched to obtain the nanogap. The schematic of these

three different areas are presented in Figure 4.11.
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Figure 4.11. Three different area after HF etching. The two side etched gap are shown as air (with the capacitance for
Cair) and the middle area where the SiO, remains to provide physical support for top electrode and act as a spacing

between two electrodes.

By applying a series of mathematical equations, the total capacitance (F) for air inside

Nanogap and SiO, area can be calculated. The total capacitance can be written as:

Ciom =2xC,;, +C (4.4)

Sio,
Where C,;, is the capacitance contribution from the etched area when filled with air, and

Csio, Is the capacitance contribution of SiO-.

_ 2x gy x &4, x(5x107°mx X) . &9 X Esig, x ((5-2X)x10°m)x5x10°m

C —
total 40x10°°m 40x10°m

(4.5)

Where ¢, =8.85x10*Fm™ is the permittivity of free space, ¢, is the permittivity of

r

air (~1) and &g, is the permittivity of SiO2 part (~3.9).The value of X can be calculated

from equation 4.5:
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_ Ctotal % 40 ><1079
00

X = 1 ———+3.39x10°° (4.6)
2.478x10

Since in our design we have 100 nano capacitors in parallel on each device therefore
the total capacitance can be divided by 100 to get capacitance value for one individual
nanocapacitors. For example, a nanogap sensor after HF and top window lithography
had a total capacitance of 1.6 x10"12 F (at 1.013 kHz, single frequency measurements),
with air inside the nanogap, so the x value is calculated to be ~ 807 nm. With the
calculated x value for each device, the capacitance for any solution inside the nanogap

can be measured and converted to relative permittivity.
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4.3. SENSITIVITY AND BUFFER SOLUTIONS TESTS

The fabricated Nanogap capacitive sensors were tested for sensitivity and reliability
initially with air inside the Nanogap and then with DI water. Figure 4.12 shows the
frequency response of the device over the range of 10 Hz to 500 kHz for air and water.
The capacitance spectra for air is flat across the range of frequency while in the case of

water the response is flat below 500 Hz and decreases at high frequency as expected.

For each individual device, the capacitance measurements with air inside the nanogap
gives the total etched area (see equation 4.6). Therefore, by calculating the etched area
and the SiO; area (remaining SiO2 area), the permittivity of each buffer solution can be

calculated.

The second reliability tests included measurements using a series of buffer solutions with
different concentrations, prepared by Dr. C. Kemp (Hull University Biology Department)
and being similar to those used by Mannoor et al. ® so that qualitative comparisons
could be made. The buffer solution was sodium citrate (SSC) with a range of

concentrations varying from 0.1 x SSC to 1 x SSC, all with a pH of 6.8.

First 20x SSC (Salt Sodium Citrate) buffer were prepared with dissolving 35.06 g NaCl
and 17.64 g Sodium Citrate in 200 ml of water (pH adjusted with HCI to 6.8). The final
concentration of NaCl is 3 M and Sodium Citrate is 300 mM. Then 0.1x SSC, 0.2x SSC,

0.5x SSC and 1x SSC buffer solution was prepared.

The order of introducing solutions was from DI water to monotonically increasing
concentrations of buffer. This was to avoid any errors due to fluid leftover from a
previously higher concentration. The time from the removal of the fluid to the introduction
of new fluid was around 5 min, because a small amount of fluid sample may remain in

the nanogap. The fluid from the device was removed by a small strip of lint-free absorbent
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paper followed by 1 minute heating on the hotplate at 60 °C to completely remove any

remaining liquid.
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Figure 4.12. Calculated permittivity values as a function of frequency for of air(black), DI water(red) and from low to high
concentration , 0.1x SSC (blue), 0.2x SSC (pink), 0.5xSSC (green) and 1XSSC (navy).

The results in Figure 4.12 show that increasing the SSC concentration produces a larger
capacitance as expected, due to increase of permittivity value. In general, for frequency
dependent capacitors, increasing the frequency results in the capacitance decreasing

and this can be monitored using the nanogap capacitive sensor.
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4.4. APTAMER AND PROTEIN MEASUREMENTS

All measurements were performed at room temperature in the presence of 0.5x SSC
buffer solution. The capacitance changes due to hybridization were measured using the
previously introduced setup (see figure 3.33) over the range of 1 Hz to 500 kHz and at

20 mV AC.

The capacitance values were then converted to the relative permittivity, the idea being
to compare our results with the previous work done by Mannoor et.al %, for proof of

concept.
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Figure 4.13. Dielectric spectrum of a bare Nanogap in the presence of 0.5x SSC buffer (black). The spectrum of the same
Nanogap after coating with a SAM of 100:1 6Mercapto-1-hexanol (MCH)/thiol-modified aptamer (red). The same Nanogap
after SAM formation followed by alpha-thrombin binding (Protein concentration in this experiment was 1 pM in 0.5xSSC
buffer solution).
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The permittivity changes after aptamer immobilization and alpha-thrombin protein
binding are shown in Figure 4.13. Clearly, the immobilization of the aptamer probes
decreases the sensor capacitance and permittivity and this indicates the replacement of
water molecules (¢=80) by a monolayer of lower dielectric permittivity. This effect is

further enhanced with the binding of protein molecules to the immobilized aptamer.

Form the sensitivity and selectivity point of view, a further control experiment was
performed in which a different control oligomer aptamer that is unable to make a bound
to alpha-thrombin protein was used. The surface functionalization method and

measurements process were exactly the same as the previous experiment.
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Figure 4.14. Dielectric spectrum of a bare Nanogap in the presence of 0.5x SSC buffer (black). The spectrum of the same
Nanogap after coating with a SAM of 100:1 6Mercapto-1-hexanol(MCH)/ control oligomer aptamer (unable to bound with
alpha-thrombin protein) (red). The same Nanogap after SAM formation followed by adding alpha-thrombin protein (protein

concentration in this experiment was 1M in 0.5xSSC buffer solution).
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The dielectric spectra for the interaction of alpha-thrombin protein with a layer of
immobilized control oligomer indicated that the proteins are not able to bond to this type
of aptamer. There is a slight shift in relative permittivity for both the control aptamer and
protein, which arises from the interaction between the positively charged protein

molecules and the negatively charged oligonucleotide sequences.
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4.5. DISCUSSION

Increasing the temperature of the substrate in sputtering/deposition time improves the
quality of oxide layer leading to a higher permittivity constant in electrical measurements
performed in this work. For a MOS device with 20 nm silicon oxide deposited at 100 °C,
the accumulation region continues up to +4 V, whereas for the same device fabricated
at 300 °C, this region extends up to +6 V. The corresponding results for 40 nm oxide
layer at 100 °C and 300 °C are 0 V and +5 V respectively. Finally, the same values for
the thicker oxide layer (60 nm) for both the low and high temperature fabricated MOS

devises are around 0 V.

These results demonstrate that the 40 nm size oxide layer has the larger accumulation
capacitance when compared to thinner layers (20 nm) using the RF sputtering technique.
With increasing the oxide thickness, the produced layer have shown nearly the same

characteristics as the 40 nm size.

The |-V characteristics of the MOS devices at 100 °C and 300 °C are shown in Figure
4.3. For the 20nm size MOS devices, the breakdown electric field increased from 180
V/cm (100 °C) to 620 V/cm (300 °C). For the 40 nm MOS devices, when increasing the
temperature from 100°C to 300°C, the breakdown electric field increased from 2270
V/cm to 3650 V/cm respectively. The same results for the 60 nm devices also shown an
increased 4280 V/cm to 5000 V/cm. Leakage current values obtained in our MOS

devices are closely matching with other related works done for various SiO2

thickness?03:204,

It was demonstrated that increasing the substrate temperature during
sputtering/deposition could effectively improve the quality of oxide layer. However,
increasing the oxide thickness is another step towards fabricating high quality insulator

for nanogap capacitive biosensor.

160



In this work, we have measured the response of our Nanogap capacitive sensor to DI
water. The relative permittivity versus frequency curve (Figure 4.12) for air and pure
water obtained using Nanogap capacitive sensor is very close to the theoretical value of
80 at low frequency (1 Hz-1.5 kHz), diminishes in the kilohertz range (from 2 kHz-250
kHz). When approaching a high frequency the value is approximately ~3, then for the
higher frequency range (250 kHz-500 kHz) this reduces further to ~1 continually. There
have been a few research publications with similar basic principle to our work in the
literature, which we use to evaluate our results for DI water. Our results for DI water
exhibit very similar trend to the work by J.T.Nevill et al 162 who measured the permittivity
of water and ice. In their sensor structure, the SiO2 has been partially removed which
indicates that the remaining SiO; will contribute to the general relative permittivity vs.
frequency curves. However, their electrode material is polysilicon whereas ours is gold.
Also our results show a close similarity to those presented by Yi et al. 17 who work within
the same frequency range. In their work, there is a large frequency dependence in the
low frequency range (less than 1.5 kHz), whereas our data is relatively flat over this
range. It is unclear yet why this occurs but it seems the elimination of electrode
polarization is stronger in our devices. The results obtained in this work are similar in
magnitude at both low and high frequency to those presented by Mannoor et al.*® for
their Nanogap sensor. In contrast to our results, these authors obtained the curves over
the frequency range of 1 Hz to 100 kHz, whereas our work has a wider spectrum over
the frequency range of 1 Hz to 500 kHz... More work needs to be done to better

understand the reasons behind these effects.

As it can be seen from figure 4.12, the response of the Nanogap sensor to the various
concentration of SSC buffer solution is highly dependent on the ionic concentration. With
increasing concentration of buffer solution, the capacitance and therefore the relative

permittivity increases. In terms of the frequency response, the results are also fairly
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consistent, with the permittivity being flat in in the low frequency range (1-1000Hz) and

then decreasing in the kilohertz range (1 kHz-500 kHz) to reach a minimum value.

From the previous work (Mannoor et al.*®), concentration of Sodium Citrate (SC) in water
pH 6.8 were calculated to be 0.023 M (0.1x SC), 0.057 M (0.2x SC), 0.114 M (0.5x SC)
and 0.227M (1x SC). The Debye length was calculated for each of these buffer solution
with equation 2.4. In this equation, the relative permittivity values were added from
experimental measurements. So the Debye length estimated to be around 25nm for 0.1x
SSC, 17 nm for 0.2x SSC, 14 nm for 0.5x SSC and 1.1 nm for 1x SSC. These values are
for one electrode, therefore for the nanogap with two electrodes, electrical double layer
overlapping occurs inside nanogap. For example, in 0.1x SSC the electrical double layer
overlapping in both electrode will be around 50 nm, comparing this with the physical size
of nanogap 40 nm, giving a homogenous measurement condition inside the gap, which
is completely occupied with electrical double layer. Nevertheless, for the higher
concentration the nanogap will be partially occupied with electrical double layer, where

some portion of solution will be in the region with zero electrical field.

As can be seen from Figure 4., the immobilization of aptamer probes decreases the
sensor permittivity, which can be explained by the replacement of water molecules/buffer
solution, which have high relative permittivity (¢>80), by biomolecules of low relative
permittivity. The binding of alpha thrombin protein to the immobilized aptamers further
enhances this effect. Since these measurements were performed in presence of
0.5xSSC buffer, which has 15 nm Debye length (estimated experimental value) for each
electrode, the space inside gap are partially filled with electrical double layer. These
areas of electrode will be filled with aptamers and later protein. The approximate length
of aptamer DNA and alpha thrombin protein are around 2 nm and 3.4 nm respectively

(see part 2.4.). Although the measured capacitance and permittivity are improved,
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because of achieving more constant values for low frequency, but still could be

influenced from the electrode polarization effect.

Figure 4.13 illustrates the interaction of alpha thrombin protein with a layer of immobilized
control oligomer. The difference between this aptamer and previous one is that this
control aptamer is incapable of forming the G-quadruplex conformation to which alpha
thrombin specifically binds. For the low frequency region (<1 kHz) there are no changes
in the permittivity, whereas for the results above 1 kHz, a negligible change in dielectric
behavior can be seen. To the best our knowledge this occurs due to the electrostatic
interaction between the positively charged protein molecules (left over inside the

Nanogap) and the negatively charged aptamers.

For a solution with 150mM NaCl and 5mM KClI, in a 50mM Tris buffer, the dissociation
equilibrium constant of thrombin aptamer for thrombin protein has been determined as
20 nM by surface plasmon resonance . For our measurements, under the lower salt
concentration (0.5x SSC) 75 mM NaCl and 7.5 mM KCI, even tighter binding is expected.
In experiments reported in this project, the Nanogap responds passively to target protein
concentration of 1uM. At this high concentration, the Nanogap should be fully saturated
with bound thrombin. Nevertheless, in the current configuration, the effective sensing
area of the Nanogap capacitive sensor has dimensions of 1 um x 5 um (for one side of
each nanocapacitor) and a gap separation of 40 nm, with 100 nanocapacitors in parallel,
this gives a total area of 1600 um?. Where all the surface is optimally coated, it is possible

to obtain an active density of surface-attached DNA probe molecules in the order of 10*2

mol/cm?. This density corresponds to a density of 10*mol pm?, or 16x 10° mol/sensor
element. Now, this number dived by 6.022 x 10% mol, gives 26.5 x 10 which
corresponds to a conservative estimate of sensitivity in the attomole range (theoretical
value) for a saturation condition where all probe molecules are bound by target. In fact,

because our current method for surface functionalization has yet to be optimized, it is
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possible that we might even reach to lower detection limit. This is one area of proposed

future work for this project.
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Chapter 5. CONCLUSION AND FUTURE WORK
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5.1. CONCLUSION

Although many researches focused on finding solutions, environmental pollution, food
safety and hygiene, early detection of many diseases and cancer are all major causes
for concern for the scientific community. Biosensors are beginning to make a massive
contribution in terms of offering cost effective, reliable, accurate and easy to use tools to

solve these issues.

AC impedance spectroscopy based sensing is an efficient method and can be utilized
for different types of biosensor applications. However, electrical double layer formation
from ions at the electrode/solution interface is problematic as this can shield the applied
electric field. Initial work on this concept was limited to high frequency (>100 kHz)
measurements only, since at low frequency there is large electronic thermal noise
(<V%>=4ksTR) from the electrical double layer (EDL). This was a significant drawback
since this noise masks most of the important information required from biomolecular
interactions. This thesis demonstrates a novel approach to remove this parasitic noise
by minimizing the EDL impedance and enables low frequency (1 Hz-500 kHz)

measurements to be obtained.

This thesis work demonstrates the development of a nanogap based biosensor structure,
where the electrode separation size is less than the electrical double layer (EDL)
thickness. This method has significant advantages since it not only removes the large
parasitic capacitance from the EDL, as discussed above, but also improves sensitivity
by matching better the active dielectric volume with the size of the biomolecules of
interest. Nanogap capacitive biosensors are an excellent approach for detecting
biomolecular interactions due to the ease of measurement, low cost equipment needed

and compatibility with multiplex formats.
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The extra key advantage of this methods is that the designed structure enables to
perform the target molecule detection in presence of buffer solution (DI water), which the
replacement of buffer solution (DI water) with biomolecules with lower relative permittivity

indicates the detected volume, therefore improving sensitivity.

Moreover, the measurements technique in this project includes wash and rinse step with
buffer solution, this provides more selectivity by removing the unspecifically bound

biomolecules from measurements medium.

In this project, we have demonstrated the use of nanogap capacitive sensor for highly
sensitive, label-free detection of alpha thrombin protein via immobilization of aptamer
probe as a recognition element. Control experiments show that the method clearly
distinguishes specific binding between alpha thrombin and its conjugate aptamer from
nonspecific interaction between thrombin and non-binding aptamer. The 40nm gap
separation between electrodes is shown to eliminate noise from electrode polarization
effects and reduce the solution resistance, thereby facilitating dielectric spectroscopy at

low frequencies.

Label-free detection of human alpha thrombin protein with 1uM concentration has been
achieved. The sensitivity of the biosensor fabricated in this work for alpha thrombin is in
the order of attomole and, to the best of our knowledge, this is the lowest detection limit
for the Nanogap capacitive biosensing for aptamer-based human alpha thrombin

detection.
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5.2. FUTURE WORK

Since this is a relatively new area of research with only a few papers published on the
topic, there are many opportunities for future work focusing on the optimization and
improvement of the sensors detection capabilities. There is also significant work
remaining in developing the sensor for use in medicine for the early detection of

diseases.

Several immediate issues require clarification but were beyond the scope of this work.
At the time of writing, we have not determined the limit of detection of the biosensor
experimentally. The concentration of alpha-thrombin protein used was small (1uM) but
is not near the expected detection limit of the device or near those of state-of-the-art
biosensors in the field, which are capable of measuring 23 aM 2%, The device is
theoretically predicted to achieve sensitivity of the order of attomole, but whether this is
achievable in our device remains to be determined. Sensors that can detect at the level
of 1uM are however important in many aspects of healthcare, for instance Alzheimer’'s

disease and cancer 0.

More extensive testing of the devices’ selectivity is also needed. In this work we have
tested the device with a non-binding control aptamer, however, the device has yet to be
tested with solutions containing other bio-molecules or chemicals or even biologically
relevant fluids (e.g. blood, urine, saliva), which may contaminate the sensors and

produce false signals.

The fabricated sensor in this project has not undergone significant optimization to
improve the device sensitivity. Simple improvements can be made by increasing the
active volume between the metal electrodes, reducing the nanogap size to 10 nm and

optimizing the concentration of the aptamer on the gold electrode.

168



Another possible future focus may be to study a new target biomolecule, such as a
specific cancer biomarker. In this case, a recognition element related to that specific type
of cancer could be used instead of the alpha thrombin aptamer used in this project.
Where the special aptamer will be synthesized for surface functionalization will follow the
hybridization of the specific cancer biomarker in the sensor. However, the electrical
detection platform will be the same, with more advanced reduction of thermal noise

coming from the experimental setup environment for high speed measurements.

Finally, the current platform has the potential to be integrated with a microfluidic system
with a nano gap capacitive chip. This combination can offer novel system to the health
care professional in a laboratory, where testing of patients’ blood or urine are tested, for
example. The low cost measurement setup can be positioned in the clinical laboratory
with a computer based program for running tests with an easy to use procedure. In this
approach, a pre-surface functionalized biosensor can be provided to the staff, where they
only need to introduce specific samples into the fluid introduction chamber (in the

microfluidic part of the system), wait for a couple of hours and perform the test.

In the pursuit of this target, this thesis investigated a Nanogap label-free capacitive
biosensor as a promising candidate and demonstrated that they offer compelling

attributes for the early detection of cancer and various other type of diseases.
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